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Abstract

Hypoplastic Left Heart Syndrome (HLHS) is a rare congenital heart disease charac-

terised by the underdevelopment of the left sided structures of the heart, compro-

mising systemic blood supply. The Hybrid Procedure is a palliative repair that de-

lays cardiopulmonary bypass surgery and allows the opportunity for left ventricular

growth and biventricular repair. The ductus arteriosus is stented open via catheter,

which allows the right ventricle to supply the systemic circulation. In order to balance

the pulmonary-systemic flow ratio, branch pulmonary arterial bands are surgically

placed. Currently, banding (and stent) dimensions are based on surgical experience,

intuition and limited Doppler measurements. In mathematically modelling the Hy-

brid Procedure, it is possible to optimise the dimensions based on haemodynamic and

ventricular data. These simulated results are often difficult and invasive to measure

clinically. Due to the broad spectrum of abnormalities observed in HLHS, creating

patient-specific models is an area for development. Therefore a thorough investiga-

tion of routinely collected clinical data was undertaken, assessing the potential collab-

oration between biomedical engineering and clinical protocols. A lumped circulation

model of the post-Hybrid circulation was produced and clinically validated following

novel investigation. An external band diameter of 3 mm was optimal, with 3.5 mm

appropriate for larger patients. A patient-specific three-dimensional geometry was

constructed and virtual surgery performed for a range of band diameters for steady

state analysis. Boundary conditions were determined using matching patient-specific

and literature data. This model was coupled to the lumped circulation model in a

multiscale model. This highlighted the conflict of definition between internal and ex-

ternal diameter band dimensions. It was shown that the 2 mm internal band diameter

was optimal. Regarding patient-specificity, it was demonstrated that current clinical

practices are not conducive to mathematical modelling with many steps required in

the processing of data. The quality of the data is suboptimal and will require multi-

disciplinary cooperation for future improvement. Due to the incompleteness of the

data sets and the inconsistent data collection, full patient-specificity and predictive

modelling was not achieved.
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Chapter 1

Objectives and Outline of Thesis

1.1 Objectives

This thesis discusses the development of a patient-specific predictive mathe-

matical modelling tool to help guide cardiac surgeons to administer the opti-

mal configuration of the Hybrid Procedure for the treatment of Hypoplastic

Left Heart Syndrome (and related abnormalities) with the aim of achieving

long-term survival and enhanced quality of life. A strong motivation through-

out this study has been to apply existing technology and methodologies to non-

generalised cases by utilising routinely gathered clinical data and demonstrate

how this could lead to optimised procedures.

The objectives at the beginning of this project were as follows:

• Assess the available clinical data and its applicability for use in patient-

specific modelling of the Hybrid Procedure.

• Reproduce relevant mathematical models from the literature and con-

struct equivalent models for the Hybrid Procedure.

• Implement full patient specificity for all aspects of mathematical mod-

els produced (lumped parameters and geometrical representation of the

surgical region).
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• Assess the predictive capabilities of patient-specific modelling by com-

paring the predictions of the modelled post-surgical data built from pre-

surgical data, with the actually observed clinical outcomes.

1.2 Thesis Outline

Chapter 2 defines Hypoplastic Left Heart Syndrome and introduces the cur-

rent treatment options available to congenital cardiac treatment teams in a

review of the medical literature. The Hybrid Procedure is described in detail

with the benefits of this procedure providing motivation for modelling that

can lead to optimisation of the configuration of the surgery for a specific pa-

tient.

In Chapter 3 the various approaches to cardiovascular modelling are intro-

duced, reviewing the historical literature as well as the relevant recent devel-

opments in the field.

The fourth chapter outlines the type of raw clinical data routinely collected

with which patient specificity could be implemented. The laborious nature of

digitising the raw data is an often neglected topic and is highlighted here to

reinforce the fact that with the standard technology used today, this is an un-

necessary complication. Also, it is not as straightforward as might be initially

thought, since data from different sources (e.g. pressure data from catheterisa-

tion and velocity data from echocardiogram) and different time periods need

to be employed: this data is unlikely to be self-consistent given the current

data capture process.

Following on from the review in Chapter 3, a generalised lumped circula-

tion model for the Hybrid Procedure is presented in Chapter 5. This follows

the successful reproduction of a similar model for various forms of the alter-

native surgical option, The Norwood Procedure. A full analysis of the Hybrid

circulation model is presented including a direct comparison to the Norwood

Circulation.
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Further processing of clinical data, specifically for the purpose of generat-

ing a three dimensional geometry, is detailed in Chapter 6. In addition to the

considerations of generating a geometry that can be used for computational

fluid dynamic modelling, the results of averaged, steady-state analysis is pre-

sented.

The two distinct models, the three dimensional and the lumped circula-

tion model, are then combined to provide adaptable boundary conditions in

a coupled multiscale model, one of the leading approaches to surgical repair

modelling in this research area. The methods and results are presented in the

penultimate chapter of this thesis, which is the culmination of the research

project.

The entire research project is summarised and the implications of the find-

ings and future developments are discussed in the final chapter. This includes

a review of the initial objectives outlined at the beginning of this chapter.
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Chapter 2

Hypoplastic Left Heart: Anatomy

and Treatment

2.1 Hypoplastic Left Heart Syndrome

Hypoplastic left heart syndrome (HLHS) is one of the most lethal congeni-

tal heart diseases (CHDs) and despite improvements in the treatment options

available, the associated morbidity (as well as mortality) rates are still some of

the greatest recorded [1]. To put CHD into perspective, it is more prevalent

than childhood cancer [2]. 600 out of every 100,000 live births suffer from

moderate to severe CHD [3], with HLHS and its variants considered a severe

diagnosis. Elsewhere it has been reported that HLHS occurs between 16 to 36

out of every 100,000 live births [4] while it accounts for approximately 8% of

all structural CHD [5]. It is also more common in males who contribute to up

to 70% of cases [6].

HLHS is one of the most challenging and costly CHDs to treat as well as

suffering from high mortality rates [7, 8]. It has also been described as “the

most serious congenital cardiac anomaly” [1]. The challenge of treatment, util-

ising all major disciplines and teams involved in the treatment plan (surgical,

cardiology, anaesthetics to name but a few), justifies its use as a marker for a

cardiac centre’s performance. To fully appreciate the complexities involved in

the treatment, HLHS must be defined and explained, including the the com-
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Figure 2.1: Anatomical representation of: (a) Normal heart; (b) Hypoplastic left heart. Figures
from Cardiac Centre at The Children’s Hospital of Philadelphia.

plexities and intricacies of the condition which is addressed in the following

section.

2.1.1 What is Hypoplastic Left Heart Syndrome?

Hypoplastic Left Heart Syndrome is the diagnosis given to a collection of con-

current lesions present in a newborn with underdevelopment of the left sided

structures of the heart. It affects the heart’s ability to supply blood to the

body (the systemic flow) with the body’s natural response to HLHS being to

maintain the patency of the ductus arteriosus, and foetal-like circulation. The

patent (open) ductus arteriosus (PDA) is one of the methods the foetal circula-

tion employs to divert blood flow from the unopened lungs (pulmonary flow)

to the systemic circulation and is located between the aortic arch in the sys-

temic system and the pulmonary artery (PA) in the pulmonary circulation. It

is effectively a natural occurring shunt that should close primarily in the first

24 hours of life with complete closure in the first few months. For HLHS sur-

vival the ductus has to remain patent as outlined above. A hole called the

foramen ovale, in the atrial septum (wall dividing the left and right atria) is

also essential. As blood returns from the lungs to the left atria, in order for
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the oxygenated blood from the lungs to reach the body, it must enter the right

atria through this hole allowing it to reach the body via the right ventricle (RV)

and PDA.

The term “Hypoplastic Left Heart Syndrome” is one that has had widespread

and varying use [9]. Tchervenkov et al. as part of a Nomenclature Work Group,

discuss the history of the terms used to refer to the many complex lesions, as

well as the use of the term HLHS, in great detail. The final definition of HLHS

(synonymous with “Hypoplasia of the Left Heart”) is given as: “a spectrum of

cardiac malformation characterised by the underdevelopment of the left heart with

significant hypoplasia of the left ventricle including atresia, stenosis, or hypoplasia

of the aortic or mitral valve, or both valves, and hypoplasia of the ascending aorta

and aortic arch.” On viewing an illustrative representation of the anatomy of

this complex collection of lesions, the problem is better understood and can

be seen in Figure 2.1 contrasted with a fully functional “normal” heart. Atre-

sia was defined as “the congenital absence or closure of a normal body orifice or

tubular organ” while stenosis is a narrowing of a duct or canal.

In a PubMed Medline Search the phrase “Hypoplastic Left Heart Syndrome”

resulted in 2314 articles from November 1958 through May 2013, emphasis-

ing its use and this was one of the reasons the term was not disbanded by the

Work Group. Previous to the publication of the Work Group, Tchervenkov et

al. also coined the phrase “Hypoplastic Left Heart Complex” (HLHC) which

refers to newborns with the lesions as in HLHS without intrinsic stenosis of

the aortic or mitral valves. A patient diagnosed with HLHC would be a can-

didate for the treatment plans discussed in this thesis. A recently introduced

term for related conditions is “hypoplastic left heart physiology” defined as

“the inability of the left heart to sustain adequate cardiac output following birth

because of underdevelopment of one or more left heart structures despite surgical or

medical intervention” [10]. It is a specific subset of this cohort of patients that

was the motivation in this study.
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Figure 2.2: Atrial septal defects: (a) Normal Atrial Septum (b) ASD: Stretched Foramen Ovale
(c) ASD: Leftward displacement of Primary Septum, bracket represents large pseudo-defect
(d) Bulging of left displaced Primary Septum with Foramen Ovale partially obstructed, red

arrows show flow of blood. Original figure from [9].

Septal Defects

Defects in the septum dividing the left and right ventricles (ventricular septal

defect - VSD) and atria (atrial septal defect - ASD) are common complications

seen with HLHS. Defects of the septum dividing the atria and the ventricle

(atrioventricular septal defect - AVSD) are also found, although less common.

VSDs (AVSDs) are simplistically described as leaks between the two ventri-

cles (ventricle and atria), that cause a host of haemodynamical issues affecting

the pressures, direction of flow and the uncoordinated mixing of oxygen-rich

(from the lungs to be sent to the body) and oxygen-deprived (from the body to

be sent to the lungs) blood.

More specifically, and perhaps counter-intuitively, an ASD can be the lack

of the hole (foramen ovale) mentioned previously. The atrial septum is com-

posed of a fixed secondary septum (Septum Secundum) with the flap valve,

the Primary Septum or Septum Primum, having the crescent foramen ovale

at its superior end. Again, it is best described visually, with Figure 2.2 illus-
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trating additional malformations found in ASDs: Stretched foramen ovale as

found with increased pulmonary venous return with correct Primary Septum

attachment (Figure 2.2 (b)); A pseudo-ASD where there appears to be no sep-

tum at all due to the primary septum attaching to the wrong place (Figure 2.2

(c)); and a stretched pseudo-ASD (Figure 2.2 (d)).

What is important in Hypoplastic Left Heart Syndrome, is that there is

direct communication between the left and right atrium so that oxygen rich

blood can return from the lungs to the right ventricle to be delivered to the

body. Therefore, to ensure unrestricted flow from the left to right atria, a bal-

loon septostomy is often performed in the Hybrid Procedure, which is detailed

following an outline of the other available treatment options for HLHS.

Aortic Arch

The size of the aortic arch is also critical in Hypoplastic Left Heart Syndrome,

and is of particular importance when aortic atresia is present. In aortic atresia,

there is no forward flow in the ascending aortic arch, therefore, due to where

the ductus arteriosus meets the aortic arch, cerebral and coronary perfusion is

entirely dependent on retrograde flow.

This can be critical in the Hybrid Procedure as improper placement of the

stent can impair this crucial retrograde flow. This can occur when the stent is

over extended into the aortic arch directly restricting the flow into the ascend-

ing aortic arch, or by failing to cover the length of the ductus with a stenosis

formed at the proximal end as it attempts to naturally close. The Hybrid Pro-

cedure is detailed below in Section 2.3.

Tricuspid Regurgitation

Tricuspid regurgitation, blood that leaks back across the tricuspid valve, is a

common complication observed with HLHS. In a study of 100 HLHS patients

by Barber et al. 37 patients suffered from mild tricuspid regurgitation with a
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Figure 2.3: Illustrations of surgical procedures used in conventional staged palliation of
HLHS: (a) Classical Norwood Repair (b) Sano Repair (c) Glenn Procedure (d) Fontan Pro-

cedure. Figures from www.lhm.org.uk.

further 13 and 3 suffering moderate and severe regurgitation respectively [11].

It was also observed that tricuspid valve competence was significant factor in

the long-term outcome of treatment.

An additional consequence of tricuspid regurgitation is that any attempts

to estimate volumetric indices and myocardial performance can be skewed.

2.2 Current Treatment

Without surgical intervention, newborns will not survive past the first few

months of life [12], and before the 1980s the only option available for parents

of Hypoplastic Left Heart children was comfort care [1]. In the mid 1980s two

surgical options became available: transplantation; and a staged procedure

resulting in a single ventricle anatomy, where the right heart pumps blood di-

rectly to the body where it then passively drains to the lungs (bypassing the

conventional right heart). Blood is then pumped to the body again via the

9
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(a) Classical Norwood Repair (b) Sano Repair

(c) Glenn Procedure (d) Fontan Procedure

Figure 2.4: Flow diagram of post-surgery circulations. Red: oxygenated blood; Blue: de-
oxygenated blood; IVC: inferior venae cavae; Qp: pulmonary flow; Qs: systemic flow; SVC:

superior venae cavae. Figures adapted from Alsoufi et al. [13]

right heart. This results in what is known as a Fontan circulation, where both

the inferior (IVC) and superior (SVC) venae cavae are anastomosed (attached)

directly to the PA as shown in Figure 2.3. Stage I is referred to as the Nor-

wood Procedure (Figure 2.3 (a)), and has been adapted into what is now called

the Sano Procedure (Figure 2.3 (b)) both of which are undertaken in the early

postnatal period. Stage II, which involves feeding just the SVC directly into

the PA, is referred to as a Glenn Procedure or a Bidirectional Cavopulmonary

Connection (BDCPC), see Figure 2.3 (c), and is done at approximately 4 to 6

months depending on urgency. A cavo-pulmonary connection is a union of the

venae cavae (inferior, superior or both) and the pulmonary artery. The Fontan

Procedure (Stage III) is carried out at 2 to 4 years of age (Figure 2.3 (d)). Figure

2.4 depicts the path of blood flow (appropriately) in flow chart fashion for the

two Stage I repairs in addition to Stages II and III.

The latest technique to start on the path to Fontan circulation is the catheter

and surgical based Hybrid Procedure; however this does not necessarily result

in a traditional single ventricle repair (1VR). The Hybrid Procedure allows the

possibility of a biventricular repair (2VR) and it is the modelling of this re-

pair with the potential to determine appropriate candidates for 2VR that was
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a motivating factor of this research. As a consequence of when these treat-

ments became available, along with the associated learning curves, adapta-

tions, improvements and varying concomitant treatment, long-term informa-

tion on prognosis, survival and quality of life is still limited [4].

2.2.1 Transplantation

Although transplantation is not extensively reviewed, it is necessary to ac-

knowledge it. Paediatric heart transplant is the preferred surgical intervention

of some cardiac centres. The first successful heart transplant for HLHS was

carried out at the Loma Linda International Heart Institute in 1985, where

they built up a reputation for the procedure, and by 1993 were reporting a

5-year actuarial survival rate of 82% [14]. The main drawback of this option

is the availability of suitable donors, and maintaining systemic flow until the

operation, both of which contribute between 10 to 25% of waiting list deaths

[14]. The Hybrid Procedure studied in this thesis can can also be a course

of treatment adopted as a bridge to transplantation while awaiting a donor,

which is subject to availability. Transplantation has the additional draw back

of the patient requiring immunosuppressants for the remainder of their life,

as well as the life-threatening uncertain wait for a donor.

2.2.2 Norwood Procedure

The first successful palliative surgery for HLHS was reported by Norwood et

al.[16]. This was achieved by remodelling the anatomy of the great arteries

(PA and hypoplastic aorta) resulting in a drastically altered physiology. The

PA is detached near the end of the main pulmonary artery (MPA) before it

splits into its left (LPA) and right (RPA) branches, and the ductus is removed

from between the transverse and descending aorta. The hypoplastic aorta is

cut and anastomosed to the MPA and descending aorta, possibly with the use

of a curved homograft patch, as shown in Figure 2.5 [12, 15] thus complet-

ing aortic arch reconstruction (AAR). Then to provide blood to the pulmonary
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Figure 2.5: Illustration of aortic arch reconstruction as part of the Norwood Procedure. Illus-
tration taken from [15].

system, a systemic-to-pulmonary shunt is placed between either the innom-

inate artery or the ascending aorta and the RPA (although variations in the

site of anastomosis exist). This shunt is referred to in the literature as a mod-

ified Blalock-Taußig (mBT) Shunt. This new anatomical set up is illustrated

in Figure 2.3 (a). Excellent graphics are found in “The Norwood Procedure

with an Innominate Artery-to-Pulmonary Artery Shunt” by Tweddell and is

recommended to assist in visualisation of the full procedure. It also shows the

removal of the atrial septum (septectomy), thus providing a single atria for

this 1VR [15].

2.2.3 Sano Repair

The blood supply to the cardiac tissues is from the coronary arteries which

are located near the base of the ascending aorta. Most of the perfusion, 70%

to 80% [2], is during diastole (when the heart is resting and refilling) partly

due to the contraction of the heart during systole constricting its flow. The

shunt used in the classical Norwood Repair suffers from diastolic run off. This
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means that a significant portion of the forward flow of (mixed) oxygenated

blood during diastole is diverted into the PA, unlike in normal physiology,

resulting in less oxygen-rich blood in the aorta (or in this case neoaorta) to

supply the heart. This phenomenon is known as “coronary steal”. It is this

issue which motivated the modification of the classical Norwood Procedure

that uses the modified BT shunt.

In February 1998, Sano and his team performed the first fully successful

“Sano Repair”. Instead of the systemic-to-pulmonary shunt, they resurrected

the idea of using a right ventricle-pulmonary artery shunt (see Figure 2.3) first

attempted by Norwood’s team [12, 16]. The techniques of the neoaortic recon-

struction of the Classical Norwood Repair were unchanged (see Figure 2.5).

The ratio of pulmonary flow to systemic flow was too great to maintain viable

circulation with shunts of 8 mm and 12 mm diameter as used by Norwood,

while Sano’s smaller 4 mm to 6 mm diameter conduits were successful. The

size of the shunt resulted in higher diastolic pulmonary pressures, hence less

diastolic run-off preventing the impaired coronary supply. Another reason for

the successful second attempt at the RV-PA conduit is the comparatively small

ventriculotomy (cutting a hole in the ventricle wall). A small incision appears

to have no significant impact on contractility, where the larger incision im-

paired the function of the RV [12]. The Sano shunt results in a more natural

pulsatile supply to both the systemic and pulmonary circulations. As with the

Norwood Repair, the Sano Repair involves an atrial septectomy.

2.2.4 Sano vs. Modified Blalock-Taußig

The choice of which treatment method to use is highly dependent upon factors

such as the cardiac centre’s facilities and experience. The skill and experience

of the operating surgeon and treatment teams also contributes to the decision.

As with most surgical procedures there will be learning curves associated with

the implementation of a new technique, and this evidence can be found in the

13



literature [1, 14] where there are obvious improvements in surgical survival

with time.

Both the Glenn and Fontan Procedures are relatively well tolerated [13] and

it is Stage I palliation that results in the greatest mortality rate [1]. Too many

centres have published a wide variety of results which to mention specifically,

however the two Norwood based procedures currently yield similar results

of between 70% to up as high as 90% survival. These results often exclude

high risk factors such as low-birth weight, non-cardiac complications as well

as additional contraindicators to the surgical repair (like right ventricle dys-

function). Therefore, these results tend to be skewed in comparison to the

results for the Hybrid Procedure as many centres use the Hybrid Procedure

for high-risk patients only, which will be discussed in the subsequent section.

Fuller et al. published a review of the current Norwood Stage I methodolo-

gies including descriptions of pre- and post-operative management techniques

of both the modified BT and Sano shunts [17]. They do not, however, review

the outcomes of the two approaches. Following a substantial review of what

publications were available, Ohye et al. in 2007 concluded that “The current lit-

erature is contradictory, retrospective, and predominantly historically controlled.”

[2] It was therefore deemed necessary to implement a randomised controlled

clinical trial to answer this question. Sponsored by the Pediatric Heart Net-

work and incorporating 15 centres across North America, a study recruiting

555 eligible patient between May 2005 and July 2008 was carried out and con-

sequently published [7].

The Primary outcome was death or cardiac transplant at 12 months fol-

lowing randomisation while the secondary outcomes included unplanned in-

terventions and ventricular function. Despite more unintended interventions

(92 vs 70 per 100 infants P = 0.003) and complications (5.3 vs 4.7 P = 0.002)

from randomisation to 12 months for the the Sano shunt, it performed signifi-

cantly better than the modified BT shunt in the primary outcome. Transplan-

tation free survival at 12 months following randomisation was 74% for the

14



Sano shunt versus 64% for the modified BT shunt (P = 0.01). However, follow-

ing the 12 month window, the data available showed no significant differences

between the two methods. Data did show that the greater the volume of single

right ventricle infants seen per year at a specific centre, the better the survival

rate seen in the Sano shunt [7].

As stated earlier, long-term information on prognosis, survival and quality

of life is still limited [4]. Only in the Classical Norwood Procedure are survival

rates published for 15 years, with 10 year rates available for the Sano variation

[13]. The 5, 10 and 15 year survival for the classical Norwood published by

Mahle et al. and Tibballs et al. were 40%, 39%, 39% and 38%, 38%, 25%

respectively [18, 19].

2.3 Hybrid Procedure

The Hybrid Procedure is the focus of this research, therefore is presented dis-

tinctly from the other available treatments in this section.

Unacceptable donor waiting length time, and high Stage I and inter-stage

mortality rates with the Norwood/Sano Repair, led to the introduction of The

Hybrid Procedure [14]. First used as a palliative stage towards Fontan cir-

culation for HLHS by Gibbs et al. [20], it utilises the patency of the ductus

arteriosus mentioned previously. Through a catheterisation procedure (thin

tools being deployed through the vascular system), a stent is placed to main-

tain the patency of the PDA which can alternatively be achieved with the use

of pharmacological agents such as Prostaglandin E2. A surgical procedure is

then carried out to increase the resistance to blood flow in the PA, which if

left unaltered would result in a high QP :QS ratio observed in the pre-surgical

condition. Intuitively blood will follow the path of least resistance, which is

found in the pulmonary circulation as the systemic resistance is far greater

following the drop in pulmonary vascular resistance in the first few weeks of

life.
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The increase in resistance is achieved by placing bands around the branch

PAs following a sternotomy. Currently the band diameter is relatively arbitrary

selected, with protocols not well defined and based predominantly on the sur-

geon’s experience and intuition. Most newborns under the weight of 2.5 Kg

receive bands of 3.0 mm external diameter, while those above receive 3.5 mm

bands. Most centres vary the tightness of the band according to the Doppler

velocity from an echocardiogram investigation [21] while one centre in Tokyo

used the formula of band circumference of 7 and 7.5 mm plus an additional

millimetre for each kilogram of birth weight (rounded to the nearest half Kg)

for the left and right pulmonary arteries respectively [22]. The circumferences

of a 3.0 mm and 3.5 mm diameter band are approximately 9.4 mm and 11.0

mm respectively.

There has also been an adjustable banding brought to market (FloWatch®)

which is wireless, battery free and allows the band to be loosened as well as

tightened, all without the need for surgical re-intervention. This so far has

led to a reduction in mortality and morbidity associated with the fixed MPA

banding, significantly reducing the length of intensive care unit and hospital

stay [23]. However, this technology has yet to be scaled for use on the bilat-

eral branch pulmonary arteries. With greater understanding of the optimal

band diameter throughout the development of a child undergoing the Hybrid

Procedure, the technology, if scalable, may not be far away to implement any

proposed protocols of vary band diameter that may come about through future

research.

Not only is the choice of banding size not well established, neither is the

diameter of the stent which is normally maintained at the native size of the

PDA. For example, see the patient descriptions found in [24].

The final element of the Hybrid Procedure is to ensure unrestricted atrial

communication, often by performing a balloon atrial septostomy (BAS) as stated

previously. Figure 2.6 (a) depicts the outcome of the (Stage 1) Hybrid Proce-

dure.
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Figure 2.6: Illustration of Hybrid Procedure (a) Stage 1 consisting of Ductal Stenting, Pul-
monary Artery Banding and Balloon Atrial Septostomy (b) Stage 2 comprehensive Glenn shunt

physiology. Figure from Galantowicz et al. with permission[25]

The avoidance of a ventriculotomy, a cutting into the ventricle in the place-

ment of the Sano shunt, (with only a sternotomy - cutting open of the chest -

to enable the placement of branch PA bands) and the avoidance of cardiopul-

monary bypass until later in life is one of the many advantages of this pro-

cedure. This removes the exposure to extracorporeal circulation in an already

demanding procedure. Stage II of the Hybrid Procedure along the Fontan path

incorporates Stages I and II from the traditional Norwood based methods (Fig-

ure 2.6 (a)). At around 4 to 6 months (as is the timing for Norwood/Sano Pro-

cedures) Hybrid Stage II consists of AAR, as outlined above (see Section 2.2.2),

as well as the BDCPC/Glenn Procedure while the pulmonary banding is re-

moved. The Fontan operation then completes the 1VR palliation process if

this route is pursued.

As Apitz et al. comment: “Preoperative assessment of whether the left ventri-

cle is adequate to sustain systemic circulation and allow biventricular repair can be

extremely difficult in patients with left ventricle structures of borderline size” [26].

By choosing the Hybrid Repair for Stage I palliation, specifically for cases of

borderline HLHS, it provides the opportunity for the left ventricle to develop
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before a decision is made. It also stabilises patients on heart transplant waiting

lists. What makes the initial assessment even more difficult is the possibility of

underestimating the left ventricular size due to an overloaded right ventricle

distending and impinging on the left as seen by echocardiogram. One study

showed that Echo grossly underestimates the left ventricular end-diastolic vol-

ume by almost 100%, and claims the average potential increase in its volume

is 23% for HLHS patients [27]. This potentially leads to the unfair exclusion

of patients from the 2VR, who are left with little alternative than to attempt

the non-physiological 1VR.

The Geißen centre, one of the pioneering centres for the Hybrid Procedure,

have recently published their results following initial palliation outlining the

versatility of this option for HLHS and related left heart obstructive lesions

[24]. Of the 20 patients noted in the study: two patients received a heart trans-

plant with two deaths occurring while on the waiting list for transplantation;

two deaths occurred following the Hybrid Procedure; two patients success-

fully underwent a successful 2VR with an additional patient awaiting 2VR

surgery; ten patients underwent the Hybrid Stage II with one death and the

final patient awaiting a Stage II repair.

As this study demonstrates, the Hybrid Procedure, which is often only

used in high risk patients by some centres, delays the decision between a 1VR

or 2VR repair, allowing the left heart structures time to grow. Assisting the

surgical decision making process choosing between single and bi-ventricular

repairs is a strong motivation for the improvement of patient-specific mod-

elling. Once modelling of the Hybrid Procedure is developed to a suitably

robust standard, incorporating patient-specific definitions of anatomy, circu-

latory and ventricular components, it may assist in this difficult decision mak-

ing process. This was a key motivation in the need to develop patient specific

modelling of the Hybrid Procedure further.

The later publication of Akintürk reported on their experience from Geißen,

Germany on using the Hybrid Procedure as a basis for 1VR or 2VR [28]. The
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decision of repair was based on pathological results e.g. RV and atrio-ventricular

valve dysfunction, left ventricle growth and, most essentially, parental con-

sent. Of the 18 patients who received a 2VR there were no deaths, with one

patient later listed for a heart transplant. The overall survival rate for the Hy-

brid in all second stage repairs was 89%. This demonstrates the success and

versatility of the procedure.

Alsoufi et al. look at the limited published results available for transplants

and the Hybrid [13]. It is worth noting that the patients providing the data for

these statistics are from surgeries at the start of the learning curve, and so the

outcomes may improve with time.

With published hospital survival rates of between 82.5% and 90% [1, 25]

with scope to improve after the learning curve [14], the Hybrid Procedure

cannot be discounted as a primary treatment course as opposed to some cen-

tres using it predominantly for high-risk patients. Regarding the evidence

of which method is superior when considering the Norwood or the Hybrid

Procedures, there have been many publications [29–33]. All studies show no

significant difference between the methods, with minor differences noted: in-

ferior cardiac output and pulmonary supply in the early post-operative results

following the Hybrid [32]; and reduced length of intubation time and both

intensive care unit and overall hospital stay time [30]. As stated by many, a

randomised controlled clinical trial similar to that for the modified BT versus

Sano shunts in the Norwood Procedure is one way to determine any differences

[7].

With this evidence, the benefits of the Hybrid Procedure, including the

potential for 2VR, provide a strong motivation for further understanding and

optimisation of the Hybrid Procedure through mathematical modelling. By

producing patient-specific modelling (based on clinically appropriate data) to

assist the decision making process for clinicians, the survival and long term

health of a HLHS child may be improved.

19



Chapter 3

Cardiovascular Modelling

Mathematical models help understand function by simplifying real systems.

Mathematical modelling became an important aspect of understanding sci-

ence and physics ever since Isaac Newton first published Mathematical Prin-

cipals of Natural Philosophy. Newton’s approach of using mathematical equa-

tions to describe the relationships between variables based on experimental

evidence is still the fundamental focus of scientific research.

Despite being difficult to obtain experimental evidence for medical science

due to the invasive nature of data acquisition, cardiovascular modelling has a

rich history. In 1735 Hales was the first to measure blood pressure in the ar-

terial system observing that it varied over a cardiac cycle. Hales hypothesised

that this was related to the elasticity of the large arteries [34]. Almost a century

later, Weber was one of the first to make a critical observation: The systemic

arterial system resembles the old-fashioned hand-pumped fire engines. These

fire engines pumped water into an air chamber which provided a continuous

outflow of water. Windkessel, German for “air chamber”, models were born.

It was Otto Frank, in 1899, who quantitatively defined the Windkessel

model in terms of a systemic peripheral resistance, and total arterial com-

pliance [35]. Now referred to as the two element Windkessel model, this was

the first class of lumped parameter or lumped circulation models (LPM/LCM),

distributing the properties of the arterial system into discrete components re-
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moving any spatial dependence. They are often referred to as zero dimensional

(0D) models and can be considered analogous to an electrical circuit.

In this chapter, we introduce the various forms of mathematical models

that have developed since the introduction of 0D models. This will focus par-

ticularly on the evolution of lumped parameter and the development of three-

dimensional (3D) models as they are the basis for the research presented in

this thesis. One dimensional models, although not utilised in this project, will

briefly be discussed preceding a review of 0D and 3D models, which more re-

cently have been coupled (also with 1D models) to address the issue of bound-

ary conditions related to 3D modelling. This is referred to in the literature as

multiscale modelling. The scope of mathematical models that describe various

elements of the cardiovascular system (CVS) is far too broad to comprehen-

sively review, therefore in this chapter, the relevant model types adopted in

this research will be focussed on. Where the scope within the specific subsec-

tions addressed is great, publications focussed on congenital analysis will be

prioritised.

3.1 One Dimensional Modelling

The motion of all fluid flow can be described by the Navier-Stokes equations,

using conservation of momentum and mass, and certain specified conditions

(boundary values, initial values, incompressibility of fluid) to construct the

governing equations. One dimensional haemodynamic modelling can be de-

rived from the axisymmetric (1D) form of the Navier-Stokes equations coupled

with equations of equilibrium for the forces acting on the vessel wall. Often

in the literature these equations are linearised to simplify the complex cal-

culation of the solution [36]. These are often considered as analogous to the

telegraph equations, again allowing the electric analogy [37].

The outcome variables for one dimensional modelling, include the radius

of a vessel (often considered as area given the axisymmetric definition) as well

as the fundamental pressure and flow solutions of the fluid. The study of 1D
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models is predominantly focussed on pulse wave transmission throughout the

arterial vascular network. By using branched networks to represent the struc-

ture of the cardiovascular tree, and the physical properties of each segment

to derive the electrical equivalence of resistance, compliance, etc. the entire

arterial system can be modelled. This uses information such as the natural or

unstressed radius, length of a vessel, vessel wall thickness and Young’s modu-

lus.

By changing certain parameters (e.g. increasing Young’s modulus, or de-

creasing radius) disease states such as stenosis [38, 39], or deployment of grafts

[40, 41] or stents [42–44] can be assessed, and have been utilised in the context

of clinical diagnosis analysing conditions such as hypertension and atheroscle-

rosis.

A recent development in this field is the study of the wave intensity analysis

proposed by Parker and Jonas [45]. This uses the product of pressure and

velocity changes over a small interval as a metric for the rate of energy flux per

unit area. This has already been used to analyse the pulse wave transmission

in the left ventricle, coronary vessels, systemic arteries and pulmonary arteries

(as cited in [36]). Regarding the appropriateness of 1D modelling, it has been

shown numerically that by linearising around a steady state, 1D modelling

matches the non-linear system in a very appropriate manner, even for very

realistic test cases [43].

Investigations of 1D modelling for congenital networks are limited. This

was one of the key reason for not investigating the multiple branched network

models (based on reference diameters/areas and lengths of vessels to deter-

mine parameter values) for use in this research. Also, the additional difficulty

in assigning physical parameters (e.g. dimensions, stiffness, etc.) for a neonate,

particularly in a diseased state, resulted in a focus on the established LCMs al-

ready published. In the following section a succinct review of 0D, or lumped

circulation models is presented.
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Appendix A discusses mathematical models of the cardiovascular system

from the full Navier-Stokes equations, to 1D modelling and then lumped mod-

elling. Also included are comments on length scales of modelling, the dis-

cretisation of the Navier-Stokes equations, and choice of numerical integration

with respect to time. These comments are in addition to the narrative of the

research presented in the main body of this thesis.

3.2 Lumped Circulation Modelling

One dimensional (1D) and lumped circulation/parameter models (0D) are

closely linked. Milisic and Quarteroni [46] have offered a formal proof that

0D models for the vessel network can be regarded as first order discretisations

of one dimensional linear systems.

The cardiovascular system can be modelled as a closed hydraulic network

acted upon by a pulsatile pump. Given this description, the hydraulic electric

analogy is now presented. The two outcome variables of significance, pressure

and flow, are analogous to voltage and current respectively. The resistance to

flow (due to viscous dissipation inside the vessel) is well thought of as electri-

cal resistance which restricts the flow of electrons. Capacitors represent the

compliant chambers of the CVS included in any model (whether one or multi-

ple) while the volume of blood stored in each chamber is analogous to charge.

Another electrical element often used in cardiovascular modelling, predomi-

nantly in the larger vessels if at all, is the inductor where electrical inertance is

equivalent to the inertia of the blood. A summary of the comparison is given

in Table 3.1.

Using the hydraulic equivalent of Ohm’s Law for resistance, introducing

the complex inductance element results in Equation (3.1):

∆P = R ·Q+L · dQ
dt

(3.1)
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Table 3.1: Analogous terms used for hydraulic/haemodynamic problem approached from an
electrical circuit analogy

Hydraulic Term Electrical Term

Pressure (P ) Voltage (V )

Rate of Flow (Q) Current (I)

Resistance to flow (R) Electrical Resistance (R)

Blood Inertia (L) Inductance (L)

Vessel Wall Compliance (C) Capacitance (C)

Volume (V ) Charge (q)

Ohm’s Law Conservation of Momentum

Kirchoff’s Law Conservation of Mass

which when the inductance is neglected (L = 0) simplifies to the original Ohm’s

law adopted in Chapter 5:

∆P = R ·Q (3.2)

The conservation of mass, comparable to Kirchoff’s Law, dictates that the

change in volume (charge) of a compliant chamber (stored in a capacitor) must

equal the flow of blood (current) into and out of the chamber:

dV
dt

=
∑

Qin −
∑

Qout (3.3)

thus supplying a set of ordinary differential equations which can then be easily

solved, in contrast to the partial differential equations found in 1D models.

It is on these principles that the lumped parameter Windkessel models are

founded. They can be combined in multiple compartments (representing spe-

cific segments of the circulation) or used in isolation. Often the two or three
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element Windkessel models are now used for impedance matching boundary

conditions in multi-dimensional modelling, which will be addressed later in

this chapter. The simplicity of the two element is its greatest strength, provid-

ing a simple way of reproducing the diastolic pressure decay in the aorta. It is

used clinically to estimate total arterial compliance when combined with the

aortic pressure pulse waveform and peripheral vascular resistance [47, 48].

In comparing a three element (RCR) Windkessel model (sometimes re-

ferred to as the Westkessel model following substantial study by Westerhof

and co-workers [49]) to haemodynamics taken from anaesthetised open-chested

dogs, Burkhoff et al. analysed the performance of lumped models. Regarding

predicting stroke volume, stroke work, systolic and diastolic aortic pressure

and oxygen consumption, the RCR model provides a good representation of

the after-load. However, the peak aortic flow is significantly underestimated,

while it slightly underestimates the mean arterial pressure and does not pro-

vide realistic aortic pressure and flow waveforms [50].

As more elements are added to the Windkessel models, the better the rep-

resentation of the character of the vascular impedance data. This is effectively

adopting the multi-compartmental approach where the identification of pa-

rameters through non-linear regression analysis becomes difficult. The au-

thors opinion, based upon personal study and use of multi-compartmental

models, matches that of Shi et al.: “... there is a danger in the adoption of these

more complex descriptions that, although in principle they can represent the system

more accurately, in practice it is often very difficult to estimate appropriate values

for many of the model parameters”. The more parameters that need to be esti-

mated, the greater the number of (often invasive) measurements are required,

while the solution of the inverse problem of determining the parameter val-

ues is often non-trivial. This topic will be addressed again, when discussing

in greater detail, the reproduction and verification of published models which

enhanced the authors understanding greatly of the issues around multiscale

modelling.
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As is evident in the entirety of the literature regarding mathematical mod-

elling of the CVS, including its specific subsections, the modelling methodol-

ogy depends on the focus of the research. Not only regarding dimensionality,

but also the degree of detail adopted within models of the same dimension.

Specific 0D models are available looking at the heart [51–59], heart valves [53,

54, 60, 61], neuro-regulation [62–67], auto-regulation [68–71], venous circu-

lation [66, 72–77] and pressure-dependent vascular properties, which is con-

sidered important in the coronary vessels and the veins [56, 62, 70, 71, 73, 78–

80]. A comprehensive review and the references therein (many cited above)

by Shi, Lawford and Hose [36] is recommended for a more detailed analysis

of the literature pertaining to both 0D and 1D modelling. They also publish

tables exposing the wide range of parameter values used in comparative mod-

els (Tables 4 and 5); and the variation in 0D models used, based on its clinical

application (Table 6).

3.2.1 Modelling Experience

“What we have to learn to do, we learn by doing.”

Aristotle (384 - 322 BC)

The words spoken by Aristotle echo throughout this research project. In

trying to decide what method of model to apply to the modelling of the Hybrid

Procedure, the most productive way of following the literature was indeed to

‘learn by doing’.

The ultimate goal of the research was to perform a ‘virtual Hybrid surgery’

on a purely patient-specific multiscale model, building on the generalised ex-

ample from Laganà, Migliavacca et al. and the Modelling of Congenital Hearts

Alliance (MOCHA) research group [81–84]. Thus certain models, all of which

were supported by and developed in other publications, were studied initially

in an attempt to reproduce their published results, and learn about lumped

parameter modelling by ‘doing’ [85–87].
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It was deemed important, with the prospect of applying the model to patient-

specific data, to have as few compliant chambers as possible to reduce the

number of parameters introduced. The first attempt was chosen for its appli-

cability to the Hybrid Procedure, being a fully lumped model of the Norwood

Circulation, the predominant surgical option for HLHS [85]. Additionally, this

model later formed the coupled LCM providing boundary conditions for fu-

ture multiscale modelling. Despite failing to reproduce the results quanti-

tatively in the beginning of the project, qualitatively similar results were ob-

tained, and the knowledge and experience gained in producing 0D models was

essential. The adult model published by the New Zealand based group [87]

provided greater clarity and was successfully reproduced. In the parameter

identification methods described, they explicitly include the defining of ini-

tial conditions. The vital distinction was by reintroducing the volume/charge

variable, where the Politecnico di Milano group had substituted it out in most

compartments to only include pressure and flow highlighting that no indica-

tion of initial conditions were published. The work by the New Zealand based

group then went on to approach the problem of parameter identification for

patient-specific data. Despite this adult model being incompatible with the

neonatal, hybrid data available it has great potential, and will be discussed

briefly in Section 5.1.

By having difficulties in reproducing the original Norwood circulation lumped

parameter model, and subsequently trying to simplify or adapt the model, cer-

tain specific problems were identified. This included the number of compart-

ments to include in any model, balancing adequate description of the circu-

lation with simplicity and reduction of parameters. The more compartments,

the more parameters needed defining, hence concluding the same as Shi et al

(see above). The original lumped circulation paper by Migliavacca et al. [85]

was later simplified, by amalgamating compartments and altering certain as-

pects (e.g. fixing heart rate, linearising valve model, see section 3.2.1, neglect-

ing inertia by omitted the inductor component) by Shimizu et al. and will be

presented fully in Chapter 5.
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The problems that arose, even after consulting models of the comparable

circulations and methodologies cited [88, 89] (univentricular circulation for

Glenn’s Procedure and full-term foetal circulation respectively) concerns de-

veloped with the justification for certain aspects of the methodology and can

be presented in the follow distinct sections:

Heart Model

There are multiple forms of pressure-volume functions of ventricles (predom-

inantly based on the left ventricle) in the literature. They range from basic

linear elastance models, to exponential models, to those that include activa-

tion functions (which again have many different implementation). All model

parameters (obviously depending on the model used) are fitted to best de-

scribe known pressure and volume tracings of the ventricle against time and

as such makes it difficult to justify using different models over their alterna-

tives, save for ease of use, provided it matches the data sufficiently. This is best

seen in a review of 6 pressure-volume functions describing the left ventricle

by Lankhaar et al. who concluded that a linear model suffices for realistic sim-

ulations of the instantaneous pressure-volume relation [90]. The six models

reviewed were:

1. Linear Model with Fixed Intercept:

P (t) = E(t) [V (t)−V0]

2. Linear Model with Free Intercept:

P (t) = E(t) [V (t)−V0(t)]

3. Langewouters Model:

P (t) = P0(t) + P1(t) tan

π
(
V (t)− 1

2Vm
)

Vm


4. Sigmoidal Model:

P (t) = A(t)
[V (t)/Vref (t)]α(t)

1 + [V (t)/Vref (t)]α(t)
+B(t)
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5. Shroff Model:

P (t) = E(t) [V (t)−V0]
[
1− ρV̇ (t)

]
6. Burkhoff Model:

P (V ,t) = α(t)[Emax(V −V0)] + [(1−α(t)][A(expB(V −V0)− 1)]

Their conclusion was reached based on the fit to the data tested and the

number of parameters that needed identifying. In fact, the Migliavacca model,

and its predecessors from the Politecnico di Milano group, used the Burkhoff

model with a further term to account for the viscous properties of the myocar-

dial tissue. This was dependent on the rate of change of volume of the ven-

tricle, therefore introducing an additional differential equation which compli-

cates the solution. Negligible difference was observed in the initial attempts

at validating the Norwood circulation model by removing this term, and it

appears to have been removed by other groups that have developed the orig-

inal model [86, 91]. Thus, as this model of the pressure-volume relationship

of the ventricle was the most intuitive and was readily implemented, the vis-

cous properties were neglected in our lumped circulation model of the Hybrid

circulation (see Chapter 5).

The appeal of the linear model with fixed intercept was its use of phys-

iological data. The original work of Suga et al. [51] and the use of a Fourier

summation description of a normalised elastance, calculated from single heart

beats from a range of health conditions, [52] was strongly considered for fu-

ture use. The applicability to a single ventricle neonatal heart was uncertain,

particularly in a patient-specific context and so this was not adopted for the

work of modelling the Hybrid Procedure.

Regarding patient-specific heart modelling, although not fully implemented

in this research due to lack of time and sufficient clinical data, worthy of spe-

cific mention (in the context of patient-specific irregular heart configurations)

is the work by the New Zealand cardiovascular modelling group [92]. This

proposes a method of identifying a patient-specific cardiac driving function

(combined activation function and varying elastance value) based on the aor-
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tic pressure waveform. This is where the future of modelling has to head. Not

generalised models to give indicative results of the circulation, but patient-

specific models, particular to each patient to assist in individual clinical care.

Valve Model

As discussed by Shi, Lawford and Hose, the simplest and most commonly

adopted valvular model is treating it as an ideal diode [88, 93–95]. Two diode

models have been used by the Politecnico Milano group. In all cases the pres-

sure drops across the outflow valve from a ventricle are described by the non-

linear expression:

∆P (t) = K ·Q(t)2 (3.4)

while in the model of the foetal circulation [89] the atrioventricular valves

have an additional inertial component:

∆P (t) = K ·Q(t)2 +L · dQ(t)
dt

(3.5)

With the inclusion of the inertial term
(
L · dQ(t)

dt

)
the equation has changed

from an algebraic to a differential equation and therefore changes the method

and order in which all variables are solved. There was no justification given

in the later papers [85, 88] for why this inertial term was discounted, nor was

there satisfactory reference provided for (3.5), with the citation of Yellin et al.

[96] not justifying the quadratic Poiseuille resistance expression as in the other

non-linear equations found in the paper as suggested.

Shimizu et al. later implement a linear valve model, using the same numer-

ical value for the resistance:

∆P (t) = R ·Q(t) (3.6)
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Until later on in the project, the distinction between the linear and quadratic

diode model was unclear, particularly in using the same numerical value for

the resistance. This was later clarified in the process of implementing the full

coupled model and will be presented in Section 7.2.1.

Atria Model

Compared with the equations used to model the atria, the valve models used

in the literature seem consistent. Of the three models produced by the Politec-

nico Milano group (Norwood, Univentricular Glenn and Foetal Circulations) a

different one was adopted in each. The three atria models used are as follows:

1. Constant Compliance:

Qin −Qout = Ca
dPa
dt

[88]

2. Constant Compliance with Activated Contractile Term:

Qin −Qout = Ca
dP
dt

+Aa(t) ·Ua0 [89]

3. Pressure-Volume Function:

Pa = P0

(
eKE(Va−V0) − 1

)
+Aa(t)

[
E∗i (Va −V0)

]
[85]

where the Constant Compliance model treats the atria as any other Wind-

kessel compartment, the addition of the Activated Contractile Term represents

the systolic-diastolic cycle of the atria, and the Pressure-Volume Function de-

scribes the beating atria in the same manner as the ventricle.

In all three papers, no justification or validation is done of the method

chosen to represent the atria, and no reasoning given for the increased com-

plexity compared with that used in the previously published similar circula-

tion model. However, an investigation by Korakianitis and Shi investigate the

effect of including the atrial contraction model. The more complex atrial de-

scription helps capture such clinical phenomenon as a-wave (local peaks in

the atrial pressure response at the end of diastole) and both A and E velocities

(the two local peaks in transvalvular flow) and validate that atrial contraction
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accounts for 25% of the stroke volume [61]. The alternative argument is that

the simpler the model of the atria, the easier it is to implement and the fewer

physiological parameters needed to characterise the model, assuming that an

appropriate value fits the test data. Following the publication by Shimizu et

al. [86] the Pressure-Volume Function method was adopted in this research.

Initial Conditions

When solving time dependent differential equations, initial state conditions

are essential. In trying to reproduce the Migliavacca Norwood LCM results,

no indication of initial conditions was supplied. The dependence of the final

periodically steady solution upon the initial conditions was not fully appreci-

ated by the author until the published adaptation of this work by Shimizu et

al was reviewed. Although the initial conditions in terms of the distribution

of the blood volume is ‘forgotten’ in the cyclic nature of the solution, the total

stressed blood volume dictates the output of the model [86]. Thus in attempt-

ing to supply initial pressure values for the system, without considering the

total volume of stressed blood, the final results can vary significantly. This

issue will be addressed specifically within Chapter 5 and considered again in

Chapter 7.

3.3 Three Dimensional Modelling

3.3.1 Introduction

The equations describing the mass and momentum conservation of all fluid

motion, as stated earlier is the Navier-Stokes (N-S) equation: ρ∂u
∂t + ρ (u · ∇)u−µ∇2u +∇P = 0

∇ ·u = 0
(3.7)
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where ρ is the density of blood, u is the velocity field and µ is the dynamic

viscosity of blood. In this study, blood is considered a Newtonian fluid. This is

a widely used simplification in biological computational fluid dynamics (CFD)

studies. Blood, of course, is not Newtonian as the viscosity, µ, varies with wall

shear rate [97]. This can be due to the complex constitution of blood with red

blood cells being suspended (in addition to other elements) in plasma, with

phenomenon such as the aggregation of the red blood cells resulting in non-

Newtonian behaviour.

The N-S equations can be solved over a defined region of interest following

several processes. First the region of interest (in our case a defined vascular

region) has to be discretised into sufficiently small control-volumes. The gov-

erning equations given in Equation (3.7) are then integrated to obtain algebraic

equations for the variables of interest (pressure, velocity). These equations are

then approximated over the control-volumes and iterative techniques are used

to obtain a solution. As well as spatial discretisation, the equations can be dis-

cretised temporally so transient problems can be solved.

The process of spatially discretising the region of interest is known as “mesh-

ing”, and requires defining points in space (nodes) throughout the region,

which get linked together to form edges, with a group of edges making a face,

and a group of faces defining a cell (see Figure 3.1).

In order to solve the equations, certain information must be defined at cer-

tain locations, or boundaries of the region, in addition to initial conditions if

solving for unsteady flow. This invokes Newton’s Laws where forces must be

equal and opposite. The simplest boundary conditions for any walls in any

CFD simulation, is that of rigid walls and a non-slipping condition. The rigid-

ity of the wall means that its motion, and hence velocity is zero. The non-

slipping condition requires that the velocity of the fluid adjacent to the wall

is equal to the velocity of the wall (zero). More complex force balances are

possible, and is currently being explored by the leading research groups in

the cardiovascular field. It is known as Fluid-Structure Interaction (FSI) mod-

33



Figure 3.1: Illustration of mesh definitions

elling and is the current state of the art in modelling methodologies which

has been made possible by the increased availability of appropriate comput-

ing power. This will be discussed below in reviewing the 3D CFD available in

the literature.

The remaining boundaries must now be defined so that the solution can

be fully determined. This involves specifying one of the dependent variables

(pressure profile, velocity/flow profile) over the inlet and outlets, so that all

other dependent variables are calculated. With regard to cardiovascular mod-

elling, this takes the form of specifying the pressure distribution at the open

orifices or alternatively some form of flow/velocity distribution.

It is possible to discretise and linearise the Navier-Stokes equations using

established numerical methods for solution of spatial and temporal equations

oneself in writing one’s own numerical code. This gives greater control on pos-

sible inaccuracies, or scenarios in which the assumptions used are inappropri-

ate. Knowing the specific problem being solved, the code can be streamlined to

suit. However, as CFD is such a widely adopted approach, for all forms of fluid

flow, commercial software is available. This allows timely implementation of

rigorously tested code for many forms of fluid flow.
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3.3.2 Published 3D Models

Computational Fluid Dynamics first emerged as a tool for investigating local

haemodynamics for vascular flow in the mid 1980’s when bifurcations were

analysed [98]. Perktold was an early pioneer of 3D CFD in the late 1980’s and

1990’s [99–102]. By the mid 1990’s CFD was being integrated with medical

imaging linking local haemodynamics with vascular dysfunction [103, 104].

Initially generalised or idealised geometries were adopted for specific re-

search questions, similar to what dictated the model adopted for lumped pa-

rameter modelling. Among the topics analysed were large artery anatomic

variations, wall compliances, rheology of blood (Newtonian vs. non-Newtonian),

mass transport (drug delivery) and exercise. The relationship between low

wall sheer stress and vessel wall remodelling is validated by CFD. Computa-

tional Fluid Dynamics has been used to simulate a wide range of cardiovascu-

lar research topics. For a brief overview of the development of this field, please

refer to the review by Steinman and Taylor [105] and the references therein.

There are many distinct sub-groups, which have been reviewed elsewhere, that

are related but are too numerous to explore given our applications in the con-

text of congenital heart repair. These include areas such as stent design (see

[106]), ventricular assist devices (see [107]) and even FSI studies looking at the

flow through the cardiac chambers and valves (see [108, 109]).

The main limitations of most published 3D CFD analysis is the assump-

tions of rigid walls, Newtonian fluids, fully developed boundary conditions

and laminar flows. This is beginning to be challenged with the advancement

in fluid-structure interactions.

Specifically of interest within this investigation, is the 3D CFD studies

of congenital heart repairs. This has analysed the use of different systemic-

pulmonary artery shunts used in the Norwood Procedure [5, 110], and the

different grafts available for the Fontan Procedure [111–113]. A comprehen-

sive review of studies modelling the Fontan circulation up to 2008 was carried
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out by DeGroff highlighting the limitations indicated in this chapter [114]. It

highlights the under-utilised resource of mathematical modelling and encour-

ages the developments seen in the most recent literature and in this thesis.

In the past decade, CFD has become relatively easy to simulate, and as

a result studies with imposed boundaries conditions have been superseded

by multi-scale modelling. This is the leading technique in boundary condi-

tion specification, and is being adopted by an increasing number of research

groups.

3.4 Multiscale Modelling

Boundary conditions of 3D models is very much a current, crucial issue [115].

Before the introduction of multiscale modelling, boundary conditions at inlets

and outlets were either prescribed profiles, or fixed pressure/flow values [116]

(and references therein). A study by Pekkan et al. applied steady state con-

ditions to the Fontan anatomy, which is an acceptable approximation due to

the low pulsatility in the pulmonary circulation. The numerical results were

validated against an in vitro model based on MRI data [117].

The problem with this approach, is that what is of interest is how a change

in the local anatomy affects the global haemodynamics. By prescribing what is

happening at the inlets and outlets, the upstream and downstream pressures

and flow rates/distributions are already defined. In changing the anatomy,

through surgery, it should effect the global haemodynamics. The outcomes

that contribute to the understanding of whichever surgery is under investi-

gation (e.g. the Fontan Procedure) pertain to the results within the geometry.

This is of course still significant, when testing configurations that involve fixed

flow rates, or pressures, or investigating prescribed conditions for example, of

ventricular assist devices or (drug eluting) stent design. What is now of in-

terest is optimising the anatomical configuration of the surgical region (i.e.

performing virtual surgeries) with respect to the global haemodynamics and

ventricular workload. This is where the adaptable boundary conditions from
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multiscale modelling has been developed from the original publication by La-

ganà et al[118].

The theoretical definition and exploration of coupling models of various

dimensionality is available in the literature [119–122] which has recently been

improved upon to be more versatile in boundary coupling types, and allow

implicit time integration techniques [123]. In the cited papers’ test cases of in-

terest, such as two dimensional coronary artery bypasses (original artery being

fully and partially occluded) and simple one dimensional examples are given,

with investigations of specific anatomical variations and surgeries published

shortly after. An evolution of 3D applications were presented where a straight

pipe in a simple hydraulic network, then straight pipe of the scale of a coro-

nary artery in a cardiovascular network were tested, followed by a simplified

3D systemic-pulmonary shunt [118]. This validated the approach of determin-

ing boundary values from the 3D region to input to the lumped model which

in turn would supply updated boundary conditions for the 3D region for the

next time integration step.

This fully explicit approach is adopted in this research and is presented

in Chapter 7. The simplified shunt was then replaced with a more compre-

hensive 3D model of the great arteries of an idealised/generic HLHS patient

and various dimensions of B-T and Sano shunts simulated [81, 82, 124]. These

studies highlighted the issue of coronary supply, with a central shunt resulting

in a reduction in blood supply to the heart. When considering the cardiac out-

put, a larger shunt diameter is necessary for a Sano shunt versus a B-T shunt.

They also demonstrated good correlation with clinical results. Kim et al. apply

similar 0D-3D coupling, involving a model describing the time varying elas-

tance properties of the ventricle, although not a closed loop circuit, providing

physiologically realistic flow and pressure waveforms under rest and exercise

conditions for a patient-specific adult thoracic aorta (including simulation of

a coarctation) [125].
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Figure 3.2: Multiscale modelling concept: Coupling of varying degrees of dimensionality as
published by Van de Vosse [126]

Figure 3.2 taken from the introduction to the special issue of the Journal of

Engineering Mathematics (Volume 47/3-4, 2003) on the mathematical mod-

elling of the cardiovascular system [126] surmises the multiscale concept. The

less detailed model can determine the pressure/flow at an interface which can

be passed on (given certain assumptions and interface conditions) to a model

of greater specificity. This can also be reversed with the output of a model

of greater detail being simplified to pass on information to a model of lower

dimensionality. This means that certain regions, where the local haemody-

namics are of critical importance, or under greater scrutiny, can be analysed

at an appropriate level, while still accounting for lumped upstream and/or

downstream effects. For mathematical description of the different network

coupling approaches (whether pressure or flows are specified for the higher

dimensional region) see [121].

It was this work and similar works of this nature, that motivated the re-

search presented in this thesis with specific focus on how to implement and

integrate this technology within a clinical setting, for the Hybrid Procedure.

Given the massive patient-to-patient variation patient specificity was essen-

tial. With this motivation, it was hypothesized it would be possible to either

(a) optimise the Hybrid Procedure for a specific patient, or (b) identify which

patients of borderline left ventricle size would be strong candidates for biven-

tricular repair. During the course of this research project, the same group later

published a idealised model of the Hybrid circulation [83], adapting the ide-

alised geometry from the Norwood studies [81, 82, 124]. The three variations
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of surgical protocol for Hypoplastic Left Heart Syndrome were then compared

[127].

The Norwood studies showed higher diastolic pressure, decreased pulmonary

artery pressure, lowerQp :Qs ratio, and higher coronary perfusion pressure for

the Sano shunt with minimal regurgitant flow (despite the lack of a valve as

modelled in 0D in [86]) [82, 124]. The Hybrid study concluded that the diame-

ter of the stent (7 mm vs 8 mm) has no significant influence, while the diameter

of the pulmonary banding is critical for haemodynamics and oxygen delivery

in particular [83]. The optimal band diameter proposed by the study was 2

mm, however it must be emphasised that this is the internal luminal diameter,

and not the external band diameter applied. This is a key clinical distinction

which could potentially result in the mistrust of mathematical modelling from

experienced surgeons, who would be well aware that a 2 mm band is poten-

tially lethally tight. The comparison between the three alternative protocols

demonstrated that compared with either of the Norwood configurations, the

Hybrid palliation had higher Qp :Qs ratio and lower cardiac output. The total

systemic oxygen delivery in the Hybrid was also inferior. Cerebral oxygen de-

livery, modelled by separating the upper and lower body in the LCM, was also

lower in the Hybrid [127].

The studies of the idealised Hybrid geometry, adapted from previously in-

vestigated idealised Norwood geometries, were published during the course of

this research project. This thesis presents, in parts, similar work with a key dis-

tinction made regarding the integration of clinical data, attempting to apply

this methodology to specific patients using historically collected data with-

out additional invasive procedures. The findings from the culmination of the

research will illuminate how these results were obtained, and advise exercis-

ing caution when interpreting these results due to methodological ambiguity

found in the literature.
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3.5 Modelling: The Future and Beyond This Study

A review in 2010 by Pennati et al. [128] focus specifically on the challenges

being faced in the single ventricle circulation. The references therein (many of

which have been cited above) compare the limited publications on the shunt-

type circulations (Norwood, Hybrid, HLH) in contrast to the vast number of

publications studying the Fontan or Glenn circulations. They highlight the

lack of clinical data available to date, mainly as a consequence of the rarity

of data, the limited time frame for data collection and the young age of the

patients undergoing this course of treatment. This is something this research

has attempted to address, by determining what data that is routinely collected

as current protocol which can be used with mathematical modelling in mind

(see Chapter 4).

Six key topics to be addressed are identified by Pennati et al. The first two

pertain to patient specificity as outlined in [129], and although patient-specific

parameters are discussed in this thesis, attempts at parameter identification

for a fully patient-specific lumped circulation model were unsuccessful. The

use of a clinically captured 3D region, instead of an idealised geometry, how-

ever, has been. Regarding patient-specific parameters for the coupled 0D/1D

models, they must be identified and determined within physiological remits

unlike the concept of tuning the parameters as in [130] which alters the pa-

rameters of the circulation model to obtain a targeted output from the 3D

simulation.

Other key topics identified by Pennati et al. were the need to model the

effect of both the global circulatory responses and the local vessel structure/re-

modelling in the short, medium and long-term. For example, the global haemo-

dynamics would influence the contractility of the heart, particularly in a sin-

gle ventricle circulation. Caution must be exercised when considering predic-

tive patient-specific modelling, particularly what medium term effects on the

lumped circulation any geometrical changes can have. This is highlighted in
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[115], where pre-and post-surgery simulations and clinical data are combined.

The most significant remarks warn against the difficulties in accurately pre-

dicting the post-operative results. Attempting to reproduce the post-operative

anatomy from the pre-operative anatomy is difficult due to geometrical differ-

ences, probably due to vessel distortion and synthetic conduit attachment. It

also raised concerns over the applicability of downstream lumped parameter

values, as the pre-operative resistances are not compatible with the clinical

data, suggesting that the pulmonary vascular resistances change individually

dependent on the post-surgery haemodynamics.

The final key topic from Pennati et al. requiring further research was the

assumption of rigid walls. This is acknowledged as one of the major limitation

of this study. It was shown that in shunt-type systemic geometries, the lack

of fluid-structure interaction is more significant than in the lower and less

pulsatile pressures found in the cavopulmonary anastomosis [128]. Due to

the limited resources and the development of the model starting afresh, rigid

walls were considered out with the scope of this study.

One future avenue of research in this topic of interest that explores both

the above issues is that discussed in [131] which presents a new computational

framework combining the developments of until recently separate fields. Bio-

logical solid and fluid mechanics and exploitation of new information on the

biology of vascular growth and/or remodelling can help simulate vessel adap-

tations, disease progression and clinical intervention (e.g. pharmacological

agents, or growth of structures with fixed shunts attached). This of course re-

quires great advances in the knowledge of how vessel growth and disease re-

spond to different haemodynamical, biomechanical and biochemical changes.

Again, this was beyond the scope of this research.

The effect of respiration is thought to play an influential role in pulmonary

haemodynamics. The Modelling Of Congenital Hearts Alliance, a collabora-

tion with its core base from the Politecnico di Milano group, have recently

published a model that implemented the effect of respiration on the Fontan
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circulation [132]. Although they found no significant differences by including

respiration, the physiological waveforms have visibly improved. This offers

the potential for more accurate parameter identification through improved

averaging techniques if the respiration effect is accounted for in the averag-

ing process.

The MOCHA collaboration group have also utilised the theory presented

by Marsden et al. [133] of geometrical optimisation based on a prespecified

(clinically relevant) measure of performance. Building on the 2D, simplified

cases presented in the original work, an optimisation of Norwood (BT) shunt

placement is investigated [134]. Results showed that a smaller shunt diameter

with a distal shunt-brachiocephalic anastomosis is optimal for systemic oxy-

gen delivery, whereas a more proximal anastomosis is optimal for coronary

oxygen delivery and a shunt between these two anatomies is optimal for both

systemic and coronary oxygen deliveries.

An attempt at incorporating patient-specific lumped parameter model has

recently been published by MOCHA [135, 136]. This is a positive step towards

reaching the goal of patient-specific LCMs, however their methods would be

best described as patient-specific scaling of the previously adopted generic lumped

values. Clinical validation is not yet forthcoming.
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Chapter 4

Processing Clinical Data

4.1 Ethical Approval

Access to anonymised patient records for clinically selected appropriate pa-

tients was approved by the Caldicott Guardian. This permitted access to all

data that had potential use in generating a patient-specific model prior to any

potential clinical study based on this model being proposed. A copy of the

approved request is supplied in Appendix B.

4.2 Acquisition of Clinical Data

In order to implement truly patient-specific modelling, it is vital that actual

clinical data is used to enable the derivation of the parameters used in a Mul-

tiple Windkessel model. Work on an adult physiology for identification of cer-

tain cardiovascular events has been carried out by [87]. This is in contrast to

the conventional selecting of parameters to produce clinically appropriate out-

put from sample data [85, 137, 138]. The methods used to gather the relevant

clinical data needed to derive Lumped Circulation Model (LCM) parameters

are described presently.

Data was available in historical pictorial form only. This meant that all

data had to be manually digitised and then processed appropriately for further

use. The clinically available data for potential LCM parameter identification
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came from two sources: Continuous Wave Doppler (CWD) velocity profiles;

and pressure profiles from an invasive catheterisation procedure. The velocity

profiles were intended as a precursor for volumetric flow data, which can be

determined using Equation (4.1) where v is the time dependent velocity nor-

mal (perpendicular) to the cross-sectional area of the vessel A. The start of a

cardiac cycle is denoted t0, while the period of the heart beat is denoted by

T . Periodicity of v(t) is assumed. This is necessary to be able to converge to a

periodic solution in any intended final model.

Q = A
∫ T+t0

t0

v(t) dt (4.1)

Equation (4.1) is based on a number of assumptions:

1. equal velocity across a constant cross-section (alternatively a mean ve-

locity v is provided)

2. that the velocity is measured at the same location as the measured cross-

sectional area

3. that the measured velocity is normal to A

This is dependent on the original capture of the Doppler velocity profile by

the clinician, and was out with the control of this project, due to the nature of

using routine, historical data. Corrections are possible by studying how CWD

is determined, but difficult to apply retrospectively due to the unavailability

of all the required data to apply these corrections satisfactorily.
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4.2.1 Further Considerations Regarding the Flow Rate Pro-

files

The methodology applied to the processing of pressure profiles was also used

for the flow profiles; this is reinforced by many of the figures used to demon-

strate the methods originating from flow orientated data. Flow data was used

to present the issues below as they were more pronounced. The flow data

is produced originally from velocity profile data (with respect to time) using

Equation (4.1).

In the clinical setting it can often be difficult to capture the normal ve-

locity exactly, especially when spatial accuracy is required. This is further

complicated in this study by the many extremely irregular anatomies found

in Hypoplastic Left Heart Syndrome. Therefore the data captured was en-

tirely dependent on the expert echocardiogram user’s interpretation, which was

specifically undertaken for clinical diagnostic purposes and not optimised for

this research. This means that, particularly in early available cases, not all pro-

files were available from the same physiological conditions, with some profiles

not captured at all.

This project has been highly focused on utilising data acquired from rou-

tine clinical procedures for the use in patient-specific modelling, aiming to

determine what can be achieved without exposing these very ill children to

traumatic and potentially unnecessarily risky procedures such as the general

anaesthetic needed for an MRI scan. This creates many problems with the ac-

quired clinical data as some compromises are inevitable, but this is one of the

pertinent questions raised by this research. What modelling can be achieved

without additional, invasive procedures? What data can be used as a surrogate

for the missing data so that the hypothesised methodology can be assessed?

What justification can modelling give to either justify or alter clinically inva-

sive protocols?
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With the clinical motivation in mind, when undertaking an echo scan, the

patients are not anaesthetised and therefore it is potentially difficult for the

operator if the child is perhaps struggling. It may also be awkward to position

the probe at a specific angle. In short, clinicians do the best they can to get

what they need for diagnostic purposes and anything else, for now, is a bonus.

Therefore views such as cross-sections of valves, or of banding locations or

stents are not commonly carried out resulting in approximations based on the

cross-sectional area A being circular and measuring the maximum diameter

(D):

A = π
D2

4
(4.2)

Due to the unconventional layout of the structures of the heart in HLHS, and

their spatial proximity to each other, it can be difficult to capture the exact

perpendicular velocity at the precise location required. In fact, in some scans,

e.g. through the pulmonary valve, through the right pulmonary band and

down the stent, they are so close that one may see multiple profiles on the out-

put. It is almost a ‘ghosting’ effect with this phenomenon illustrated in Figure

4.1. Also these vessels are not straight, and when curvature is involved, it cre-

ates even more uncertainty as to determining the correct velocity magnitude

normal to the cross-section under consideration. This is almost impossible

to quantify precisely but qualitatively is considered adequate for diagnostic

purposes. The velocity profile output from Royal Hospital for Sick Children

(Yorkhill), unlike some Doppler ultrasound, is not corrected for angle.

Angle correction is necessary because the Doppler techniques gives the ve-

locity profile along the direction of the probe. If it is not in line, i.e. an angle

of 0◦, then the output is the velocity component in the direction of the probe

(both positive and negative depending on the Doppler frequency shift). So if

the direction of flow is at an angle θ from the direction of the probe, using

simple trigonometry, the magnitude of the desired velocity measurement can

be determined by dividing the measured magnitude by the cosine of the an-

gle. For clarity, if u is the measured velocity magnitude, and θ is the offset
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Figure 4.1: A Doppler echocardiogram showing the ‘ghosting’ of multiple velocity profiles
from a single observation. The flow through the pulmonary valve is most prominent, then the
flow through the stent can be seen behind with the profile of the right pulmonary band faintly

visible around 4ms1

angle of the flow and the investigating signal, the true velocity magnitude v is

determined by:

v =
u

cosθ
(4.3)

which of course means that v ≥ u as cosθ ≤ 1 for appropriate angles. As long

as the angular offset is within 30◦ the error is approximately less than 15%,

with 30◦ being a significant angle that an experienced operator would easily

correct for. Figure 4.2 illustrates the concept of angle correction. There are

other concerns regarding what plane of the vessel the measurement is made

as all measurements are captured from a 2D slice which of course can be an-

gled. As stated earlier, the velocities captured by the echocardiograph experts

is assumed correct. Using their experience, θ is corrected for by the echocar-

diographer, and all limitations are fully acknowledged hence the predominant

use of this form of data being diagnostic.

In summary, there are multiple factors that can lead to errors and difficulty

in obtaining quantitatively accurate flow data from CWD. This format of data
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Figure 4.2: Illustration of the doppler angular correction procedure

has fantastic clinical diagnostic and qualitative qualities, but presents multi-

ple opportunities for the introduction of quantitative errors. There was little

justification at this stage to alter the current clinical practice regarding the cap-

ture of ultrasound data. It is best used in conjunction with other clinical data

such as other imaging (where flow data can be obtained from magnetic res-

onance imaging) and catheterisation data. Alternatively, flow profiles can be

measured more accurately with specialised flow meters, however this would

require invasive investigations. However, it is worth proposing a clinical in-

vestigation that would compare a set of velocity/volumetric flow measurement

protocols with currently accepted clinical standards, due to the non-invasive

nature of data acquisition.

4.3 Format of Raw Clinical Data

Anonymised images of clinically stored velocity profiles were saved in jpeg

format directly from the onsite EchoPAC software (GE Healthcare, Milwau-

kee, WI). As outlined above, interpreting the velocity profile required user

knowledge and experience to interpret the variable intensity of the CDW out-

put as already seen in Figure 4.1. Also seen in Figure 4.1 is the simultaneous

Electrocardiogram (ECG) which was used to identify the peak of the R-wave,

the most prominent feature of an ECG, in systole. The timing of the R-wave

was used as the start of each heart cycle (t0 = tR).
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(a) Pressure profile

(b) CT slice

Figure 4.3: Examples of images available from raw clinical data of catheterisation and CT
investigation



For the pressure profiles, anonymised hard-copy printouts were obtained

from the catheterisation procedure. These were then electronically scanned

and also saved in jpeg format. Figure 4.3(a) is a sample of the available image.

As with the velocity profiles, the ECG was visible and used as an isochronal

time point to synchronise all data.

4.4 Digitisation

The digitisation process of converting the jpeg image files into usable numeri-

cal data sets consisted of four steps:

1. Manually selecting data points from the raw image file

2. Grouping the continuous data into individual beat data sets for each fam-

ily of profiles

3. Interpolation of each data set

4. Generating an ensemble average profile for each distinct family of pro-

files

4.4.1 Step 1

The software package GetData Graph Digitizer (Sergei Fedorov, Moscow, Rus-

sia) was used to manually select a sufficient number of points of paired (t,x)

data from the print out to describe the wave profile. The t values denote time,

while x denotes the general form of either velocity or pressure. By marking

the t and x axis scales (found on the jpeg), each value could then be scaled

and calculated by the software. Additionally the tR values of the peak of the

R-wave were noted to distinguish a consistent time point for each beat, with

the magnitude of the ECG signal unnecessary.

Figure 4.4 shows screenshots of the manually captured profiles. This pro-

cess introduced errors due to unavoidable manual processing of the raw data.

50



(a) Doppler velocity data from echo

(b) Pressure data from catheterisation

Figure 4.4: Screenshot of GetData software used in digitising image files in to usable data

An ensemble averaging process was undertaken to counteract this issue. The

data was then exported automatically into a spreadsheet for use in Excel 2007

(Microsoft, Redmond, WA) for Step 2.

4.4.2 Step 2

A custom Macro was written to process the raw continuous data into data sets

of individual beats using Excel (Microsoft, Redmond, WA). Two variations of

processing was implemented. The first normalising the time values by the the
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period (T ), the second using absolute time, with each having its own advan-

tages and disadvantages. A comparison will be presented following a descrip-

tion of each respective methodology.

The list of tR points were used to identify which time points in the full

continuous data set of (t,x) data corresponded to the reference start point of

each beat. For cases when there was no exact match, a linear interpolation of

the paired data either side of the ECG time point (tR) was used. Where (t−,x−)

and (t+,x+) are the paired data points either side of tR, the corresponding xR

was calculated as:

xR = x− +
(tR − t−)(x+ − x−)

t+ − t−
(4.4)

This was necessary for both processing methods, with the location of the data

pair at the peak R-wave of a heart beat noted for the ordering process. It was

at this stage that the time processing methodologies diverged. In both cases

each tR was used to separate the continuous (t,x) data in to individual beat

groupings. Multiple smaller data sets (t′,x′) were produced where the time

component (t′) was adjusted with the starting value of each set, tR, zeroed.

Normalised

For the normalised time processing, the time values were divided by the period

of each beat t(n+1)
R − t(n)

R . Therefore all time points (t) in the list between the

noted tR values were determined by:

t′ =
t − t(n)

R

t
(n+1)
R − t(n)

R

(4.5)

with all corresponding x data unchanged.
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Absolute Time

For the absolute time method each beat’s data set started from the (t,x) point

before the t(n)
R denoting zero, and five data points succeeding t(n+1)

R were used

to ensure enough forward data was available to allow “clipping”, a process

used to ensure uniformity of period which is guaranteed in the normalised

approach. This was necessary as the data had varying heart rates for individual

profiles (beat-to-beat) as well as between profile families (continuous data from

different locations in the vascular tree). This will be discussed in Section 4.6.1.

Therefore t′ was defined as:

t′ = t − t(n)
R (4.6)

where t runs from the data point before t(n)
R to the fifth time point following

t
(n+1)
R . The additional negative timepoint in the beat dataset was necessary for

the interpolation of x(n)
R in the absolute time processing, which will be dis-

cussed in the Section 4.4.3.

4.4.3 Step 3

It was necessary to interpolate the values of the (t,x) data in equally spaced

time points, and in fine resolution or at a specific spacing, for future use in any

parameter identification for a patient-specific lumped circulation model. Us-

ing Matlab (The Mathworks Inc., Natick, MA) for the generation of the equally

spaced data points there were several possible built-in interpolation functions

available. This was necessary so that all collected patient profiles were avail-

able in a uniform format. A short discussion of the interpolation methods are

now presented:

Linear Interpolation

The simplest interpolation method, as defined in (4.4), is linear interpola-

tion. It employs the gradient between the two points and determines the x

53



value based on where the given t point lies on the connecting straight line.

This was deemed appropriate for the insertion of one point within a suitable

range. However, it was not appropriate for determining multiple inter-lying

points, particularly with the clearly visible curved waves found in clinical data

(see Figures 4.3(a) and 4.1). Linear interpolation simply inserts points on the

straight line between the manually captured digitised data points and so by

definition fails to incorporate any complex profiles. Figure 4.6 shows the re-

sult of simple linear interpolation: a piecewise linear profile. Periodicity was

enforced by a method that will be discussed in the following section.

Cubic Interpolation

It was therefore necessary to use one of the other built-in interpolation tech-

niques. The next most commonly used technique in the arsenal of numerical

interpolation methods is cubic splines. Cubic splining uses a piecewise-cubic

function that is continuous at orders 0,1 and 2. This means that that at each

data point used, the two cubic functions used to describe the profile either side

are: equally valued (continuous); the derivatives are equal (same slope); and

the second derivatives are equal (same curvature). So, if fL (fR) is the cubic

function to the left (right) of the data point, and ti is the data point the cubic

is defined using the following conditions:

fL(ti) = fR(ti)

f ′L(ti) = f ′R(ti)

f ′′L (ti) = f ′′R (ti)

Normalised: If there are say, N data points ti , i = {1,2, . . . ,N } in a cycle

set, there is a problem of determining the coefficients of the first and last cubic

function as there is no fL and fR for points t1 and tN respectively. In this case

the predefined Matlab function spline uses the “not-a-knot” convention for

boundary conditions where f ′′′(t1) = f ′′′(tN ). On using this condition, and the
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fact that it is an interpolating polynomial (i.e. it must pass through the points

used), it results in some extra, unnecessary curvature. By assuming periodic-

ity it allows the addition of points to the set of (ti ,xi). The additional points

are therefore located at (t0,x0) and (tN+1,xN+1) with x0 = xN−1 and xN+1 = x2.

Therefore to ensure periodicity as in the linear case, the value at the end points

over which the interpolation is carried out, x1 and xN must be equal so that the

new data points are (t1,x∗) and (tN ,x∗) where the average value x∗ is defined as:

x∗ =
x1 + xN

2
=
x

(n)
R + x(n+1)

R

2

A separate function for reordering the data was written and used. The dif-

ference in generating the interpolated points with the original data and the

reorganised data can be seen in Figure 4.5. This shows the extra curvature

(not present in the clinical graphs) in the interpolated values between the first

two data points. A similar phenomenon was found between the last two data

points. In some cases the effect was not as pronounced, but the reorganisation

resulted in a uniformly repetitive heart beat, therefore the re-organisation was

justified as well as easily implemented.

Absolute Time: Regarding the absolute time approach, as periodicity could

not be forced, and the additional data pair preceding (t1,x1) was already deter-

mined (Section 4.4.2), and the initial data set had already been extended, the

additional curvature at the end of the profile was superfluous.

Peicewise Cubic Hermite Interpolating Splines

On visual inspection of the original scans, the graphs produced from using

the spline function were still prone to overshoots, a result of the nature of

fitting smooth cubic functions between the points. Matlab contained an alter-

native built in function named pchip which overcame this. The pchip function

uses piecewise cubic Hermite interpolating polynomials (PCHIP). It is simi-

lar to cubic splines, but utilises differing conditions at the data points. It is

less smooth as it is not continuous at the second derivative level, but is shape
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Figure 4.5: The effect of using the re-organised data for both spline and pchip functions with
original data points

preserving and maintains monotonicity i.e. is monotonic on intervals when

the data is monotonic (always either increasing or decreasing) and includes

turning points where monotonicity is broken. Both functions are used iden-

tically, and so, after the visual inspection it was clear that the data was not

smooth enough to use traditional cubic splines, and so the PCHIP approach

was adopted. This was due to the fact that PCHIP is less prone to overshooting

and oscillation from non-smooth data. The effect of the three interpolation ap-

proaches are illustrated in Figure 4.6 at equally spaced points of 0.001 with the

PCHIP method visually the best approach. A close up of the initial overshoot

can be found in Figure 4.5. The results are illustrated from the normalised

approach, but are equally applicable to the absolute approach.

4.4.4 Step 4

The averaging process mentioned in Step 1 is now discussed. An ensemble

average was carried out to produce a typical profile for each family of profiles

specific to the test patient. The averaging process was intended to remove any

beat-to-beat variation and the possibility of selecting inconsistent individual

profiles. A family of profiles is considered as the collection of all individual

56



 

 

Linear Interpolation
Cubic Spline
PCHIP
Original Data

V
el
o
ci
ty

(m
/s
)

Normalised time (t/T)

0 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1
0.2

0.4

0.6

0.8

1

1.2

1.4

1.6

1.8

2

2.2

Figure 4.6: Results of using linear, cubic splines and piecewise continuous cubic Hermite
polynomials for interpolation of a clinical waveform from paired data points. The data used

is from a velocity profile at a branch pulmonary banding site.

beat profiles from the same location in the cardiovascular tree, and therefore

consistent in magnitude and timings. These families were determined from

the clinically labeled locations from the catheter and echo data.

If all data was equally spaced, and there were M data sets (M profiles from

M beats), it would have been easy to determine the average value of each data

point x∗i for i = {1,2, . . . ,N } as x∗i = (1/M)
∑M
m=1x

(m)
i . This would then provide

a single, equally spaced data set from which interpolation on the averaged

points could be carried out. However, due to the nature of the initial step in

the digitisation process, it was virtually impossible to ensure uniformly spaced

ti , especially when normalised by heart cycle period. To overcome this issue,

interpolation (using the process described above) at fine resolution (0.001) was

performed on each separate data set of the clinical profile. Then a sufficiently

high number of equally spaced time points (tk, k = 1,2, . . . ,K), where K > N ,

and t1 ≤ tk ≤ tN were used to determine the corresponding average x com-

ponent x∗k. The interpolant of the (tk ,x∗k) data was used to produce averaged

profile at the same resolution at timesteps of 0.001. The PCHIP interpolation
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Figure 4.7: Multiple pressure profiles available for the descending aorta, main pulmonary
artery and ventricle from clinical data set

method described in Section 4.4.3 was used here in both the normalised and

absolute time approaches.

4.5 Selection of Profiles From Clinical Data

When reviewing the pressure data from the catheterisation procedure (see Ap-

pendix E), an unforeseen complication arose. Some of the medically labelled

profiles resulted in several families of waves being present at some locations.

The single ventricle, and the main pulmonary artery both had two distinct

families of profile, with the descending aorta having three. After grouping the

profiles for each compartment into their respective families, an ensemble aver-

age for each family was generated. The resulting profiles are shown in Figure

4.7.

Particularly in the three descending aortic profile families, the effect of

wave propagation is clearly visible. Wave propagation through the cardio-

vascular tree is in itself a large area of research, and a phenomenon that many

groups have tried modelling in an attempt to better understand its signifi-

cance, particularly with reference to identifying disease. See [139, 140] for
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further consideration. It is this phenomenon that is captured by 1D mathe-

matical modelling and is not described by the lumped circulation models.

What is observed in clinical investigation (and successfully modelled in

1D mathematical representations) is the effect of wave reflections. The pres-

sure wave can be observed to reflect and propagate in the opposite direction

of the flow of blood e.g. at a branch or bifurcation point. Therefore, it is sup-

posed that differing spatially-specific locations within the clinical labelled ar-

eas which are affected by different phase shifts of forward and reflected waves

that have differing cancellation and reinforcing effects. This can be observed in

a pressure recovery phenomenon seen in clinical investigation, and the prop-

agative effect is visible in the aortic profiles presented.

4.5.1 Comparing Clinical Profiles

To compare all available profiles generated from the difference between all of

the pressure profiles gathered were checked against a scaled version of the

velocity profile for the relevant pressure drop. The first difference considered

was from the main pulmonary artery to the descending aorta (Pmpa − Psys) and

this was compared with the velocity profile across the stented patent ductus

arteriosus.

This resulted in excluding one of the two main pulmonary artery profiles,

as the only profile that resulted in a remotely similar shape failed to capture

the necessary backflow component in diastole. Of the three descending aor-

tic profiles, the second one was prioritised as it matched the timing of flow

reversal best. This can be seen visually in Figures 4.8 and 4.9.

The choice of ventricular families was again relatively straight forward ow-

ing to the fact that the first of the ventricular profiles was physiologically in-

consistent with the main pulmonary artery pressure profiles as it did not result

in a positive pressure gradient through the valve permitting forward flow out

59



 

 

Scaled Echo
MPA 2 - DA 3
MPA 2 - DA 2
MPA 2 - DA 1
MPA 1 - DA3
MPA 1 - DA2
MPA 1 - DA 1

P
re
ss
u
re

D
iff
er
en

ce

(m
m
H
g
)

Time (s)

0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
−30

−20

−10

0

10

20

30

40

50

60

(a) Absolute Time

 

 

Scaled Echo

MPA 2 - DA 3

MPA 2 - DA 2

MPA 2 - DA 1

MPA 1 - DA 3

MPA 1 - DA 2

MPA 1 - DA 1

P
re
ss
u
re

D
iff
er
en

ce

(m
m
H
g
)

Normalised Time (t/T)
0 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1

−20

−10

0

10

20

30

40

50

60

(b) Normalised Time

Figure 4.8: Pressure differences of available profile families for stent flow, with appropriately
scaled stent flow in dotted line. Both scaled and absolute time profiles are shown
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Figure 4.9: Alternative flow profiles (left) based on selected MPA and available ventricular
pressure profiles (right). Both absolute (top) and scaled (bottom) are shown

of the ventricle. Again, this could be as a result of errors associated with the

invasive catheterisation measurement or patient movement.

The remaining profile however, highlighted a concern with the averaging

process. The shapes, which should be similar, differ in the sense that there

appears to be a shouldering on the ventricular profile that is not present in the

MPA profile.

When viewing the graph of the positive difference across the valve there

appears to be two pulses, which is physiologically inaccurate. It is suggested

that this difference is possibly a consequence of the averaging process. A direct

comparison with Doppler velocity profile for the pulmonary valve flow was

dismissed due to the timing mismatch which will be detailed in Section 4.6.1.
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Figure 4.10: Ensemble wave (red) produced from eight original velocity profiles from Doppler
echo of a branch pulmonary artery banding site. The original data points are marked with a
’+’ and are clearly unequally spaced. The fine resolution interpolation of each profile is seen

with the solid lines.



4.6 Outcome of Ensemble Averaging

Figure 4.10 shows the output of the averaged waveform with K = 100 for eight

velocity profiles taken from Doppler echo of a branch pulmonary artery band-

ing site. Each original velocity profile is seen with the original data points

used for interpolation marked with a ‘+’, which are clearly unequally spaced.

The ensemble averaged profile visibly captures the characteristic shape. Fig-

ure 4.11 shows the effect of taking an insufficient quantity of data points to

average over, in this case for K = 5,10 and 20 using a different profile set from

Figure 4.10. All clearly miss the initial profile shape. K = 100 was deemed an

appropriate sampling rate to capture an average profile representative of the

available data.

Figure 4.10(b) clearly demonstrates that it is inappropriate to enforce peri-

odicity in the ensemble average produced from the absolute time data. Once

this was established, periodicity was not enforced, but is included here for

illustrative purposes. The general shapes of the averages for both absolute (ex-

cluding end points) and normalised time do not appear to distort significantly

and this highlights the difficulty in selecting one method over the other.
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Figure 4.11: Results of averaged waveform profile by varying the number of data points K
taken. The data used is from a velocity profile at a branch pulmonary banding site.
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4.6.1 Scaled vs. Absolute Time

As stated previously, it was unclear as to which method was best to use for the

time domain: Scale the time values by the heart beat period for each individual

beat; or maintain absolute time.

Both approaches could be justified from different perspectives. The ad-

vantage of normalising the period meant that each profile from each location

of the cardiovascular tree could be directly compared and periodicity could

be enforced. The problem with scaling the time is that physiologically, the

timings of the heart beat are not scaled linearly. A heart beat consists of two

distinct phases (although definitive definitions of these is still debated): sys-

tole, the active phase; and diastole, the relaxation phase. Therefore the period

T is the sum of the length of systole Ts and diastole Td :

T = Ts + Td

The problem is when scaling the period by, say α is that they are not scaled

linearly:

αT , αTs +αTd

In other words, the ratio of length of systole to length of diastole Ts/Td is not

fixed, and varies with heart rate. For example a conventional heart, when the

heart rate is increased (and heart period decreased), the length of systole re-

mains similar while the relaxation phase is reduced to facilitate the change.

Recently in the literature groups have been investigating this relationship in

both healthy [141] and HLHS patients [142]. The aim of the investigation how-

ever, has been to determine if the ratio can be used as a marker for performance

of a ventricle,not to determine a relationship between Ts/Td and the length of a

heart beat T . Again, it needs to be reiterated that due to the complexity of the

condition there is no conventional “normal” and therefore would be difficult
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to use a standard relationship to infer some proportional scaling method for

an individual patient with varying heart rate.

The biggest mismatch in heart rate from the sample patient came from

comparing the Doppler velocity profiles and the catheterised pressure data.

Pressure data was at a heart rate around 95 beats per minute (bpm), while

the echos were of the order of 120 bpm. These were taken 3 days apart and

under different physiological conditions, therefore the difference is not unex-

pected. There was nothing within the study’s control that could be done to

alter this historical data, however this issue has been raised with our clinical

partners and, with no additional risk to the patient, simultaneous (or imme-

diately prior to or following) echo investigation is now under consideration

when undergoing a catheterisation procedure.

Figure 4.12(a) shows the absolute time data for all available profiles. The

families of profiles can clearly be identified with each individual profile coloured

by heart rate. It is obvious that the echo data is substantially different, yet

there is still a degree of variation between the pressure profiles within the one

catheterisation procedure as illustrated in Figure 4.12(b).

Additional advice was sought from Michael F. O’Rourke, co-author of the

latest editions of the renowned textbook ‘McDonalds Blood Flow in Arteries’

[143]. O’Rourke backed the absolute time method, which involves extend-

ing the profile past the next R-wave for all data so that the wave can then be

clipped at the period corresponding to the desired heart rate, but recognised

that this was a simple approach to the problem and could be inappropriate in

some cases. The main issue with this approach for this research is that each

profile is not periodic, and one is limited in the maximum heart rate one can

model by the shortest beat recorded. It is possible to consider non-periodic

profiles for data fitting, but by the nature of the modelling methodologies out-

lined in the forthcoming chapters the modelled output profiles are periodic.

Therefore, until parameter fitting is further investigated, ensuring periodicity

was deemed the most appropriate way of processing the profile data.
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(a) Pressure and Velocity profile data
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(b) Pressure only data

Figure 4.12: All clinically aquired profiles coloured by heart rate. Pressure profiles only given
in (b)



The incompatibility of the Doppler velocity profiles at the faster heart rates

is emphasized in Figure 4.13. Despite a seemingly good match for the closing

of the valve, the opening of the valve was timed poorly when comparing the

available pressure and Doppler velocity data.
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Figure 4.13: All families of ventricular and main pulmonary artery pressures with scaled
velocity marked in red showing the ejection phase from the ventricle
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Figure 4.14: All clinical pressure profiles directly comparing Normalised and Absolute time
scaling methods

Figure 4.14 shows the change in profile shape by using scaled (dotted) vs.

absolute time (solid line) for each individual ensemble averaged profile for

each available pressure location. The scaled data was rescaled so that the pe-

riod matched that when the absolute time data was clipped. This was at a

period of 0.6s or heart rate of 100 bpm. Currently, the choice of methodol-

ogy is not resolved. Analysis of the simultaneous pressure and velocity data

is needed to shed light on this area as well as to inspire a more consistent

approach.

4.7 Geometrical Data

Two available forms of clinical data were available regarding construction of

a digitised three dimensional geometry: Magnetic Resonance Imaging (MRI);

and Computed Tomography (CT).

Both were available in their raw DICOM format which contains multiple

stacked grayscale images that can be manipulated using specialised software.

The processing of the geometrical data will be discussed fully in Chapter 6,

along with experimental results from the consequential modelling. As the
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MRI and CT data was amongst the available clinical data, it was necessary to

raise awareness of its forthcoming discussion in its own relevant section. A

jpeg image of a slice CT is provided in Figure 4.3(b) alongside the other raw

data formats.

4.8 Concluding Remarks on Clinical Data

In conclusion of this chapter, the implications of the above processing of clin-

ical data is discussed alongside where the clinic and modelling dichotomies

actually can overlap and improve to each others benefit.

4.8.1 Superfluous Digitisation

Given the current technologies deployed in healthcare, the use of digitised

measurement is the prevalent form of data capture. With this in mind, the

retrospective processing of the data manually seems superfluous. Section 4.4

outlines the necessary steps to manipulate data, formerly digitised (by defini-

tion being originally available and stored on computers), from the analogue

pictorial form. It is the author’s belief that with minor adaptations to current

technology, that the waveforms required for the use in model verification/pa-

rameter identification discussed in this thesis could be readily exported in a

more accurate format. Thus removing the manual processing and interpretive

errors introduced with the current methodology.

Depending on the sample rate of any waveform data (pressure or veloci-

ty/flow profiles) the influence of the interpolation methods discussed will di-

minish. Regarding the generation and use of an ensemble average, this could

either be generated within the suggested improved export from the record-

ing source, or creates the opportunity for product development. This product

would be an interface, whether purely software, or including hardware en-

abling direct connection with the original source data, that could record and

swiftly produce ensemble waves once families are identified.

69



An automated profile analyser would require greater understanding of the

distinction between the two methods of processing the temporal element of the

data, and the associated strengths and weaknesses of the respective method-

ologies. Until this understanding is developed, as may be the conclusion from

any investigative study (deemed out with the remit of this present investiga-

tion), both the absolute time (clipping) and normalisation approaches should

be included.

4.8.2 Coordination of Data

The ideal data set for patient-specific modelling would be taken from as con-

sistent haemodynamical circumstances as possible. This would include the

slice imaging data, where MRI provides the greatest potential with the re-

moval of exposure to X-rays and also having the capability to measure flow

data. If the flow/velocity, pressure and geometrical data was all measured as

close to simultaneously as possible, it would overcome many of the compati-

bility issues related to the consistency of data.

Currently, no accurate flow data is measured, and although the velocity

data from echo cardiograms could be used, there is too much uncertainty in

the results to acquire a quantitatively accurate profile. This is in part due to the

lack of explicit quantification of the cross sectional area of the lumen where

the velocity is measured, as well as the issues outlined previously.

Additionally the available measurements are predominantly taken at dif-

ferent times. It would be strongly recommended, particularly in such uncer-

tain circumstances as a single ventricle neonatal circulation, that when col-

lating the available patient-specific data for the purposes of modelling it is

recorded simultaneously from a consistent haemodynamical state. Of course

this is clinically very difficult, but it should be possible, without any addi-

tional constrain on the patient, to manage the timings of the procedure such

that echo and catheterisation procedures were done within the same investi-

gation. If this were to be scheduled to coincide with medical imaging (leading
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to the production of a three dimensional geometric reconstruction) under the

same physiological conditions, a fully consistent data set would be produced.

By achieving a consistent data set, it reduces the risk of identifying parameters

based on disjointed data set and coupling those with an inconsistent geometry.

This approach should be adopted for both pre and post procedure until a

correlation between the two, if it exists has been established. The data gath-

ering outlined above is relevant to a consistent haemodynamical state; the

comparison of pre and post operative lumped circulation parameters would

require further investigation. This would be a critical step in the development

of predictive mathematical modelling, but currently consistent data sets for

multiple patients is lacking.

Another improvement would be to have a more precise labelling of the lo-

cations of the pressure profiles from catheterisation procedures. This would

permit more meaningful lumped circulation models, where each tracing loca-

tion would correspond to a compliant component. Currently all compartments

are generically and arbitrarily located. Ensuring the accurate definition of the

spatial location of profile data from within the cardiovascular tree will remove

the uncertainty in selecting between the families of profiles (e.g. for the de-

scending aorta) and could lead to clearer clinical interpretation of Windkessel

compartments or chambers which will be discussed in the following chapter.

71



Chapter 5

Lumped Circulation Model

5.1 Introduction

A multi-compartmental Windkessel model was adapted from published mod-

els of the post-Norwood circulation and native HLHS circulations [85, 86, 91].

The analogous electrical circuit of the circulations simulated are given in Fig-

ures 5.1 and 5.2. In essence, the differences in this Hybrid circulation model

from the published Norwood variations are that the pulmonary resistance is

dependent on the external diameter of the PAB, and the systemic supply is

via the stented PDA. The stented PDA can be considered as a naturally occur-

ring PA-to-SA shunt. An equation describing the relationship between flow

through and pressure drop across the stent is adapted from a SA-to-PA shunt

published in the literature [5].

This chapter presents the implementation of a subtly altered version of the

post-Norwood circulation study by Shimizu et al. which is later adapted to

simulate the post-Hybrid circulation. A condensed version of this work has

already been published in the medical literature [144]. Shimizu et al. success-

fully reproduced and adapted the original model of a mBT shunt Norwood

circulation presented by Migliavacca et al. [85], while providing greater trans-

parency in their methodological approach. The specific protocols adopted by

Shimizu et al. provides better clinical interpretation of the results, while also

clarifying the limitations of the results and subsequent comparisons of model
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Figure 5.1: Analagous electrical circuit of the post-Norwood Procedure circulations as origi-
nally published by Shimizu et al. [86]

variations [86]. Their methodology is adapted to allow an equally valid clini-

cal comparison based on the same principles (see Section 5.3.1). This essential

step regarding the initial conditions/methodologies is often neglected in pub-

lications in this field, potentially raising concerns over mathematical models

from clinical partners, rather than encouraging their adoption and utilisation.

Although the specific methodology and results will not be presented here,

a multi-compartmental adult model published from an independent group

was successfully reproduced as a basis for our own patient-specific investiga-

tions [137]. This work evolved to look into the inverse problem of identifying

patient specific parameters for both the circulatory constants [87], and those
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Figure 5.2: Analagous electrical circuit of the circulation post-Hybrid Procedure for HLHS

describing the heart [92]. This is a vital step in the future direction of mathe-

matical modelling of the CVS.

The general equations of the heart model adopted and a reiteration of the

equations describing the state variables of pressure, flow and volume for each

cardiac chamber will be presented in this chapter. This is followed by the

specific descriptions of the differences between model configurations. The

successful reproduction and subsequent adaptation of the original Norwood

circulations are briefly validated before a full analysis of the novel Hybrid

circulation model is presented, focusing on clinical relevance. The optimal

Hybrid configuration is then compared to the best performing Norwood con-

figurations before discussing patient-specific lumped parameter modelling.
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Table 5.1: Parameters used in modelling the Hybrid and Norwood repairs for HLHS as
adapted from Shimizu et al. [86]

Heart Rate (beats/min) 160

Period of cardiac cycle, Tc (s) 0.375

Right Ventricle Left Atrium Right Atrium

End Systolic Time, Tes (s) 0.136 0.056 0.056

End Systolic Elastance, Ees (mmHg/ml) 8.5 7.35 7.35

End Diastolic Pressure Volume Relation Scaling Factor, A (mmHg) 0.9 0.17 0.17

End Diastolic Pressure Volume Relation Exponent, B (ml−1) 0.062 0.484 0.484

End Diastolic Volume , V0 (ml) 4 1 1

Pulmonary Valve Tricuspid Valve ASD

Cardiac Resistances, R (mmHg) 4 ×10−4 4 ×10−5 0.001

Characteristic Arterial Venous

Systemic Resistance, R (mmHg · s/ml) 0.20 3.83 0.083

Systemic Capacitace, C (ml/mmHg) 0.44 4.39

Pulmonary Resistance, R (mmHg · s/ml) 0.028 0.63 0.011

Pulmonary Capacitace, C (ml/mmHg) 0.061 0.31 0.89

Index of Pure Viscous Effects, k1 (mmHg ·mm4· s/ml) 57.6

Index of Convective Acceleration, k2 (mmHg ·mm4· s2/ml2) 18.7

5.2 Methods

5.2.1 General Descriptions

Heart

The three chambers of the hypoplastic left heart (right atrium, left atrium and

single ventricle) were modelled with a time varying elastance. This well estab-

lished approach [63, 85, 145] uses a separate pressure-volume (P-V) relation-

ship for systole and diastole and an activation function to switch between the

two in a cyclic manner.

In the present study we described the cardiac chambers of the heart using:

a linear systolic P-V relationship (5.1); an exponential pressure increase dur-
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ing the diastolic filling phase (5.2); and a squared sine wave as the activation

function (5.3); which are combined to give the full P-V relationship (5.4):

Psys = E · (V −V0) (5.1)

Pdia = A
(
eB (V−V0) − 1

)
(5.2)

a(t) =


1
2

(
1− cos

(
tπ
Tps

))
0 < t ≤ 2Tps

0 2Tps < t ≤ Tc
(5.3)

P = a(t) · Psys + [1− a(t)] · Pdia (5.4)

where all parameters symbols and values for each cardiac chamber are defined

in Table 5.1. The parameter values for the left and right atria are assumed

identical. Different values for Tps, the time to peak systole, account for the

difference in duration of ventricular and atrial systole. The delay in onset of

systole between the atria and ventricle was achieved by a temporal translation

of the activation function (5.3), by ∆T .

In this research, the cardiac timings (Tc,Tps, ∆T ) were not varied. The na-

ture of mathematical modelling means that vast amounts of data can be pro-

duced and so caution must be exercised in focusing on the primary questions

addressed by each individual study. The variation of heart-rate, although con-

sidered by Migliavacca et al. [85], has not been simulated by Shimizu at al.

[86] or in the present study. Heart-rate responds to physiological stimuli and

unless a feedback loop is designed for future studies, analysis of heart-rate

variation would overwhelm the study of how varying the geometry affects the

circulation. Additionally, the ratio of systole to diastole has been proposed as

a marker for the performance in single ventricle circulations [142, 146], and

therefore would require specific consideration in any modelling analysis.

Unrestricted communication between the left and right atria was modelled

by adopting a low linear resistance between the two chambers as seen in Fig-
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ures 5.1 and 5.1 and Table 5.1. The Equation for flow determined by linear

resistance is given later in Equation (5.8).

The valves are modelled as ideal diodes such that there is no flow when

the pressure gradient across the valve is reversed against the direction of flow.

Therefore tricuspid regurgitation is not modelled by this study in which the

effect of varying the geometrical configurations was the focus of interest. This

was achieved by the use of a Heaviside function H as shown in Equation (5.5).

A linear resistance was adopted where the pressure drop ∆P is proportional to

the flow Q with the constant of proportionality being the resistance R (5.6).

H(∆P ) =

 1 ∆P ≥ 0

0 ∆P < 0
(5.5)

Q =H(∆P ) · ∆P
R

(5.6)

Different values for this linear resistance were assigned for the tricuspid and

pulmonary valves and can be found in Table 5.1.

Vasculature

For the non-cardiac compliant chambers the pressure was determined by as-

suming a constant compliance, so that given the volume V in the chamber the

blood pressure P could be calculated as:

P =
V
C

(5.7)

which can be seen in the electrical equivalence circuit diagrams (Figures 5.1

and 5.2). Therefore, with the pressures for every chamber known, the flows Q

between them can then readily be determined, using a linear resistance similar

to single Windkessel models:

Q =
∆P
R

(5.8)
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with the resistance value R representative of a specific segment of the total

systemic vascular resistance used in a single Windkessel model. All parame-

ter definitions and values for the vasculature components are given in Table

5.1. The characteristic compliance of the pulmonary circulation as labelled in

Table 5.1 is that of the MPA compliant chamber. It is the addition of this com-

pliant chamber that the present Norwood Procedure circulation models vary

from those published, with negligible difference in results (see Section 5.3.1).

This change was established to allow better comparison between the lumped

Hybrid and Norwood models and more appropriate coupling in the multiscale

model in Chapter 7. The equations modelling the complex resistances of the

stent and the pulmonary arterial banding are replaced by a three dimensional

computational fluid dynamical model in Chapter 6.

5.2.2 Specific Sub-Models

Norwood

To account for non-linear effects through the stent such as inertia and turbu-

lence Shimizu et al. utilise the equation used in [85] which is derived empiri-

cally from computational fluid dynamic simulations of shunt flow [5]:

∆P =
k1Q+ k2Q

2

D4 (5.9)

where D is the diameter of the shunt and has a Poiseuille relationship. The

constants k1 and k2 are defined in Table 5.1. The linear component k1 denotes

the effect of pure viscous effects, while the quadratic component k2 denotes the

convective acceleration. As seen from Figure 5.1, this equation was deployed

in three separate configurations: a mBT shunt (from the additional compliant

chamber representing the pulmonary trunk to the pulmonary artery cham-

ber in the present study), and an open and valved Sano shunt direct from the

ventricle to the pulmonary artery chamber.
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The issue of reversed flow through the shunt required special considera-

tion. As will be discussed below the volumes determine the pressures which

then determine the flows. In the case of the shunt, a quadratic equation must

be solved to determine Q. Between the two known pressure values (P1,P2) is

resistance due to the shunt and the characteristic pulmonary resistance Rpc.

With the two resistances in series, using the quadratic formula the stent flow

is calculated as:

Q = −
k1 +RpcD4

2k2
±

√(
k1 +RpcD4

2k2

)2

+
∆PD4

k2
(5.10)

where ∆P is positive and defined as P1 − P2. The selection of the positive or

negative root depends on the direction of flow i.e. the sign of ∆P . In order to

maintain the definition of positive flow away from the heart, and ∆P = P1 − P2,

such that Q = 0 when ∆P = 0, Q was subsequently defined as:

Q =


−k1+RpcD4

2k2
+

√(
k1+RpcD4

2k2

)2
+ ∆PD4

k2
∆P ≥ 0

+
k1+RpcD4

2k2
−
√(

k1+RpcD4

2k2

)2
− ∆PD4

k2
∆P < 0

(5.11)

This was implemented within the code as:

Q = sgn(∆P )

k1 +RpcD4

2k2
+

√(
k1 +RpcD4

2k2

)2

+
∣∣∣∣∣∆PD4

k2

∣∣∣∣∣
 (5.12)

Appropriate calculation of backflow (Q < 0) was essential, particularly as

retrograde flow through the PDA in diastole is a prominent feature of the Hy-

brid circulation which is discussed in the following section.

Hybrid

For modelling the post-Hybrid circulation, Equation (5.11) was also adopted as

the stenting of the PDA is effectively maintaining a naturally occurring shunt.
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Although this formula has been used for modelling both mBT (SA-PA connec-

tion) and Sano (RV-PA connection) configurations of the Norwood procedure

[85, 86], this is the first use of this equation for stented ductal flow [144]. Using

available data from a pre-stage II repair Hybrid test patient (see Chapter 2),

who received an 8 mm stent and 3 mm PAB, it was found that in this configu-

ration (d = 3 mm, D = 8 mm), the modelled ratio of the pressure drop across

the stent (∆P ) to flow through it (Q) was greater than the clinical data i.e. the

resistance was too high.

The model output was then matched to the clinical data by using a shunt

diameter of 12 mm. Thus the stent diameter D used in (5.11) was determined

by scaling the input stent diameter, D̂ such that:

D = 1.5 · D̂ (5.13)

To the author’s knowledge, no existing model provided an indicative value

for the resistance found in pulmonary banding within the context of a HLHS

circulation. Therefore, pressure profiles from the same catheterization data

used above determined an appropriate reference value. As can be seen from

Figure 5.2, there are two resistive elements: the pulmonary banding and the

characteristic resistance.

The characteristic resistance was fixed at the value found in the literature

[85, 86, 91]. To determine the reference value for the banding resistance R̂band

an averaged pressure drop δP was calculated from the difference between the

mean pressure in the MPA and distal to the PAB. This was then combined with

typical pulmonary perfusion values Q̂p derived from [86], to initially define

total pulmonary resistance R̂pul cf. (5.8):

R̂pul =
δP

Q̂p
(5.14)

The value of R̂pul was calculated as 3 mmHg · s/ml. The reference value for

the banding resistance was then simply R̂band = R̂pul − Rcp. To allow this resis-
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tance to vary with the external diameter of PAB (d), a Poiseuille relationship,

as seen in Equation (5.11), was adopted so that the resistance was inversely

proportional to fourth power of the diameter. Therefore, since the reference

value was derived from a patient who received a 3 mm external banding the

banding resistance Rband was determined by:

Rband = R̂band ·
(3
d

)4
(5.15)

The specification of external banding diameter is a key distinction. Previous

publications modelling the Hybrid Procedure in multiscale modelling [83, 84,

127] simply refer to banding diameter, without making this clinically essential

distinction. The banding diameter for the 3D model of the Hybrid Procedure

in the present study in fact refer to the internal luminal banded diameter.

5.2.3 Implementation and Protocols

Conservation of Flow

The hydraulic equivalent of Kirchoff’s First Law is the conservation of flow.

This is the intuitive law that the change in volume of a compliant chamber

must equal the difference of the flow in and out of that specific chamber. This

leads to the differential equation:

dV
dt

=
∑

Qin −Qout (5.16)

whereQin andQout, the flow in and out of each cardiac chamber respectively, are

determined at each instantaneous time point. By summing all the individual

differential equations for each compliant chamber it is shown that:

dVT
dt

= 0 (5.17)
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where VT is the total stressed blood volume defined as the sum of the volume

in the right ventricle, left and right atria, main pulmonary artery and both

systemic and pulmonary arteries and veins:

VT = VRV +VRA +VLA +VMPA +VSA +VSV +VPA +VP V (5.18)

thus the total stressed blood volume is constant and this is employed as an in-

put parameter, alongside the dimensions of the shunt (D), band (d) and ductal

stent (also denoted D), to the respective models.

5.2.4 Numerical Time Integration

The differential equations above can be solved using many numerical approx-

imations to solve an equation of the form dx
dt = f (x, t) with the forward Euler’s

approach the simplest method which can determine the next term x[n+1] based

on the current solution x[n]. Euler’s forward method determines the next time

step as:

x[n+1] = x[n] −∆t · f (x[n], tn) (5.19)

To write this explicitly for one of the chambers, for example the right ven-

tricle, the equation becomes:

V
[n+1]

RV = V [n]
RV +∆t ·

(
Qtv −Qpv

)
(5.20)

where the subscripts tv and pv denote the tricuspid and pulmonary valves

respectively, n is the current time point, n+1 is the succeeding time point, and

∆t is the difference between the two time points, the time step.

Using the equations in Section 5.2.1 with a known volume (e.g. the initial

solution at t = 0) the pressure can then be determined (e.g. (5.7)) from which

the flow rates are calculated for that time step (e.g. (5.8)). Thus knowing

the flow rates Qin −Qout for each chamber the volume for the next time-step is
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V[0] V[n] P[n] Q[n]

is

n < N

?

n = n+ 1

V[N ],P[N ],Q[N ]


V

P

Q


yes

no

Figure 5.3: Time step process from initial volume vector input to determine final volume,
pressure and flow vectors

determined by (5.19). Figure 5.3 illustrates the process in a flow chart starting

with the initial conditions V[0] as input into the iterative process, with the final

solution vector [V P Q]T the output. This method is valid provided that ∆t is

sufficiently small. In the lumped parameter modelling results presented in

this chapter, a time step of 1× 10−5 was necessary. Evidence of this instability

can be observed in Section 7.2.1 where the time step is reduced by a factor of

ten.

An explicit numerical time integration method, although prone to instabil-

ity unless the time step is small, was selected for consistency throughout mod-

elling methodologies to permit valid comparisons. This will be commented on

further in Chapter 7. Similar simulations were performed with other other ex-

plicit methods, and an implicit method could have been adopted. This would

have permitted a more stable solution with a larger time step, but may have

increased computational complexity and it would have required iterating be-

tween the current time step value, n, and guesses for the next time step, n+ 1,

multiple times before determining the solution at the next time point. This

was also dependent on having a function describing all state variables (pres-

sure/flow) which is not the case in the work presented in Chapter 7.

By defining the input parameters of total stressed blood volume VT , and

the physical constraints (d,D), the state equations above were solved simulta-

neously upon using the Forward Euler’s method. Initially VT was distributed

appropriately between the compliant chambers and a sufficient number of

heart cycles were simulated to ensure periodic convergence. All simulations
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were carried out by user defined *.m files using the software package MATLAB

(MathWorks Inc., Natick, MA) which can be found in Appendix D.

5.2.5 Model Protocols

To allow a valid comparison between the different configurations, the method-

ology used by Shimizu et al. [86] was adopted. This involved varying the

total stressed blood volume to match the mean MPA pressure. The reference

value used was taken from the 4 mm Blalock-Taußig model configuration with

VT = 80 ml. The mean MPA pressure used for matching was 58.514 mmHg as

found in the results below.

To simulate different configurations of the Hybrid Procedure the external

diameters of the PAB and stent were incrementally increased by 0.5 mm from

2.5 to 4 mm, and by 1 mm from 7 to 10 mm (initially) respectively.

Following the results and analysis of matching the mean MPA pressure, the

study was repeated by matching the cardiac output at various levels. A range

of cardiac outputs that would cover a spread of potential cardiac scenarios was

adopted: 0.5, 1.0, 1.5, 2.0, 3.0 l/min. The cardiac output of 1.73 l/min from

the reference configuration of 3 mm external banding and 8 mm stent for the

fixed mean MPA pressure data was also included. This allows insight into

the performance of the possible hybrid configurations of limited ventricular

capabilities.

As this is a generalised non-specific HLHS patient, it is difficult to apply

a generic body surface area (BSA) to allow a suitable scaling to allow compar-

ison of the results with published clinical outcomes. Specifically for hybrid

patients, the limited published BSA data range from 0.18 to 0.25 m2 (mean

0.213 m2) [147], which is lower than the typical HLHS patient (typically a

Norwood Procedure candidate) of 0.33 m2 [85], although this reference does

not match the Norwood results published by Li et al. [147]. This could be as

a result of the use of the Hybrid Procedure for high-risk HLHS patients. With
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limited available published data on BSA for HLHS, the generic value of 0.3 m2

given in [91] is a reasonable value to compare cardiac index (cardiac output

divided by BSA), the conventionally published outcome. This range of values

however, leads to the cardiac output from the model being scaled by a value

anywhere from 3 to 5 to allow comparisons with published cardiac index val-

ues. Therefore direct comparison to the values published in the literature for

Hybrid (2.6 l/min/m2 [147]) and general HLHS patients (6.18 l/min/m2 [85];

4.2 [148]; ≈ 10 l/min/m2 [149]) is not ideal. Using the BSA value of 0.33 m2

this cardiac output results in a cardiac index of 5.24 l/min/m2 which matches

those of a standard HLH patient.

Finally, the effect of an occluded ductal stent was investigated for all con-

figurations of the Hybrid (maintaining both mean MPA pressure and a range

of cardiac outputs). The full range of ductal stent diameters was 4 mm to

10 mm, again in 1 mm steps.

The matching of the total stressed blood volume to the constant mean MPA

pressure and cardiac outputs was achieved using the Method of False Position.

This is a numerical technique that “guesses” two initial total stressed blood

volumes that provide outcome values greater and less than the targeted value

(e.g. cardiac output of 1.73 l/min), and iterates until the VT which matches

the haemodynamical outcome is determined within a sufficient tolerance.

5.2.6 Calculation of Arterial and Venous Saturation and Oxy-

gen Delivery

To determine the oxygen saturations and delivery associated with the circu-

lation there are several parameters that need to be defined. Firstly the maxi-

mal oxygen carrying capacity of blood, Ô2, is determined using the maximum

amount of oxygen carried per gram of haemoglobin (1.34 ml O2/g) and the
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haemoglobin concentration (165.2 g/l) [85]:

Ô2 = 1.34× 16.52

= 22.14 ml O2

l

(5.21)

Dissolved oxygen in the blood is neglected in this calculation, although

clinically this can effect the pulmonary vascular resistance which decreases

with increased oxygen levels. As the binding of oxygen to the haemoglobin

in the blood rarely 100% efficient, the oxygen content in the pulmonary vein,

CPVO2, (fully oxygenated) is determined by multiplying the oxygen carrying

capacity by the (assumed constant) pulmonary vein saturation SPVO2 of 98%

[124]:

CPVO2 = SPVO2 × Ô2

= 0.98× 22.14

= 21.69ml O2/(l m2)

(5.22)

To determine the oxygen delivery and the arterial and venous saturations

we must define three balancing equations. Equation (5.23) balances the flow

of oxygen into the pulmonary veins with the flow of oxygen going into the

lungs in addition to the uptake of oxygen during respiration (SV̇O2). Similarly

Equation (5.24) balances the oxygen content returning to the heart with the

oxygen content supplied to the body minus the oxygen consumption by the

body. Finally Equation (5.25) applies the steady-state condition for oxygen

mass conservation where the oxygen uptake in the lungs is equal to the oxygen

consumption of the body. The oxygen consumption rate of 185 ml O2/min/ m2

is adopted from the literature [150]:

Qp ·CPVO2 =Qp ·CaO2 + SV̇O2 ·BSA (5.23)

Qs ·CvO2 =Qs ·CaO2 −CV̇O2 ·BSA (5.24)

CV̇O2 = SV̇O2 (5.25)
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Upon rearranging Equation (5.23) and substituting Equation (5.25) the ar-

terial oxygen content can be calculated from Equation (5.26):

CaO2 = CPVO2 −
CV̇O2 ·BSA

Qp
(5.26)

The oxygen delivery is then determined by multiplying the arterial oxygen

content by the systemic flow rate, normalised by the body surface area:

DO2 = Qs
BSA ·CaO2

= Qs
BSA

(
CPVO2 −

CV̇O2·BSA
Qp

)

= Qs
0.33

(
21.69− 61.05

Qp

)
(5.27)

The arterial and venous saturations are calculated by dividing the arterial

and venous oxygen content respectively by the oxygen carrying capacity of the

blood:

SaO2 =
CaO2

Ô2

(5.28)

SvO2 =
CvO2

Ô2

(5.29)

where SvO2 is calculated from Equation (5.24).

This derivation was adapted from the work presented by Bove et al. [124].

In the following sections where a direct comparison is made to the results of

Shimizu et al. the oxygen saturation and delivery calculations use the follow

constants: Haemoglobin concentration of 160 g/l, body surface area of 0.2 m2

and pulmonary vein saturation of 97% [86]. This accounts for any perceived

discrepancies in adapted model and subsequent Hybrid model results with the

results from the direct reproduction.
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5.2.7 Circulatory Parameters

Throughout the present study, all circulatory parameters (listed in Table 5.1)

are kept constant i.e. are fixed. This is to maintain a valid haemodynamical

comparison and to permit the investigation of changing the dimensions of the

banding and stent diameters, in addition to assessing the methodological ap-

proaches regarding the varying of total stressed blood volume. This limitation

of the current study is discussed further in Section 5.4.

5.3 Outcomes

The results of the simulations of the models outlined above are now pre-

sented. First identical reproduction followed by the adapted Norwood models

are compared with the original work [86]. Following this, an analysis of the

haemodynamical and ventricular performance of the Hybrid Procedure under

different configurations is performed. The clinical implications of these results

are then discussed. Finally, the optimal configuration of the Hybrid circula-

tion is compared with the optimal Norwood configurations given by Shimizu

et al. [86].

5.3.1 Norwood Circulation

The conclusions from the original publication regarding the Norwood config-

urations by Shimizu et al. [86] were:

”[The] use of the valved or non-valved [Sano] shunt eliminated pulmonary over-cir-

culation which was observed when using the systemic to pulmonary artery shunt (modified

BlalockTaußig shunt). Although the valved [Sano] shunt improved pulmonary blood supply

and consequently increased pulmonary artery flow and oxygen saturation compared to the

non-valved [Sano] shunt, the non-valved [Sano] shunt improved ventricular energetics in

spite of the presence of PA to RV regurgitation.”
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Upon reviewing the results, as suggested by the analysis presented within

the article, the optimal configurations are 3.5 mm for the mBT shunt, 5 mm for

the valved and 6 mm for the non-valved Sano Shunt. These configurations are

used for comparison between the direct reproduction analysis and the adapta-

tion method, which separates the systemic compliance to include an addition

compliant chamber representing the neoaorta. The neoaortic compliance is

given an identical value to the main pulmonary artery compliance in the Hy-

brid model, defined in Table 5.1 as characteristic pulmonary compliance, since

the neoaorta is reconstructed from the pulmonary trunk.

Direct Reproduction

Table 5.2 shows the reproduced results, the published results and the percent-

age difference for the three optimal configurations. As can be seen from the

table, results correlate well, and all outcomes are within 3% at worst, with the

difference in the majority of outcomes negligible. In the original publication,

the results were rounded, in the most cases, to three significant figures. It was

also established, through personal communication, that the Simulink toolbox

for Matlab was utilised in the original study, while in our research all sim-

ulations were manually coded. These factors may account for the marginal

discrepancies. Therefore, it was with confidence that this model was adapted

to include the additional compliant chamber, resulting in a simplification of its

execution, and later leading to the construction of the post-Hybrid circulation

model.

Adapted Norwood Circulation

In adding the additional compliant chamber (the value of which is subtracted

from the original compliance value of the systemic arteries to maintain to-

tal compliance [86, 144]) there are slight variations in results. These are more

prominent in the BT shunt configuration, likely due to the fact that Sano shunt

bypasses the additional chamber, with simulated blood flow passing directly

from the right ventricle to the pulmonary artery chamber. The total stressed
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Table 5.2: Direct comparison between reproduction of Shimizu et al. and published results
[86]. RVEDV: Right Ventricle End Diastolic Volume; PVA: Pressure-Volume Area
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Table 5.3: Comparison between adapted Norwood model and reproduced results of Shimizu
et al.[86]. RVEDV: Right Ventricle End Diastolic Volume; PVA: Pressure-Volume Area
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blood volume is matched to the published value in the original paper, and

upon viewing that the mean MPA varies (which is controlled at 58.7 mmHg),

VT could be adjusted to maintain it as specified in the original methodology.

However, the purpose of Table 5.3 is to illustrate the effect solely of the inclu-

sion of an additional compliant chamber, separated from one of the existing

chambers, therefore identical stressed blood volumes were used.

To avoid the complexity of the full Norwood models, which require spe-

cial consideration to determine flow through the mBT shunt depending on

whether the valve is open or not, the flow was considered from the systemic

artery chamber for the present adapted model. This is opposed to originating

from an additional systemic node between the MPA and the systemic artery

chambers. This vastly reduces the complexity of the code, improves its effi-

ciency, and accounts for the slight variation between the direct reproduction

and adapted models.

The most notable differences across all configurations is the decrease in

stroke work and pressure-volume area (PVA). The decreases in stroke work

of between 4.5% and 11% represent an absolute drop of between 100 and

40 mmHg ·ml for each configuration. The differences of the all remaining out-

comes from the Sano shunt models are approximately within 5%, with many

have less than one percentage point of a discrepancy.

Specifically for the mBT shunt, there is over a 6 mmHg (7.3 %) drop in

systolic MPA pressure. It is this difference that accounts for the only outcome

with a discrepancy greater than 11%: The diastolic run-off to the pulmonary

system (i.e. the stealing of systemic flow) is reduced by 25%. As the peak

systolic pressure is lower there is less of a pressure difference across the stent in

diastole, thus reducing the pulmonary flow during diastole. This discrepancy,

as described above, is the only substantial disparity as a consequence of the

simplification to the calculation of stent flow.

Upon comparing the differences, only the stroke work, PVA and systolic

MPA pressures incur noteworthy changes, all of which are reductions. There-
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fore there was no evidence to raise concerns over the adjustment. Variations

from the published model can be negated by fixing the mean MPA pressure

and varying the stressed blood volume accordingly to match.

5.3.2 Hybrid Circulation

Effect of PAB diameter

The haemodynamic results of the simulations with a ductal stent diameter of

8mm are summarised in Table 5.4, while the pressure and flow profiles for all

band diameters with an 8 mm stent diameter as well as the pressure-volume

loops are presented in Figure 5.4. Decrease in ductal stent diameter over the

range 10 to 7 mm had a negligible haemodynamic effect. Hence, the results

of the reference stent diameter is selected for presentation and discussion of

the effect of varying internal PAB diameter. The case of a restrictive ductal

stent will be discussed in the following section for a specified band diameter

of 3 mm.

To validate the above assertion, the effect of varying the stent diameter

from 7 to 10 mm is now surmised: The reduction of ductal stent diameter

reduced systemic systolic pressure from 77 mmHg with a 10 mm stent to

72 mmHg with a 7 mm stent (PAB = 3 mm). The greatest systemic systolic

pressure variation as a result of stent diameter occurred at the loosest band-

ing of 4 mm, yet only varied by 7.5 mmHg. The increase in ventricular stroke

work as ductal diameter is reduced for the reference PAB of 3 mm was 781.9 to

790 mmHg ·ml, while for the 4 mm banding was from 1346.4 to 1370.1 mmHg

· ml. Following from this, the cardiac output varied negligibly as the ductal

diameter was restricted from 10 mm to 7 mm (less than 0.03 l/min). Little

improvement to systemic oxygen delivery, DO2, was demonstrated (365.50 to

368.94 ml O2/min/m2).

An increase in PAB diameter from 2.5 to 4 mm was associated with an

increased Qp : Qs (0.61 to 2.66), predominantly as a result of an increase in
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Figure 5.4: Hemodynamical profiles and pressure-volume loop of simulation with 8 mm duc-
tal stent diameter, varying band diameter and fixed mean MPA pressure of 58.5 mmHg



Table 5.4: Hemodynamical data for Hybrid Circulation with varying pulmonary arterial
banding and fixed ductal stent of 8 mm and mean MPA pressure of 58.51 mmHg

Band Diameter (mm) 2.5 3.0 3.5 4.0

Systolic MPA Pressure (mmHg) 78.55 83.21 88.52 93.19

Diastolic MPA Pressure (mmHg) 48.24 45.67 43.01 40.93

Mean MPA Pressure (mmHg) 58.51 58.51 58.51 58.51

Systolic Systemic Pressure (mmHg) 72.10 74.62 77.31 79.51

Diastolic Systemic Pressure (mmHg) 48.27 45.77 43.21 41.22

Mean Systemic Pressure (mmHg) 57.45 57.10 56.72 56.40

Mean Pulmonary Pressure (mmHg) 7.09 12.42 19.25 26.63

Cardiac Output (l/min) 1.32 1.73 2.25 2.80

Pulmonary Flow (l/min) 0.50 0.93 1.47 2.03

Systemic Flow (l/min) 0.82 0.80 0.79 0.77

Pulmonary-Systemic Flow Ratio 0.61 1.16 1.87 2.66

Stent Backflow (l/min) -0.20 -0.40 -0.61 -0.78

Systemic Oxygen Saturation (%) 42.91 68.36 79.22 84.44

Venous Oxygen Saturation (%) 9.13 34.03 44.13 48.42

Systemic Oxygen delivery (ml O2/min/m2) 234.97 368.39 417.61 433.67

Total Stressed Blood Volume (ml) 65.87 72.50 81.56 92.09

RVEDV (ml) 20.21 22.88 26.13 29.46

Stroke Work (mmHgcdotml) 576.29 786.48 1062.22 1360.08

Systolic pva (mmHgcdotml) 843.69 1059.60 1339.10 1638.19

Mechanical Efficiency (%) 68.31 74.22 79.32 83.02



pulmonary flow (0.5 to 2 l/min). In comparison, the systemic perfusion was

slightly reduced (0.82 to 0.77 l/min). The decrease in resistance to pulmonary

flow also resulted in increased diastolic stent backflow (-0.2 to -0.78 l/min)

so almost all of the substantial increase in cardiac output (1.3 to 2.8 l/min)

entered the pulmonary circulation. This is reflected in the increase in ventric-

ular stroke work required to maintain the mean systemic MPA pressure (576

to 1360 mmHg ·ml - see pressure-volume loop of the single ventricle in Figure

5.4(c)).

As both the systemic diastolic pressure decreased (48.3 to 41.2 mmHg)

and systolic pressure increased (72.1 to 79.5 mmHg) when applying looser

bands, the pulse pressure in the systemic arteries notably increased (23.8 to

38.3 mmHg). This is seen in the full pressure profiles shown in Figure 5.4(a).

Mean pulmonary artery pressure (distal to banding site) increased with larger

banding diameter from 7.09 to 26.63 mmHg for an external banding of 2.5 mm

to 4.0 mm. Arterial and venous saturations also increased, SaO2 from 43% to

84% and SvO2 from 9% to 48% with decreasing pulmonary resistance from

looser banding. The jumps in systemic oxygen delivery (235-to-368-to-418-to-

434 l/min; 2.5-to-4 mm) show that decreasing the pulmonary banding impairs

the oxygen delivery, while continual reduction of pulmonary resistance slows

the rate of increase in oxygen delivery.

In order to maintain the mean MPA pressure and facilitate the increase in

cardiac output, the stressed blood volume must increase from 65.87 to 92.09

ml as the external banding diameter increases from 2.5 to 4 mm. This method-

ology, which allows the increase of cardiac output, is the main reason for the

increase of oxygen delivery. If we consider the oxygen delivery per litre per

minute of cardiac output or normalised by stroke work we see that the most

efficient, optimal outcome in both cases is the 3 mm banding as given in Table

5.5.

The tightness of PAB had the expected influence on the Qp : Qs ratio as

found in clinical experience (Figure 5.5(a)). The results of this work verify the
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Table 5.5: Normalised systemic oxygen delivery

2.5 mm 3.0 mm 3.5 mm 4.0 mm

O2 delivery 234.97 368.39 417.61 433.67

O2 delivery normalised by cardiac output 178.01 212.94 185.60 154.88

O2 delivery normalised by stroke work 0.41 0.47 0.39 0.32

clinical observation that this variability is driven by the pulmonary circula-

tion rather than the systemic when the mean main pulmonary artery pressure

is maintained at 58.5 mmHg. Despite increased cardiac output with larger

banding, the systemic supply decreases (see Figure 5.5(b)) which can be at-

tributed to the increase in diastolic backflow through the stented ductus. The

consequence of this is the compromised diastolic systemic flow could impact

retrograde aortic arch supply to the brain and the coronary arteries, the lat-

ter of which is predominantly perfused in diastole [151]. The diastolic MPA

pressure reduces as the pulmonary band is widened further highlighting this

concern as shown in Figure 5.5(d). Another conclusion from this investigation

is that the PAB does not have a significant effect on the systolic systemic per-

fusion, but by reducing the resistance to flow into the pulmonary circulation,

it results in greater diastolic steal.

The increase in pulmonary flow, as would be expected, increased both the

arterial and venous saturation levels as the greater flow to the lungs results

in greater oxygenation of the blood. The increase in oxygenation comes at a

greater cost and this must be balanced in identifying the optimal banding. The

exposure to elevated pulmonary artery pressure distal to the banding resulting

from looser bands increases the risk of pulmonary vascular disease [152, 153].

The results demonstrate that, in this model, the systemic haemodynam-

ics distal to the stent vary little with pulmonary banding or stent diameter

when the mean MPA pressure is maintained. This would suggest looking at

the clinical options available to alter the systemic vascular resistance, such

as through administration of vasodilators, or altering the blood volume with
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Figure 5.5: Hemodynamical outcomes of simulation with varying pulmonary arterial band-
ing, fixed 8 mm ductal stent diameter and constant mean MPA pressure of 58.5 mmHg

diuretics. This could be simulated within the current model, provided appro-

priate values for the resistance constants could be determined. As the focus

was on patient-specific modelling, and there was no quantitative relationship

between the lumped resistances and pharmacological agents, this investiga-

tion was not performed. Additionally, the contractility of the ventricle could

be altered clinically by the administration of pharmaceutical agents such as

catecholamines. This can be simulated by adjusting the parameter ARV , the

gradient of the maximum elastance line as seen in Figure 5.4(c). In both cases,

the overwhelming quantity of additional data and analysis that would have

been required from these investigations was outside the scope of this research,

which was addressed the question of optimising the surgical configuration of

the Hybrid Procedure.

98



The configuration that resulted in the optimal haemodynamics of the hy-

brid circulation was an external PAB of 3 mm diameter and a stented ductus

arteriosus of 8 mm or greater (as there was no distinguishable benefits to an

expanded stent). See Table 5.4 for the full list of hemodyamical outcomes as

well as those presented in Table 5.5. This conclusion was reached as there

is only a slight drop in ventricular demand and negligible effect in all other

outcomes with an enlarged stent. The risk of rupture or other clinical com-

plications of over-stretching the ductus was considered too high. Due to the

broad anatomical variation found within this cohort of patients, these results

suggest that the stent should aim to maintain the maximal ductal diameter

unless the patient presents with a restricted ductus.

Autonomic responses would most likely cause the mean MPA pressure

to vary rather than increasing the cardiac output, as this methodology does,

which would reduce the ventricular demands. The results warrant caution

over loose pulmonary banding due to the general increases in the ventricular

demand observed. The myocardial supply is also threatened as a result of the

reduced systemic diastolic pressure and increased diastolic steal. This may

compromise patients dependent on retrograde aortic flow for myocardial and

cerebral supply. The band diameter that was most efficient at oxygen delivery

was the 3 mm exterior banding.

Effect of Ductal Stent Occulsion

When restricting the ductal stent significant haemodynamical effects are found

beyond the critical value of 7 mm. For the restricted duct discussion, the re-

sults for a controlled cardiac output of 1.73 l/min and PAB of 3 mm are given

in Table 5.6. This effect was seen across all configurations, and cardiac out-

puts, thus the analysis is succinctly presented by this case. Restricted ductal

patency significantly reduced systemic supply (0.8 to 0.73 l/min, 7 to 4 mm),

increased Qp : Qs (1.17 to 1.36) and ventricular workload increased (797 to

910 mmHg · ml) to overcome the greater resistance. Figure 5.6 illustrates the

effect of ductal stent diameter decrease, emphasising the deterioration point

99



Table 5.6: Hemodynamical data for Hybrid Circulation with varying ductal stent diameter
and fixed pulmonary banding of 3mm and cardiac output of 1.73 l/min

Stent Diameter (mm) 4.0 5.0 6.0 7.0 8.0 9.0 10.0

Systolic MPA Pressure (mmHg) 104.42 94.76 88.86 85.26 83.02 81.59 80.66

Diastolic MPA Pressure (mmHg) 42.41 44.13 44.95 45.35 45.57 45.69 45.77

Mean MPA Pressure (mmHg) 63.07 60.72 59.48 58.77 58.37 58.14 57.99

Systolic Systemic Pressure (mmHg) 61.87 66.89 70.34 72.76 74.46 75.65 76.47

Diastolic Systemic Pressure (mmHg) 43.68 44.70 45.24 45.51 45.66 45.75 45.81

Mean Systemic Pressure (mmHg) 52.68 54.78 55.94 56.59 56.98 57.21 57.36

Systolic Pulmonary Pressure (mmHg) 15.60 14.56 13.97 13.65 13.46 13.35 13.28

Diastolic Pulmonary Pressure (mmHg) 11.69 11.46 11.35 11.29 11.26 11.24 11.23

Mean Pulmonary Pressure (mmHg) 13.63 13.00 12.67 12.49 12.39 12.33 12.30

Cardiac Output (l/min) 1.73 1.73 1.73 1.73 1.73 1.73 1.73

Pulmonary Flow (l/min) 1.00 0.96 0.95 0.93 0.93 0.92 0.92

Systemic Flow (l/min) 0.73 0.77 0.79 0.80 0.80 0.81 0.81

Pulmonary-Systemic Flow Ratio 1.36 1.26 1.20 1.17 1.16 1.15 1.14

Stent Backflow (l/min) -0.26 -0.32 -0.36 -0.39 -0.40 -0.41 -0.41

Systemic Oxygen Saturation (%) 70.37 69.38 68.82 68.49 68.29 68.18 68.10

Venous Oxygen Saturation (%) 32.70 33.40 33.70 33.82 33.89 33.93 33.95

Systemic Oxygen delivery (ml O2/min/m2) 345.62 356.71 362.49 365.50 367.25 368.29 368.94

Total Stressed Blood Volume (ml) 76.69 74.34 73.17 72.60 72.33 72.19 72.12

RVEDV (ml) 25.48 24.11 23.38 23.02 22.84 22.74 22.69

Stroke Work (mmHg ·ml) 910.21 855.28 819.57 796.99 783.01 774.08 678.29

Systolic PVA (mmHg ·ml) 1394.45 1222.50 1130.70 1081.65 1054.86 1039.36 1029.96

Mechanical Efficiency (%) 65.27 69.96 72.48 73.68 74.23 74.48 74.59

at 7 mm. Table 5.6 also highlights the decrease in mechanical efficiency and

the increase in the oxygen requirement of the heart as represented by the PVA

increase. This concurs with the clinical experience where stenotic stents or

resistion at ductal level is associated with adverse clinical outcome [25, 154].

Once above the threshold for an unrestrictive stent (7mm), lowering the

resistance further (increasing diameter up to 10 mm) has no substantial effect,

even with varying PAB diameter. This shows that with a non-restrictive stent,

the resistance in the peripheral circulation dominates, and a larger stent has

no beneficial effect.
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Figure 5.6: Hemodynamical outcomes of simulation with 3 mm pulmonary arterial banding,
fixed cardiac output of 1.73 l/min and varying ductal stent diameter

This study was able to determine the effect of a restrictive stent which can

often be difficult to acutely identify clinically. The increased ventricular de-

mand in the short-term is likely to lead to impaired long-term ventricular

function. Therefore, the lower ventricular demands for the reduced cardiac

output could be masking the subtle onset of stent occlusion when investigated

invasively or by Doppler.

Ventricular Demands

One of the consequences of the matching of the mean MPA pressure for all

configurations, as in the study by Shimizu et al. [86], is the infinite potential

for increasing ventricular workload by increasing total stressed blood volume.

As can be seen in Figure 5.4(c), the stroke work (area of the pressure-volume

loop) is increased to accommodate the increase in cardiac output and enforced

maintenance of mean MPA pressure at 58.51 mmHg.
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The assumption that the body will continue to maintain the mean MPA

pressure when faced with different circulation configurations is not entirely

physiologically realistic; it is a necessary over-simplification of the response of

the body to a complex condition such as hypoplastic left heart syndrome. The

heart is limited with respect to the stroke work and cardiac output the single

ventricle can generate. This was the motivation behind the novel specified

cardiac output analysis in the section below.

Potentially the most illuminating result of the simulation is with respect to

the myocardial oxygen demand. In the case of aortic atresia, as modelled in

this study of HLHS repaired with the Hybrid Procedure, coronary perfusion is

supplied via retrograde flow in the aortic arch. As the demands on the ventri-

cle increase, the supply of oxygenated blood to the the ventricle must also be

increased. However, as can be seen in Table 5.4 and Figure 5.5(d), the diastolic

pressure distal to the ductus decreases with looser banding, while the ven-

tricular demand increases. This raises concerns over the cardiac performance

of the patient as myocardial demand is not satisfied by the implied decrease

in oxygen supply from reduced coronary perfusion in the otherwise superior

configurations. This result would promote extreme caution in ensuring a suf-

ficiently tight banding, otherwise the ventricular demand will increase, which

combined with impaired coronary perfusion, would lead to ventricular dys-

function.

Regulated Cardiac Output

The analysis of the Hybrid circulation simulations with a regulated cardiac

output shows that for the range of valid clinical outcomes of the model, the

3 mm banding is optimal, with 3.5 mm suitable for larger babies with greater

cardiac output. This matches what is found in clinical practice [28].

The results from the controlled cardiac output simulations for a Hybrid

configuration of 3 mm PAB and 8 mm ductal stent are listed in Table 5.7. The

trends found in varying PAB in the previous section were similar for all cardiac

102



P
u
lm

o
n
ar
y
-S
y
st
em

ic

F
lo
w

R
at
io

Cardiac Output (l/min)
0.5 1 1.5 2 2.5 3

0.5

1

1.5

2

(a) Pulmonary-Systemic flow ratio

S
y
st
em

ic
p
er
fu
si
o
n

(l
/m

in
)

Cardiac output (l/min)
0.5 1 1.5 2 2.5 3

0.2

0.4

0.6

0.8

1

1.2

1.4

1.6

1.8

(b) Systemic flow

S
y
st
em

ic
o
x
y
g
en

d
el
iv
er
y

(m
l
O

2
/m

in
/m

2
)

Cardiac output (l/min)
0.5 1 1.5 2 2.5 3

0

200

400

600

800

(c) Systemic oxygen delivery

S
tr
o
k
e
w
o
rk

(m
l
·
m
m
H
g
)

Cardiac output (l/min)
0.5 1 1.5 2 2.5 3

0

500

1000

1500

2000

2500

(d) Stroke work

Figure 5.7: Hemodynamical outcomes of simulation with 3 mm pulmonary arterial banding
and 8 mm ductal stent diameter varying cardiac output

outputs simulated with the exception of systemic oxygen delivery. As PAB is

increased systemic flow decreases as found when varying the banding while

maintaining mean MPA pressure (see Figure 5.5). The increase in PAB has a

greater effect as cardiac output is increased.

It is found, from Figure 5.7(c), that the tighter banding produces better

results for lower cardiac outputs and that effect is reversed for larger cardiac

outputs. This very much supports the clinical assertion that lower birth weight

patients should receive a tighter banding, however raises concerns over the

future performance with growth. As no variation of the circulatory constants

was able to be investigated to account for growth due to the scale of this task,

it is cited as a precaution and a suggestion for future work.

Targeting predefined cardiac output values has no discernible effect on

Qp : Qs (Figure 5.7(a)). It is controlled by the external banding diameter (see
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Figure 5.5(a)). From looking at the selected results presented in Table 5.7,

we see that unphysiological results are obtained from the two extreme car-

diac output values. Due to the ability of the model to mathematically match

the desired output (mean MPA/cardiac output) by adjusting the total stressed

blood volume, unphysiological results may be obtained, as in this case. This is

best illustrated by the extremely high and low MPA pressures and the stroke

work outcome. When compared with the range of results for the Norwood

circulation, stroke work has some unrealistically high values (C.O. = 3 l/min)

and concerningly low values (C.O. = 0.5, 1 l/min). Figure 5.8(a) visualises

these unphysiological results. Figure 5.8 best illustrates the conclusion that

this model is only appropriate for the cardiac output range of 1 to 2 l/min.

The haemodynamical data outwith this range is unphysiological, particularly

so for the MPA (see Table 5.7).

Figure 5.8 also correlates well with clinical practice. Assuming that larger

babies produce a larger cardiac output, this validates the practice that 3 mm

PAB diameters are set for lower birth weight patients, while larger birth weights

receive a 3.5 mm PA banding. We can see from the figure that the 3 mm band-

ing best spans the physiological systemic perfusion rate for low-to-normal

birth weights, with the 3.5 mm banding best spanning the normal-to-high

range (where cardiac output is considered a surrogate for birth weight). A

clinically relevant conclusion from this study is that tighter PABs maintain

systemic perfusion at lower cardiac outputs.

One outcome that requires explanation is the negative oxygenation values

for a lower cardiac outputs, which is an obvious unphysiological result. Upon

reviewing the calculation found in Equation (5.29), this can be accounted for

as a result of the the arterial oxygen supply being reduced as pulmonary flow

decreases (see Equation (5.28)) and the systemic flow increasing, while the

whole body oxygen consumption rate remains constant, which would obvi-

ously change with limited cardiac supply. This highlights another model sim-

plification which is inappropriate in the extreme cases.
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Figure 5.8: Haemodynamical outcomes with physiological reference regions as cardiac output
is increased for different banding diameters

Total Stressed Blood Volume

As defined in the methodology of these simulations, the total stressed blood

volume must be varied significantly to maintain either the mean MPA pres-

sure, or cardiac output, to permit valid comparisons. This parameter is under-

scrutinised in the literature, but as it is the main input parameter as described

in the Methods section, it is vital. From current clinical perspective, there is

no physiological measurement or observation that would supply an indicative

value for future work such as patient specific circulation models. The total

stressed blood volume can be considered as a lumped initial condition param-

eter, which then stabilises to periodically stable solution. Discussion of initial

conditions for lumped circulation models for the modelling of repairs of HLHS

are limited in the literature.

Current protocols dictate that this value must change to arrive at the de-

sired clinical constraint, in this case the mean MPA pressure and specified

cardiac output. It is stressed, however, that a fuller clinical context for this

parameter is an essential step forward in cardiovascular, particularly patient-

specific, modelling. Determining a clinically accepted range for this parame-
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Table 5.7: Hemodynamical data for Hybrid Circulation with varying cardiac output for 3 mm
banding and 8 mm ductal stent

Cardiac output (l/min) 0.5 1.0 1.5 1.73 2.0 3.0

Systolic MPA Pressure (mmHg) 22.95 46.77 71.40 83.02 96.92 151.36

Diastolic MPA Pressure (mmHg) 13.01 26.10 39.36 45.57 52.97 82.10

Mean MPA Pressure (mmHg) 16.51 33.27 50.36 58.37 67.93 105.36

Systolic Systemic Pressure (mmHg) 22.00 43.48 64.71 74.46 85.95 129.65

Diastolic Systemic Pressure (mmHg) 13.02 26.13 39.44 45.66 53.09 82.35

Mean Systemic Pressure (mmHg) 16.37 32.76 49.29 56.98 66.11 101.56

Mean Pulmonary Pressure (mmHg) 3.32 6.81 10.54 12.39 14.69 25.03

Pulmonary Flow (l/min) 0.27 0.53 0.80 0.93 1.07 1.62

Systemic Flow (l/min) 0.23 0.47 0.70 0.80 0.93 1.38

Pulmonary-Systemic Flow Ratio 1.14 1.15 1.15 1.16 1.16 1.18

Stent Backflow (l/min) -0.12 -0.24 -0.35 -0.40 -0.46 -0.67

Systemic Oxygen Saturation (%) -5.58 46.38 63.69 68.29 72.34 80.99

Venous Oxygen Saturation (%) -123.56 -12.83 24.08 33.89 42.53 60.98

Systemic Oxygen Delivery (ml O2/min/m2) -8.75 144.90 297.43 367.25 448.96 748.77

Total Stressed Blood Volume (ml) 23.48 42.02 62.23 72.33 85.03 143.46

RVEDV (ml) 9.37 14.79 20.28 22.84 25.86 37.41

Stroke Work (mmHg ·ml) 63.75 257.83 585.98 783.01 1052.16 2420.52

Systolic PVA (mmHg ·ml) 83.52 342.82 786.22 1054.86 1424.59 3352.58

Mechanical Efficiency (%) 76.32 75.21 74.53 74.23 73.86 72.20

ter is important, and is likely to depend on the number of compliant chambers

used in the circulatory model.

Table 5.8 shows the change in haemodynamical results as the total stressed

blood volume is varied between 60 and 90 ml. There is a clear trend that

when the total stressed blood volume is increased, all other outcomes increase

linearly with the exception of mean PA pressure (which decreases linearly) and

with the pulmonary-systemic flow ratio which remains constant. The analysis

of linearity will be addressed in greater depth in the coupled model analysis

to avoid repetition of similar analysis and can be found in Section 7.3.2. A

statistical analysis of linear trend will be presented.
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Table 5.8: Hemodynamical data of the Hybrid Procedure (d = 3mm,D = 8mm) as total
stressed blood volume is varied

Total Stressed Blood Volume (ml) 60.0 70.0 72.5 75.0 80.0 90.0

Systolic MPA Pressure (mmHg) 68.77 80.38 83.21 86.01 91.51 102.14

Diastolic MPA Pressure (mmHg) 37.96 44.16 45.67 47.16 50.09 55.74

Mean MPA Pressure (mmHg) 48.55 56.56 58.51 60.43 64.21 71.51

Systolic Systemic Pressure (mmHg) 62.48 72.27 74.62 76.95 81.50 90.22

Diastolic Systemic Pressure (mmHg) 38.03 44.25 45.77 47.26 50.20 55.88

Mean Systemic Pressure (mmHg) 47.54 55.24 57.10 58.94 62.56 69.52

Systolic Pulmonary Pressure (mmHg) 11.03 13.01 13.49 13.98 14.95 16.87

Diastolic Pulmonary Pressure (mmHg) 9.22 10.88 11.29 11.70 12.52 14.15

Mean Pulmonary Pressure (mmHg) 10.14 11.97 12.42 12.87 13.78 15.58

Cardiac Output (l/min) 1.45 1.68 1.73 1.79 1.90 2.10

Pulmonary Flow (l/min) 0.78 0.90 0.93 0.96 1.02 1.13

Systemic Flow (l/min) 0.67 0.78 0.80 0.83 0.88 0.97

Pulmonary-Systemic Flow Ratio 1.15 1.16 1.16 1.16 1.16 1.16

Stent Backflow (l/min) -0.34 -0.39 -0.40 -0.41 -0.44 -0.48

Systemic Oxygen Saturation (%) 62.44 67.37 68.36 69.27 70.91 73.58

Venous Oxygen Saturation (%) 21.40 31.91 34.03 35.98 39.48 45.16

Systemic Oxygen Delivery (ml O2/min/m2) 281.45 351.53 368.38 384.98 417.37 479.09

RVEDV (ml) 19.70 22.26 22.88 23.49 24.69 26.99

Stroke Work (mmHg ·ml) 545.07 736.03 786.47 837.85 943.14 1162.24

Systolic PVA (mmHg ·ml) 730.66 990.66 1059.60 1129.95 1274.47 1576.72

Mechanical Efficiency (%) 74.60 74.30 74.22 74.15 74.00 73.71



As stated in [155] ‘Elevation of [Systemic Vascular Resistance] to maintain

blood pressure in the face of decreasing systemic cardiac output is a highly preserved

cardiovascular reflex’. Due to the nature of the model, this phenomenon is not

accounted for. It would be extremely difficult to simulate, particularly with

the ambiguity of the clinical representation of total stressed blood volume, as

if this were not fixed the results could be engineered to produce any desired

outcome when changing the systemic vascular resistance. There is currently

no justification for the varying of the input parameter of total stressed blood

volume other than fixing one of the model outcomes (e.g. mean MPA pressure)

in order to compare models.

This is currently a necessary limitation, as without it, no simulations would

be possible. It was a result of this parameter being presented openly by Shimizu

et al. that enabled the reproduction and appreciation of how lumped circula-

tion models do, and can, function [86]. Figure 5.9 illustrates the difference

in using the reference stressed blood volume of 80 ml (in blue) in all config-

urations versus the value adjusted to maintain mean systemic (MPA in our

model) pressure (in red). The subfigures are a reproduction of Figure 4 from

the original publication.

The variation of total stressed blood volume will be addressed again in the

multi-scale model presented in the following chapter. Currently the literature

is ambiguous as to the methodology employed when using three dimensional

CFD models with a lumped circulation model used for adaptive boundary con-

ditions. The lumped circulation model could help provide an appropriate to-

tal stressed blood volume value to use to maintain a physiological outcome e.g.

mean MPA pressure. This would require a relationship between the two con-

trasting band definitions adopted and is discussed in detail in Section 7.3.3.

5.3.3 Hybrid vs. Norwood Comparison

In maintaining the mean MPA pressure for the Hybrid configuration at the

same pressure as the three optimal Norwood configuration, a comparison can
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Table 5.9: Hemodynamical data comparing the optimal Hybrid configuration versus optimal
configurations of the Norwood Procedure

Hybrid Blalock-Taussig Non-valved Sano Valved Sano

d = 3 mm, D = 8 mm D = 3.5 mm D = 6 mm D = 5 mm

Systolic MPA Pressure (mmHg) 83.22 80.88 72.84 72.25

Diastolic MPA Pressure (mmHg) 45.68 45.50 52.08 52.08

Mean MPA Pressure (mmHg) 58.51 58.51 58.51 58.51

Systolic Pulmonary Pressure (mmHg) 13.50 14.53 20.99 17.39

Diastolic Pulmonary Pressure (mmHg) 11.29 12.99 2.76 7.28

Mean Pulmonary Pressure (mmHg) 12.42 13.83 11.97 12.60

Cardiac Output (l/min) 1.73 1.86 2.19 1.80

Pulmonary Flow (l/min) 0.93 1.04 0.90 0.98

Systemic Flow (l/min) 0.80 0.82 0.83 0.83

Pulmonary-Systemic Flow Ratio 1.16 1.27 1.09 1.18

Stent Backflow (l/min) -0.40 -0.51 -0.47 0.00

Systemic Oxygen Saturation (%) 68.36 71.50 67.29 69.73

Venous Oxygen Saturation (%) 34.04 37.93 33.87 36.45

Systemic Oxygen Delivery (ml O2/min/m2) 368.47 394.03 372.52 387.62

Total Stressed Blood Volume (ml) 72.51 75.06 71.09 68.99

RVEDV (ml) 22.88 23.59 22.53 20.68

Stroke Work (mmHg ·ml) 786.70 830.83 795.16 674.28

Systolic PVA (mmHg ·ml) 1059.92 1098.71 915.47 814.95

Mechanical Efficiency (%) 74.22 75.62 86.86 82.74

be made. It is essential to reiterate that to utilise mathematical models for

comparisons, certain parameters must be controlled. For example, the com-

parisons between the surgery techniques presented here for the case of fixed

mean MPA pressure, could be repeated at multiple alternative values to the

58.5 mmHg adopted. Again, for each pressure value that could be fixed, mul-

tiple shunt diameters can be simulated. For the Hybrid Procedure, each shunt

diameter could be simulated while varying the pulmonary artery banding di-

ameter also. This illuminates the wide range of investigations that are possible

with modelling and this study has had to be specifically focussed when pre-

senting the results given the volume generated.
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Using the optimal configurations presented by Shimizu et al. [86] and the

optimal configuration of the Hybrid from the analysis above, direct compar-

isons can be made. The haemodynamical results of the four alternative treat-

ment options are presented side by side in Table 5.9.

There is higher systolic systemic pressure and lower pulmonary artery pres-

sure resulting in the reduced diastolic pulmonary perfusion (stent backflow)

in the Hybrid configuration. The reduced diastolic MPA pressure of the Hy-

brid, although comparing favourably to the mBT shunt (H: 45.68 mmHg; mBT:

45.50 mmHg) is lower than the 52.08 mmHg of both Sano variants. As dis-

cussed above, this will improve the coronary perfusion during diastole.

While the systemic perfusion of the Hybrid (0.80 l/min) is slightly reduced

compared to all Norwood variants (0.82-0.83 l/min), the pulmonary perfusion

(0.93 l/min) sits comfortably within the range of Norwood results (0.90-1.04

l/min). The Qp :Qs ratio of the Hybrid, 1.16, is again comparable to the other

configurations.

The stroke work required to match the Norwood mean MPA pressure for

the Hybrid Procedure (786.70 ml · mmHg) compares favourably to that re-

quired for the Norwood configurations (674.28-830.83 ml · mmHg). However

the main concern in the Hybrid configuration (and the BT Norwood) is that

the myocardial demand (systolic PVA) is increased and the mechanical effi-

ciency (stroke work/systolic PVA) is reduced by over 10% when compared to

the Sano variants of the Norwood Procedure. This increase in the ventricular

workload for both the Hybrid and BT Norwood is accompanied by a reduced

diastolic MPA pressure affecting the coronary supply, which would compound

each other leading to ventricular dysfunction. The above can be illustrated by

referring to the pressure-volume loops presented in Figure 5.10. In varying the

cardiac parameters, simulating the administration of various pharmaceutical

treatment options, it is possible that the efficiency may be improved. This is a

also an option for all Norwood variants.
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urations of the Norwood procedure

The only other non-favourable outcome of the Hybrid Procedure is the re-

duced oxygen delivery. This can, however, be explained by the decrease in

systemic flow (0.8 versus 0.82-0.83 l/min) combined with a systemic arterial

saturation level (68.36%) at the lower end of the range found in the Norwood

results (67.29-71.50%).

Overall, the Hybrid Procedure results in very comparable haemodynamical

outcomes with an inferred improvement in myocardial supply (as a result of

the higher systolic systemic pressure, lower PA pressure and reduced diastolic

stent backflow). The compromise of the Hybrid Procedure is the increased

myocardial demand (increased systolic PVA) and the reduced oxygen delivery.

The less invasive nature of the Hybrid (delaying the need for surgery involv-

ing cardiopulmonary bypass) must also be considered when comparing the

two methods. The Hybrid utilises the natural vasculature and delays the need

for aortic arch reconstruction, allowing the opportunity of ventricular growth,

physiological stabilisation and even biventricular repair.
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5.4 Summary and Conclusions

After outlining the multi-compartmental Windkessel approach used, the Nor-

wood circulation models were validated against the results of Shimizu et al.

and then adapted. The Hybrid model was investigated in detail, followed by a

comparison with the adapted Norwood circulation models.

In this model increasing PAB diameter, or stent diameter less than 7 mm,

substantially increased single ventricle workload and reduced systemic perfu-

sion and diastolic pressure. This may compromise myocardial oxygen demand-

supply, particularly in the setting of retrograde dependent coronary perfusion.

Caution must be exercised in the use of mathematical models. The na-

ture of these models, and the number of parameters involved means that it is

necessary to maintain certain parameters. In this study, all circulatory con-

stants were not altered, which of course would respond to, and compensate

for, different haemodynamic situations by changing in a complex, non-linear

manner which as yet are not well understood. How the total stressed blood

volume changes in different circumstances requires greater clarification, oth-

erwise it will continue to be altered so that the desired outcome is reached and

will continue to lead to non-physiological results, or worse, falsely engineered

results and conclusions. This is illustrated by the analysis of varying the total

stressed blood volume for a specific configuration and the range of outcomes

observed.

The physiological changes in circulatory resistive and compliant parame-

ters is not currently accounted for by our model. This can be changed medi-

cally through pharmacological agents, but a relationship describing how these

parameters change with such interventions is required. The contractility of the

ventricle can also be altered by the administration of pharmaceutical agents

such as catacholamines. This could be simulated by adjusting the parame-

ter ARV , the gradient of the maximum elastance of the single right ventricle

as seen in Figure 5.4(c). This adjustment may be used to investigate haemody-
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namical outcomes in ventricular dysfunction. Of course, how the total stressed

blood volume must vary (if at all) with these changes must be investigated fur-

ther.

The optimal Hybrid Procedure results in comparable haemodynamical out-

comes compared to the respective optimals for the mBT, valved and non-valved

Sano shunt variants of the Norwood Procedure. The Hybrid Procedure results

suggest improved myocardial supply compared to the Norwood.

The advantage of mathematical modelling is that, given a sufficiently de-

scriptive equation, parameter or methodology, many physiologically different

circumstances can be simulated. The consequence of this is the overwhelm-

ing volume of data it can produce (specifically for the 0D modelling) and the

additional time it can take to simulate. Certain clinical circumstances would

be of interest to investigate such as tricuspid regurgitation, the effect of a re-

strictive ASD, variation in heart rate, the effect of pharmacological agents on

the contractility of the ventricle or on the systemic and pulmonary vascular

resistances. The majority of these cases could be simulated by varying a single

parameter, or adapting an equation. However, if the focus of the investigation

is considered, each case would need to be repeated for every band and stent

diameter, and at multiple total stressed blood volumes. Not only would the

number of configurations being compared become overwhelming, but the re-

view, analysis and presentation of the results would become disjointed and/or

repetitive. Optimisation would then become exceedingly difficult as various

effects could compound or negate each other.

Additionally, the quantification of how parameters change e.g. the sys-

temic/pulmonary resistance with vasodilators/restrictors and nitric oxygen

respectively is unclear. Therefore, the pulmonary vascular resistance could

be halved or doubled, but without further clinical study, this would inevitably

end up a numerical exercise and lose its clinical significance, particularly with

the goal of predictive modelling to assist with treatment plans.
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The intended direction for the modelling of the Hybrid Procedure, is to-

ward patient-specific modelling. This should involve determining the circu-

latory constants (i.e. patient-specific values for the parameters listed in Table

5.1) to match clinical acquired pressure and flow profiles. The circulation pa-

rameters could also be adjusted to account for growth, but this requires greater

clinical study through long-term observation.
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Chapter 6

Patient-Specific Three Dimensional

Modelling

In this chapter, we now discuss the work associated with the patient-specific

three dimensional modelling. Firstly the available raw data and necessary

compromises of the different stages involved in making a patient-specific ge-

ometry are considered, followed by an explanation of the steps involved in

using the geometry created for CFD investigation. The patient-specific 3D

Computational Fluid Dynamics Modelling involves 3 stages: Constructing a

patient-specific 3D geometry/volume; Meshing this volume for use in a CFD

package; and importing the mesh into the a CFD package and, as discussed in

Chapter 3, supplying appropriate boundary conditions. How the original or

default geometry was manipulated to simulate a “virtual surgery”, specifically

altering the band dimensions, is then explained. This process is summarised in

Figure 6.1, a flow chart showing the step-by-step process in generating patient-

specific models. Finally the results of steady state CFD modelling using both

clinically derived and clinically idealised data are presented.

6.1 Available Patient Data

As one of the key objectives of this research is modelling with patient speci-

ficity, it was essential to have appropriate imaging of the relevant anatomy.

Appropriate forms of imaging would be either magnetic resonance imaging
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Figure 6.1: Summary flow chart of three dimensional patient-specific modelling

(MRI), or computed tomography imaging (CT) as both are a form of slice imag-

ing with the slice resolution known. This means that the 2D images can be

“stacked” together to produce a 3D geometry. Figure 4.3(b) illustrates one of

many slices from a CT scan. Appropriate imaging has not been undertaken in

all HLHS patients to date at our collaborators institution, and it is this reason,

combined with the initial desire for a complete set of available clinical data,

that there has only been the one test patient presented.

As a brief outline, in order to construct a patient-specific three dimensional

geometry we must start with slice scan images (MRI/CT scans). By identifying

the surgical region on multiple parallel stacked 2D images, with the distance

between slices known, it is possible to construct a 3D volume using appropri-

ate software. As stated in Section 4.5 the geometrical data available for model

construction was in the DICOM format. However, it is not routine clinical

practice to obtain MRI or CT scans at various stages throughout the course

of treatment due to additional risk sedation brings, which helps reduce any

motion artefact on the images. Therefore imaging investigations appropriate
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for 3D geometry construction are only carried out where there is additional

clinical motivation, such as neurological complications.

The availability of appropriate imaging investigations is extremely limited

and this type of research is intended to support the notion that quality imag-

ing of HLHS patients at early stages is advantageous despite mooted risks. If

different “virtual surgeries” could be performed on pre-procedural scans, it

is possible that the modelling could help predict the best clinical treatment

plan. In order to achieve this, experience in the modelling processes, partic-

ularly with respect to patient-specific clinical data, has to be established, and

our initial experience is outlined throughout this thesis.

Of the 17 identified patients who underwent Hybrid (11) or Norwood pro-

cedures for a Hypoplastic Left Heart related diagnosis, 7 patients did not un-

dergo medical imaging of the heart (2 Hybrid). Of the remaining 10, only one

patient underwent a pre-surgical scan of the chest, which in theory could be

used in a predictive model. This patient also had a post procedural chest scan

which again, in theory, could have been used to validate a predictive model;

an ideal candidate for future study once the protocols are established. Both

image sets were captured using CT. Four additional patients had post-stage

I, pre-final repair scans of the cardiac anatomy, one of which was a Norwood

(CT) and of the three Hybrid patients only one underwent MRI.

The quality of images available from MRI due to the underlying physics,

allows for greater contrast of soft tissue types whose hydrogen atoms in their

water content align and re-align differently under varied magnetic fields. MRI

surpasses the contrast that can be obtained from CT in terms of the ability to

visualise the vasculature and contrast agents, which are almost essential for

CT, which further supports the use of MRI. The main difficulty with the MRI

scan obtained of the hybrid patient was that there were only a limited num-

ber of slices, and at a relatively large interval (1.5 mm apart) for the size of

the structures being reconstructed. Hence the available MRI scan was consid-
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ered an inappropriate when better case study candidates existed with more

appropriate resolution.

As the initial aim was to investigate altering the tightness of the banding

in a patient-specific Hybrid anatomy, to reduce the unknown effect of how

the application of bilateral banding effected the presurgical geometry of the

anatomy, only post-hybrid, pre-final repair scans were considered. Excluding

the MRI scan for the reasons above, this left three candidates for initial investi-

gations, including the patient for whom a pre-hybrid CT scan existed. The can-

didate chosen, Patient A, was selected due to the relative ease of determining

the vasculature of the surgical region (contrast media was most discernible),

and the fewest possible outlets of the surgical region, reducing the complex-

ity and number of future parameters necessary for implementing the coupled

multiscale model, the end goal of this research. The available clinical data for

3D geometry construction, and the selection process of the selected patient

is summarised in Figure 6.2. Remote access of the cohort of HLHS patients’

scans (identified by hospital I.D. number) was secured for use out-with hos-

pital premises. This was achieved thanks to the cooperation of the Radiology

Department Royal Hospital for Sick Children, Glasgow, who ensured patient

anonymity during the export process.

6.2 Construction of Patient-Specific Geometry

Following investigations into generation of a 3D model from medical imaging

(see Section 3.3), the most widely used commercial software was MIMICS (Ma-

terialise Biomedical R & D, Leuven, Belgium). MIMICS is capable of reading

in the scan data from CT and MRIs in their raw DICOM format. This means

that all spacial coordinates are automatically interpreted and allows the ax-

ial slices to be reinterpreted to produce similar images in the transverse and

sagittal planes. Access to MIMICS ver. 12 was already available, and all 3D ge-

ometry work in this project was achieved using this version. Figure 6.3 shows

the layout of the MIMICS interface with the axial view (top right) the original
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Figure 6.2: Flow chart of patient identification for patient-specific modelling

scan, and the coronal (top left) and sagittal (bottom left) planes derived from

the spacial coordinates. The bottom right window shows the identified vol-

umes in 3D and is vital in visualising the work carried out described in this

section.

Once a suitable patient had been selected (see previous section), an anonymised

CT data set was received in DICOM form from our clinical partners of a patient

that had undergone the Hybrid Procedure. This choice was motivated by the

notion that it was more appropriate to edit a correct geometry rather than try

to reproduce one from a pre-procedural scan. Initially the built-in threshold-
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Figure 6.3: Screenshot of MIMICS interface with 4 window setup: Top left - Coronal plane;
Top right - Axial plane; Bottom left - Sagittal plane; Bottom right - 3D view

ing features (selecting areas based on the intensity of greyscale), were utilised

in an attempt to construct the desired volume. It was soon found that auto-

matic identification of the specific vessels required was inappropriate. There

were many factors contributing to this including: poor contrast of image, mo-

tion artefact and the resolution versus the size of the vessels of interest. There-

fore, it was found that the anatomy was too complex, and the quality of the

scan too poor to use the automatic tools, hence the appropriate vessels were

manually identified, slice by slice.

The result of the manual constructed geometry of the patient-specific surgi-

cal region is best presented illustratively. Figure 6.4 shows what is constructed

when identifying the region of interest, slice by slice, using the raw data from

the on-site CT scanner where the scan is non-gated although does make use

of a contrast agent, with slice spacings of 0.6 mm, which is not optimal given

that the diameters of banded vessels will be below 3 mm. It is clear that man-

ual correction is necessary. This was carried out by the author and verified

by an expert in the field. The geometry was then smoothed to compensate for

the rough shape, another consequence of manual construction, and clean inlet

and outlet surfaces created. The patient studied had the following clinical di-
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(a) (b)

Figure 6.4: Manually constructed patient-specific geometry before manual correction and
smoothing

agnosis: Single outlet ventriculoarterial connection via pulmonary trunk (aor-

tic atresia); ASVD with hypoplastic left ventricle; Therefore all cardiac supply

was via the main pulmonary artery, with all systemic supply fully dependent

on ductal flow, while coronary perfusion was by retrograde flow in the aor-

tic arch. Therefore, for modelling purposes, the connection between the PDA

and the aortic arch was not necessary, and in fact would lead to additional

boundary conditions, which results in further complications and an increase

in necessary parameters.

The connection between the duct and aorta was not abundantly clear from

the scan, and so to avoid additional complications and computational cost, the

region of interest was truncated at the duct proximal to its connection with the

aorta. Figure 6.5(a) shows the (uncorrected) aorta alongside the the generated

volume of the pulmonary artery structures. The final configuration, referred to

as the default Hybrid configuration throughout this study, is shown in Figure

6.5(b).

It is worth noting that the internal banded diameter measured from the

geometry created using the best interpretation of the CT scans possible, was

significantly smaller than the external band diameter applied. This patient

had received 3.0 mm bilateral bands. This highlights several vital issues: In-

sufficient resolution; Inappropriately gated scans resulting in motion artefact,
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(a) Additional ascending aorta

(b) Main structures

Figure 6.5: Manually constructed patient-specific geometry



which in this case had duplicate branch pulmonary arteries due to its move-

ment which was captured twice by the scan; the distinction between the re-

duced internal luminal area available for flow through the banded branch PAs

and the original area based on the diameter of the externally applied banding.

At this stage, the author would like to acknowledge the compromises in the

protocols adopted in geometry construction. Although the geometry matches

that seen in other imaging modalities, it fails to capture the large amount of

vessel movement as mentioned above. As technology improves, the imaging

techniques for geometry construction will improve, and the user input and

fixed shape simplifications will be removed. Figure 6.6 shows the difference

between the geometry in systole and diastole from stills of a cine-angiogram

taken of the patient this case study is based on. It provides a suitable 2D image

with which to validate the shape, while the full video emphasises the motion.

Fluid-Structure Interaction is proposed as the best hope of overcoming the lack

of motion consideration, but due to limited initial experience within the field,

limited resources and the focus of this project in assessing the application of

patient-specific modelling within current clinical protocols, the compromises

at this stage were noted and accepted.

6.3 Patient-Specific Geometry to Computational Fluid

Dynamics

In order to use the anatomical shape constructed above for computational fluid

dynamical studies, the entire volume needed to be meshed. This means split-

ting the volume into lots of smaller control volumes which are sufficiently

small and appropriately shaped for the Navier-Stokes equations to be solved

within that and neighbouring regions (see Section 3.3). This is achieved by

placing nodes within this volume which are then the vertices of all these smaller

volumes.
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Figure 6.6: Patient-Specific geometry captured by angiogram to validate the virtual recon-
struction and demonstrate the movement between systole and diastole

MIMICS ver. 12 includes an automated mesh generator which was used

to generate a surface mesh. This means that nodes were only created on the

outer surface of the geometry. As a consequence, only faces, and not control

volumes were created. MIMICS automatically uses triangular as opposed to

quadrilateral faces which in general, means a better quality mesh is generated

for unconventional and awkwardly shaped geometries as found in physiolog-

ical applications. Separate surfaces could be identified so that the wall and

the inlets and outlets of the volume could be characterised separately when

applying boundary condition types in the next stage of the mesh generation.
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Several built-in functions of the commercial software package were adopted

in the surface meshing process, including quality preserving triangle reduc-

tion. The surface meshes generated within the automated features of the mesh-

ing subpackage, 3-matic, were accepted as appropriate for this study. It was

then possible to export the generated meshes in *.msh format for importation

into the preprocessing software GAMBIT (Fluent, Inc., Lebanon, NH, USA).

GAMBIT was able to generate a volume mesh based on the imported surface

mesh, by defining the interval spacing between the internal nodes, applying

them to align with the surface mesh. A default interval spacing of 1 was used

with all physiological models for discretization. The number of nodes and

4-node tetrahedral cells (control volumes) for the default volume generated

were 25,987 and 122,436 respectively (see Table 6.1). The choice of interval

spacing was adopted following introductory CFD investigations, and a node

count comparison with similar investigations published in the literature [81–

83] where previous mesh analysis had been carried out.

Volume discretisation is important as the it has a large impact on various

modelling considerations. The finer the mesh is (i.e. the more nodes there are)

the longer it takes for the solution to be determined due to the increased calcu-

lations necessary. However, if the mesh is too coarse, it will fail to capture the

correct fluid dynamical outcomes by oversimplifying the internal geometry

and result in discrepancies with finer meshes. The finer meshes are assumed

to be the most accurate. Therefore it is a trade-off between the desired accu-

racy and computational expense, which reflects the length of time taken to

determine a solution.

Following the volumetric mesh generation the pre-identified regions on

the surface were defined with the appropriate boundary condition type: wall,

pressure inlet, and pressure outlet; or wall, mass flow inlet, and outflow. The

mesh was then exported as a complete *.msh file for use in a commercial soft-

ware package FLUENT ver. 13.0 (Fluent, Inc., Lebanon, NH, USA) which was

used throughout the project.
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Figure 6.7: Surface mesh produced for patient-specific geometry

Figure 6.7 displays the surface mesh of the final anatomy imported into

GAMBIT, with the image taken from Fluent following importation in to the

software. Due to the nature of a full volume mesh and the density of all nodes

within the geometry, no visual representation is provided.

Meshing of anatomical structures is a notoriously difficult process, and

benefits from experience. In the present work we relied heavily on the adopted

commercial resources with regard to node selection based upon contemporary

work in the biomedical engineering literature. We matched current practice

where possible, but recognise that there may be considerable room for im-

provement in this practice. The number of nodes adopted by other groups

for similar anatomical regions following mesh analysis were comparable with

those used in this research [81–83].

6.4 Simulating “Virtual Surgeries”

The concept of virtual surgeries is not new in the literature (see Section 3.4).

The motivation behind such research, as stated previously, is to determine the

effect of changing the geometry of the surgical region and determine what

effect (local or global) that has on the outcomes of interest.

In the context of this research project, the major surgical effect that is to be

simulated is that of varying band tightness as has already been modelled in
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our lumped parameter circulation model (see Section 5.3.2). After attending

a Mimics and 3-matic Innovation course at University of Sheffield, new fea-

tures available on updated versions of Mimics were able to be sampled. There

are many new tools which are useful in manipulating the 3D geometry, as the

software improvements have been driven by improved cardiovascular mod-

elling, such as the morphing functionality and improved centreline features.

However, without access to the updated software, a different approach was

necessary, which in fact allowed for greater specificity over the dimension of

internal lumenal area of the altered banding sites.

A feature that was already available within Mimics ver. 12 was the abil-

ity to include simple geometric shapes. Therefore, cyclinders, of precisely

known diameter, were generated, and their spatial position manipulated such

that they overlapped the banded region. This therefore constructed a patient-

specific geometry where the internal banding diameter was precisely known.

This is shown pictorially in Figure 6.8. It is conceded that perfectly cylindrical

banded lumens, are not physiologically accurate, but were considered a close

enough approximation within the context of this methodology.

By merging the raw geometry from the scans discussed in section 6.2 with

the cylinders into one volume, a surface mesh was generated in the same man-

ner as in Section 6.3. The same steps were then taken to produce the full volu-

metric mesh. Using this technique, 7 patient-specific meshed geometries were

produced mimicking a “virtual surgery”: the default, straight-from-scan ge-

ometry and 6 symmetrically bilateral banded geometries with internal band-

ing diameters of 1.5 mm to 4 mm in 0.5 mm intervals. These meshes were then

used for the remainder of the patient-specific CFD work set out in the remain-

der of this thesis. Table 6.1 lists the numbers of nodes and 4-node tetrahedral

cells for the mesh of each geometry used.

Without better understanding of the similarity or otherwise of downstream

vasculature from the left and right pulmonary branches respectively, and the

difficulties in producing a patient-specific mesh from a patients scan, the band-
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(a)

(b)

(c)

Figure 6.8: Virtual surgeries simulated by overlapping of cylinders of known diameter to
control internal band diameter



Table 6.1: Summary of meshes generated for banding diameters simulated

Model Banding # of Nodes # of 4-node Tetrahedral Cells

default 25,987 122,436

1.5 27,171 128,547

2.0 27,068 128,103

2.5 27,109 128,119

3.0 27,695 131,391

3.5 27,471 130,150

4.0 27,797 131,980

ing applied was symmetric. As pulmonary flow in a healthy patient favours

the right lung, with appropriately balanced boundary conditions, the effect of

unbalanced bilateral pulmonary banding may be worth consideration in fu-

ture work.

6.5 Steady State Computational Fluid Dynamics

Initial investigations on mean parameters were carried out on the geometries

created. Using steady state conditions, Fluent 13.0 (Fluent Inc., Lebanon, NH,

USA) was used to import the respective meshes and carry out two different

forms of analysis. These were based on the valid combinations of bound-

ary conditions for the inlets and outlets of the surgical region: Defining the

mean pressure at each inlet/outlet to determine the volumetric flow rates; and

defining the volumetric flow rate at the inlet and the flow distribution to each

outlet. As is conventional in the literature, and typical for the larger arter-

ies, blood was assumed to behave as a Newtonian fluid, as the shear stresses

necessary to reach non-Newtonian behaviour (where the viscosity varies with

shear stress) is not reached. The material properties of blood adopted were

defined as used by Migliavacca et al. [82]: Density ρ = 1060Kg/m3; Viscosity

µ = 0.005Kg m−1s−1.
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In order to use the meshes generated in GAMBIT in their native dimen-

sions, when imported into Fluent they had to be scaled appropriately. Despite

being in the correct dimensions from Mimics/3-matic, when imported into

Gambit and then exported for use in Fluent, the dimensions were changed

from millimeters to meters. Therefore upon importation of the mesh into Flu-

ent, the grid was scaled by 0.001 in all axes to correct. The units were also

updated to allow intuitive input values. For pressure the predefined Torricelli

(torr), which is the approximately the equivalent of 1 millimeter of mercury

(mmHg) was used. The SI unit for pressure is the Pascal (Pa) where 1 torr

= 133.32 Pa. For volumetric flow rate the units of litres per minute (l/min)

were defined. The SI unit for volumetric flow rate is metres cubed per second

(m3/s) where 1 l/min = 1.6667 × 10−5 m3/s. The two alternative compatible

set-ups for boundary condition that were available (specify the flow rate at the

inlet and flow distribution between outlets to determine the pressure at each

inlet/outlet; and specify the pressure at the open boundaries to determine the

flow rates and distributions) are investigated in the following sections.

The first-order upwind method was selected for method of solving the

Navier-Stokes equations over the spacial discretization of the patient-specific

geometry. This determined the quantities at cell faces by assuming that the

cell-center values of pressure or velocity represent a cell-average value and

hold throughout the entire cell. The face quantities are identical to the cell

quantities. Thus when first-order upwind method is selected, the face value

is set equal to the cell-center value in the upstream cell. Further details are

available in the Fluent User Manual.

6.5.1 Mean Pressure Drop from Specified Flows

By using the same flow rates specified for the fixed cardiac output analysis of

the lumped circulation model (see Section 5.3.2), and controlling the mean

proportion of flow, the pressure drop between each outlet (left pulmonary

artery, right pulmonary artery, stented ductus arteriosus) and the inlet (main
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pulmonary artery) was calculated using the parameters specified above. To

specify the volumetric flow rate, a boundary condition of mass flow rate within

the Fluent boundary types was selected. Pseudo mass flow rate units were

specified in l/min by converting from the SI units of Kg/s using the constant

density of blood 1060Kg/m3; 1 l/min = 0.0177 Kg/s. Without evidence to

the contrary, a Qp : Qs ratio of one was enforced, while equal left and right

pulmonary distribution was assumed. This was achieved by selecting the out-

flow boundary type with flow weightings of 0.5, 0.25 and 0.25 for the stented

ductus arteriosus, left pulmonary artery and right pulmonary artery outlets

respectively.

The results are collated in Table 6.2 showing the pressure drop from the

main pulmonary artery inflow to the ductal systemic outlet (∆Ps) and average

pulmonary outlet (∆Pp) respectively for cardiac outputs of 0.5, 1, 1.5, 1.73, 2

and 3 for each banding configuration to obtain the specified flow ratio.

The trends observed reflect those anticipated: that as the banding loosens,

the pulmonary pressure drop decreases (shown in Figure 6.9) with virtually

no change in systemic pressure drop; and that as the the cardiac input in-

creases, the increase in pulmonary pressure drop is substantial while the sys-

temic pressure drop marginally increases. This result supports the claim that

the stented PDA is non-restrictive as clinical outcome requires.

Pressure drop data observed clinically from a catheterisation procedure of

the same patient whose specific geometry was virtually altered was available

for comparison. However, as alluded to in Section 4.5, there were a number

of available profiles that, according to their clinical description, could match

the inlet and outlet faces. There were two profiles for the main pulmonary

artery resulting in mean pressures of 54.48 and 56.83 mmHg. Therefore when

compared with the 3 potential systemic pressure outlet alternatives and the

two post band pulmonary pressure values it resulted in patient-specific clini-

cal ranges for ∆Ps and ∆Pp of (0.38-9.03) and (43.25-51.16) mmHg respectively.

However, the “Descending Aorta” mean pressure value which corresponds to
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Table 6.2: Mean Systemic and Pulmonary Pressure drops of different banding diameters for a
range of fixed Cardiac Outputs using steady state analysis

c.o.=0.5 l/min c.o.=1.0 l/min c.o.=1.5 l/min

Systemic Pulmonary Systemic Pulmonary Systemic Pulmonary

default 0.035503 11.9025 0.10458 43.2345 0.20304 95.6381

1.5 mm 0.035155 7.9178 0.1037 25.1769 0.20181 50.4286

2 mm 0.035196 3.2622 0.10391 10.2886 0.2023 20.7312

2.5 mm 0.035233 1.5795 0.1039 4.9509 0.20214 10.0442

3 mm 0.035247 0.72393 0.1041 2.1754 0.20271 4.26

3.5 mm 0.035028 0.67659 0.10346 2.1406 0.20143 4.3967

4 mm 0.034969 0.35086 0.10342 1.0443 0.20144 2.0256

c.o.=1.73 l/min c.o.=2.0 l/min c.o.=3.0 l/min

Systemic Pulmonary Systemic Pulmonary Systemic Pulmonary

default 0.25742 126.2444 0.32838 167.4133 0.65218 370.6684

1.5 mm 0.25609 64.711 0.3268 83.2954 0.6505 170.0132

2 mm 0.25675 26.6698 0.32767 34.4981 0.65244 72.2736

2.5 mm 0.2565 12.9612 0.3273 16.8594 0.65153 35.5429

3 mm 0.25728 5.4288 0.32834 6.9669 0.65376 14.1787

3.5 mm 0.25566 5.6961 0.32629 7.4815 0.64984 16.0164

4 mm 0.2557 2.5647 0.32638 3.269 0.65016 6.5069

the most physiological pressure drop range is 54.10 mmHg, resulting in a un-

restrictive stent (as clinical investigation verified) meaning a more plausible

physiological range for systemic pressure drop would be (0.38, 2.73 mmHg).

The shaded region in Figure 6.9 represents the clinical pulmonary pressure

drop range. Table 6.3 lists the values found for each location from determining

the mean value of the ensemble pressure profiles generated using the methods

previously described in Chapter 4.

Even before comparison with clinical data, it is clear that some configu-

rations result in unphysiological results. From these results, the only config-

133



 

 

 

 

Range from clinical data3 l/min2 l/min1.73 l/min1.5 l/min1 l/min0.5 l/min

P
u
lm

o
n
ar
y
P
re
ss
u
re

D
ro
p
(m

m
H
g
)

Pulmonary band diameter (mm)

P
u
lm

o
n
ar
y
P
re
ss
u
re

D
ro
p
(m

m
H
g
)

Pulmonary band diameter (mm)
1 2 3 41 2 3 4

30

40

50

60

70

0

100

200

300

400

Figure 6.9: Pulmonary pressure drop vs band diameter for defined range of cardiac outputs
with clinical range indicated from patient-specific data (see Table 6.4.) *default geometry

given numerical value of 1 for graphical display purposes

Table 6.3: Mean pressure values deriven from patient-specific catheterisation procedure for
appropriately labeled clinical profiles

Location Mean Pressure (mmHg)

Main Pulmonary Artery
54.48

56.83

47.13

50.77

54.10

Descending Aorta

Post Band Pulmonary Artery
5.67

11.23

uration that falls within the patient-specific clinical range for ∆Pp is the 1.5

mm internal diameter banding at a cardiac output of 1.5 l/min which results

in a pulmonary pressure drop of 50.43 and a ductal pressure drop of 0.20.

This is a feasible result, but since no accurate cardiac output was measured, it

cannot be compared with the clinical results. Although this is a high cardiac

output for a patient with a small body surface area, it is still a physiologically

acceptable result. For a small child with impaired cardiac function, there is no
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Table 6.4: Pressure configurations used for steady state analysis of cardiac output and flow
distribution of patient-specific geometries

Configuration
Main Pulmonary Descending Post Band

Artery Aorta Pulmonary Artery

A 54.48 54.10 5.67

B 54.48 54.10 11.23

C 56.83 54.10 5.67

D 56.83 54.10 11.23

configuration that gives a physiological pressure drop at the cardiac output of

0.5 l/min. An even tighter banding would be necessary as indicated by these

results.

6.5.2 Flow Rates from Clinically Derived Pressures

Following the fixed cardiac output investigations to determine the mean pres-

sure drop of each patient-specific hybrid configuration, the flow rates calcu-

lated from defined mean pressure values was determined, applying the three

dimensional geometries to the second available set of compatible boundary

conditions. Using only the mean pressure value of 54.10 for the outflow to-

wards the distal end of the stent, four pressure configurations of the clinical

pressures from Table 6.5 were tested as listed in Table 6.4.

As for the case with the fixed cardiac output and controlled Qp : Qs, the

results presented in Table 6.5 are collated from the full results, combining the

left and right pulmonary outflow.

From the results, it is observed that when the pressure drop across the

stent is specified, the banding diameter has virtually no effect on the virtu-

ally constant systemic perfusion (Qs) as represented in Figure 6.10(b). Also

the variation of post band mean pulmonary pressure has no discernible effect

onQs, and it is the change in MPA pressure that causes the two distinct values.
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Table 6.5: Steady state analysis of cardiac output and flow distribution for varying band di-
ameter geometries using mean pressure boundary configurations listed in Table 6.4

Configuration A Configuration B

c.o. (l/min) Qs (l/min) Qp (l/min) Qp:Qs c.o. (l/min) Qs (l/min) Qp (l/min) Qp:Qs

Default 1.3893 0.86736 0.52194 0.60175 1.3578 0.86781 0.48997 0.56461

1.5 mm 1.5928 0.86861 0.72422 0.83377 1.5439 0.868 0.67587 0.77865

2 mm 2.0898 0.87412 1.2157 1.3908 2.0102 0.87304 1.1372 1.3025

2.5 mm 2.6518 0.88142 1.7704 2.0086 2.5377 0.87997 1.6577 1.8838

3 mm 3.827 0.90012 2.9269 3.2516 3.6434 0.89859 2.7448 3.0546

3.5 mm 3.6305 0.89618 2.7343 3.0511 3.4588 0.89425 2.5646 2.8678

4 mm 5.3866 0.89943 4.4872 4.989 5.1061 0.90022 4.2059 4.6721

Configuration C Configuration D

c.o. (l/min) Qs (l/min) Qp (l/min) Qp:Qs c.o. (l/min) Qs (l/min) Qp (l/min) Qp:Qs

Default 3.027 2.4935 0.53359 0.214 2.9955 2.4931 0.50239 0.20152

1.5 mm 3.2332 2.4922 0.74103 0.29734 3.1852 2.4915 0.69367 0.27841

2 mm 3.7365 2.4959 1.2405 0.49703 3.6923 2.4956 1.1968 0.47956

2.5 mm 4.3087 2.5027 1.806 0.72165 4.1969 2.501 1.6959 0.67807

3 mm 5.5184 2.537 2.9814 1.1752 5.3368 2.533 2.8038 1.1069

3.5 mm 5.3095 2.5256 2.7839 1.1023 5.141 2.5224 2.6186 1.0381

4 mm 7.1491 2.5663 4.5829 1.7858 6.8678 2.5605 4.3073 1.6823

The variation of post band mean pulmonary pressure, despite almost doubling

from 5.67 mmHg to 11.23 mmHg, only subtly reduces the pulmonary supply

for all banding configurations.

As would be anticipated, the main effect of loosening the bands is to in-

crease the pulmonary flow and as a consequence ofQp increasing withQs con-

stant, the increase in Qp :Qs ratio is proportional to the increase in pulmonary

flow. Of course, in clinical experience, and as simulated by the lumped circu-

lation model, in varying the band diameter, the pressure drop would change

and hence this is an obvious limitation of the steady state, fixed pressure drop

analysis. It does however give some insightful conclusions. By considering

plausible values for the cardiac output it shows that only the mean MPA pres-

136



 

 

 

 

Qp :Qs = 1

D

C

B

A

P
u
lm

o
n
ar
y
-S
y
st
em

ic
fl
o
w

ra
ti
o

Pulmonary band diameter (mm)
1 1.5 2 2.5 3 3.5 4

0

0.5

1

1.5

2

2.5

3

3.5

4

4.5

5

(a) Pulmonary-Systemic flow ratio

 

 

V
o
lu
m
et
ri
c
F
lo
w

(l
/m

in
)

Pulmonary band diameter (mm)

D:Qp

C:Qp

B:Qp

A:Qp

D:Qs

C:Qs

B:Qs

A:Qs

1 1.5 2 2.5 3 3.5 4
0

0.5

1

1.5

2

2.5

3

3.5

4

4.5

5

(b) Systemic and pulmonary perfusion

Figure 6.10: Steady state analysis of fixed pressure configurations for varying band diameter.
* default geometry given numerical value of 1 for graphical display purposes

sure which results in realistic values is 54.48 mmHg, limiting the configuration

set-up choice to A or B. The main conflicting results from this analysis is that

the banding configuration that results in the most appropriate Qp : Qs ratio

around 1 is between 2.5 mm and 3.5 mm (Figure 6.10(a)), but this produces

a cardiac output range that is stretching that of clinical expectancy with the

high values of 2.5 to 3.6 l/min. The configurations that give plausible cardiac

output (although could be deemed high depending on the body surface area

considered) are the unmodified geometry up to the 2 mm specified internal

banding, but the pulmonary flow is low enough to cause great concerns over

the oxygen supply to the body if these results were observed.

The increase in pulmonary flow, and Qp : Qs follows a linear pattern with

the increased internal band diameter, with the exception of the 3.5 mm banded

geometry. This is potentially caused by the alignment of the superimposed

cylinders over the banded regions for this specifc geometry having a restrictive

effect. All alignment was done to fit within the pre-existing shape and this

same effect is marginally observable in the fixed cardiac output and specified

flow distribution analysis above.
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6.5.3 Comments on Transient Simulations, Desired Outcomes

and Appropriate Boundary Conditions

Although clinical outcomes can be reproduced, and useful conclusions drawn

from the steady state analysis, this type of analysis is still rather limiting. Con-

trolling the the cardiac output and the mean pressures in this manner does not

truly reflect the cardiovascular system as a whole since it is incapable of reflect-

ing the change in pressures and cardiac output that the physical alteration of

the surgical region would cause. It is worth remembering that the mean pres-

sures used are based on results from a catheterisation procedure from a 3.0

mm external banding diameter.

The reason that steady state analysis was chosen, was that although the im-

position of pressure or flow profiles would have been possible, the output of

this type of analysis would not have been clinically relevant. The desired out-

come of the CFD analysis is to determine what effect the change in geometry

has on the haemodynamics. By imposing transient boundary conditions one

would be controlling the results obtained, and comparison would be difficult

without varying them. Unless it was known how each pressure profile varied

with banding diameter, no sensible flow profiles could be achieved, and the

inverse true for specifying flow profiles. In each case, a profile of one outcome

is only obtaining based on the other, neglecting, or over-riding the influence of

the geometry. Only outcomes from within the surgical region would be avail-

able for investigation, such as velocity profiles or shear stresses through the

banded region.

Therefore, what is necessary to fully characterise what is happening both

locally in the surgical region and globally throughout the entire cardiovascular

tree is to define adaptable boundary conditions. This requires specifying val-

ues for the inlet/outlet (either flow or pressure) that vary with what is happen-

ing throughout the whole circulation and can change during the cardiac cycle.

This can be achieved, as mentioned in Chapter 3, by coupling the lumped cir-
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culation model from Chapter 5 with the CFD results presented in this chapter,

and is described and discussed in Chapter 7.

6.6 Summary of Three Dimensional Approach

The advantage of the approach adopted in this thesis in the construction and

modelling of the Hybrid Procedure was that it build upon the available re-

sources and methodologies in the literature to quickly implement patient-

specific modelling to a standard matching that found in the leading publi-

cations. In using available commercial software for geometry construction,

mesh generation and determining a numerical solution to the Navier-Stokes

equations, this research was accelerated to its final level from a novice begin-

ning.

The quality of the geometry in this case was limited by several factors, con-

strained by the historical nature of the data. The availability of suitable imag-

ing of the post-Hybrid anatomy was limited, especially when looking for cases

that had pre-operative imaging with which to compare. This limited data is

illustrated in Figure 6.2. Another limitation was the manual need for inter-

pretation, an additional step which was required due to the resolution and

contrast of the raw image files. The effect of this limitation can be seen in Fig-

ure 6.4. This resulted in a smoothed diastolic based geometry, and of course

had rigid walls, neglecting the vessel wall motion.

In future patient-specific models, greater focus will be required around

the meshing of the boundary layer (fluid close to the vessel wall), particularly

in regions as constricted as the pulmonary artery banding sites. This will,

however, lead to additional processing time in the generation of the mesh and

will increase the node count of the mesh resulting in greater computational

expense.

When considering whether turbulence (resulting in energy losses and a

disruption of the smooth velocity field within the region of interest) is an
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important factor, the non-dimensional Reynolds Number (Re) is crucial. By

non-dimensionalising the full Navier-Stokes equations, see Equation (3.7), by

scaling by a characterised length and velocity, it can be shown that:


∂u’
∂t′ + (u’ · ∇′)u’− 1

Re∇
′2u’ +∇′P ′ = 0

∇′ ·u’ = 0
(6.1)

where the Reynolds number for a diameter D, typical velocity v, density ρ,

dynamic viscosity µ and assuming a circular cross section, flow Q is defined

as:

Re =
Dρv

µ
=

4ρQ
µπD

(6.2)

Turbulent flow occurs for Re > 4000, with transitional flow (between lami-

nar and turbulent) for 2100 < Re < 4000 [156].

After analysing the projected Reynolds numbers for steady state analysis

using a mean instantaneous flow rate, it was observed that transitional flow

may occur in the narrower bandings at the higher cardiac outputs. The more

extreme combinations (smaller banding and higher flow rate) suggested tur-

bulent flow would occur.

In the case of transient flow (presented in the next chapter), there is a

stronger likelihood of transitional and turbulent flow. This is due to the pul-

satile nature of the flow, in which the blood will be accelerating and decelerat-

ing, particularly in the ductal region where both flow (and pressure gradient)

reversal occurs.

This study, following leading publications in the literature (which have

been cited frequently throughout) assumed laminar flow and is a limitation

of the study. This assumption reduced the complexity of the simulations and
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was to allow comparison of the use of patient-specific geometries with the ide-

alised geometries found in the literature as discussed in Section 7.4. Given

the likelihood of transitional and turbulent flow in certain regions, this is a

limitation of the present and other cited studies that must be acknowledged.
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Chapter 7

Coupled Multiscale Modelling

7.1 Introduction

Following the success in modelling the Hybrid circulation in Chapter 5 and

the patient-specific geometry used in Chapter 6, the two were coupled together

as discussed in Section 3.4. The generic lumped circulation model was used

due to the issues raised in utilising clinical data in Chapter 4 as opposed to a

patient-specific variation. Computing and time limitations also dictated this

decision, with the analysis focussed on varying the geometry and total stressed

blood volume adopted, rather than varying circulatory parameters in the cou-

pled lumped model. A fuller analysis (e.g. sensitivity analysis) of a patient-

specific lumped circulation model would be best studied initially on the stand

alone lumped circulation model. The sheer magnitude of data that would be

produced in such a study was too vast to be considered in the context of this

thesis.

In this chapter the coupling methods are detailed, and an alteration to the

the LCM is justified. The protocols of the study are outlined followed by a

presentation of the results which are then analysed and discussed with both a

clinical and methodological interpretation.

Finally, the fully coupled models are compared to the 0D lumped circula-

tion model. The differences between, and interpretation of internal vs. external
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Figure 7.1: Explicit coupling of the 0D and 3D models as reproduced reproduced from Janela,
Moura and Sequeira [157]

pulmonary arterial banding diameters is addressed by matching the 0D model

to the outcomes of the coupled model.

7.2 Methods

The methods described in Migliavacca et al. [82] and Quarteroni, Ragni and

Veneziani [121], a slightly modified lumped circulation model described in

Chapter 5, and the three dimensional modelling described in Chapter 6 are

used and coupled in the multiscale model. This is achieved by assuming con-

tinuity of the mean pressure and flow rate at each interface. Pressure bound-

ary conditions are supplied to the 3D model, which then calculates the the

flow at that time point. Thus all dependent variables for the nth time point

are known, and using the explicit Euler’s Method, as in Section 5.2.4, all de-

pendent variables excluding the flow rate at each boundary of the 3D control

region can be determined for the succeeding time step. The calculated pres-

sures are then used to update the pressure boundary conditions to determine

the flow rate at the n+1 level. This is best illustrated with the assistance of the

diagram shown in Figure 7.1. This diagram is reproduced from Janela, Moura

and Sequeira [157] which is a simplified version of Figure 8 in the study by
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Quarteroni, Ragni and Veneziani [121]. The coupling conditions are defined

mathematically by equations (7.1) and (7.2).


Qb =

∫
Γb

ṁb
ρ

dA ∀b upstream

Qb = −
∫
Γb

ṁb
ρ

dA ∀b downstream

(7.1)

P3D,i = P0D ∀ i on b (7.2)

The notation above is defined as follows: b denotes an interface boundary,

ṁb is the mass flow rate of the three dimensional boundary surface and i is a

face of the three dimensional boundary surface (see Section 3.3). The interface

conditions ensure the continuity of the mean pressure and flow rate between

the two submodels. The approach adopted results in defective boundary con-

ditions for Equation (3.7) since they require point-wise boundary conditions.

This is one of the difficulties of using the multiscale approach, as the pressure

distribution is unavoidably simplified in a non-physiological manner, and in-

formation regarding the velocity profiles on the artificial boundaries must be

disregarded. This technique has proved to be a good approximation for blood

flow simulations [118, 157] and captures the clinically relevant outcomes well.

In coupling the two submodels, the characteristic resistances of the pul-

monary and systemic circulations were replaced, as well as the equations de-

scribing the resistance through the PABs and ductal stent by the 3D submodel.

Thus the pressure interface conditions were at the nodes in the circuit rep-

resenting the appropriate compliant cardiac chambers. This replacement is

illustrated in Figure 7.2. The coupling was achieved by writing a user defined

function for ANSYS Fluent (ver. 13.0). This used the C coding language, in

addition to predefined Fluent macros to allow the integration of the mass flow

rate over the surface area (see Equation 7.1) and a uniform pressure distribu-

tion (see Equation 7.2). The full code is presented in Appendix C. It also hard

coded all algebraic equations determining the pressures and flows from the
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Figure 7.2: Circuit diagram representing the removal of 0D components which is replaced by
the 3D submodel in the multiscale model.

volume variables, as well as solving the differential equations for the volume

variables using the Explicit Forward Euler’s Method.The user-defined func-

tion solving the lumped circulation model was built into Fluent as proposed

in similar studies [82, 118]. This permitted a fully coupled solution at each

time step, allowing a single execution of the solver.

Due to the coupling of the two submodels, what formerly was a complete

set of differential equations for all state variables, introduced forcing terms

based on the velocity (flow) solution from the 3D submodel. A more accurate

explicit method, such as Runge-Kutta-Fehlberg method, which was investi-

gated in Matlab, could have possibly adopted, but would have increased the

complexity of the simulation. More complex code and additional temporary

variables would have been required, which would have increased the execu-

tion time. It may have been possible that the reduction in the number of cal-

culations per cardiac cycle due to the increased time step may have cancelled

this out. In this study, we adopted the established technique published in the

literature [81–83, 118].
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An additional option available in numerical time integration is to use an

implicit method. This increases the stability of the solution, and permits a

larger time step. Although coupled multiscale models using implicit time in-

tegration methods are available in the literature, the requirement of poten-

tially multiple sets of iterations to determine the solution of the 3D submodel

per time step was deemed too costly given the resources available within this

study [158]. The advantage of an implicit method is greater stability in the

solution, particularly when backflow is present. Based on a study compar-

ing explicit, implicit, and semi-implicit methods, the semi-implicit approach

seemed the optimal choice. It provided a more stable, yet cost-effective solu-

tion. The explicit approach was less costly but proved to be less stable with a

lower convergence rate that slightly increased the overall cost [158]. The semi-

implicit method uses an explicit method for the 3D submodel, while using the

considerably more computationally expensive implicit for the 0D model.

As can be seen in the code presented in Appendix C, the output of the

model was written to a *.txt file which was later imported into Matlab for

analysis and interpretation. During code testing and validation, Fluent gener-

ated output was compared to the *.txt output (e.g. ductal stent flow) to verify

the code execution and appropriate scaling. All variables collected from, and

passed back to Fluent were by necessity in SI units (Pascals, m, s), while the

lumped circulation calculations were determined using base units of mmHg

and l/min and so required appropriate scaling as observed in Appendix C.

7.2.1 Alteration of Valve Model

The time integration step size used in Chapter 5 (1 × 10−5 s) was sufficiently

small to successfully solve the differential equations described given the use

of the Heaviside function to replicate the effect of the valves. The value used

as a typical heart rate of 160 beats/min in this study results in a cardiac cycle

length of 0.375 s. Using the above time step size results in 37,500 calculations

per cardiac cycle. Given the zero dimensional nature of the lumped circula-
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tion model, this was not a concern, and did not practically impact the compu-

tational cost and time of producing a solution. However, when progressing to

solve the coupled model problem, this became a huge obstacle. At each time

step, the Fluent solver had to iterate a sufficient number of times (a maximum

of 20 iterations) to determine an appropriately converged solution (within a

statistical significance of 5%) of the 3D domain for that time point. Therefore,

given the extra computational cost (manifesting as computational time) of de-

termining the solution of the 3D region, it was necessary to increase the time

integration step size.

The lumped circulation model was used to investigate the increasing of the

time step size. The value 1 × 10−4 s adopted by Migliavacca et al. [81, 82],

was the targeted value. Figure 7.3 shows the results of using this time step

value for the LCM as described in Chapter 5 for the larger (solid) and smaller

(dashed) time steps. What was found was that the time step was too large to

appropriately capture the opening and closing of the valves. The variations in

pressure and flow were such that when attempting to open (close) the valve,

the resulting change in the next time step caused the valve to close (open),

which consequentially resulted in the re-opening (-closing) in the following

time step. This outcome motivated a review of the valve model adopted.

Initially, the linear valve model was adopted, as there was no apparent jus-

tification for the use if the more complex non-linear quadratic model as used

by Migliavacca et al. [82, 85]. As outlined in Chapter 5, the least complex ap-

proach was the linear valve representation adopted, and was validated by the

results published by Shimizu et al. [86]. Given the need to increase the time in-

tegration step size, the non-linear valve model was revisited, motivated by the

evidence in the literature. The alternating nature of valvular flow identified in

the linear model at the larger time step was a concern that needed addressed

with regard to the implementation of the submodel coupling. It was found

that the non-linear valve model did not break down for the 1 × 10−4 s time

step. Figure 7.4 shows the minor differences in the profiles of certain key vari-

ables between the successful linear implementation (∆t = 1 × 10−5 s) and the
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Figure 7.3: ∆t = 1 × 10−4 (solid) versus ∆t = 1 × 10−5 (dashed) time steps for pressures (left)
valvular flows (middle) and systemic and pulmonary flows (right)
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(left) valvular flows (middle) and systemic and pulmonary flows (right)



non-linear valvular resistance model at the larger time step (∆t = 1 × 10−4 s).

This alteration reduced the number iterations required to simulate a cardiac

cycle by a factor of ten. Given that it still took approximately 30 hours of

processing time, using a serial processing of the Strathclyde University High

Performance Computer, to simulate four cardiac cycles this was a drastic im-

provement. If this alteration had not been made, it would have taken 75 hours

to simulate only one complete cardiac cycle. This outcome is an important

step in the justification of selecting a valve model, and validates the selection

of this valvular resistance model for any future research of this nature.

Table 7.1 illustrates the negligible differences between both models at each

∆t with respect to the clinically relevant haemodynamical outcomes.

7.2.2 Adjustment of Pulmonary Branch of Lumped Circula-

tion Model

As well as the alteration of the valvular resistance model, the lumped circu-

lation model required an additional adjustment. In the LCM from Chapter 5

there was a single pulmonary branch, however, with the 3D region, the pul-

monary circuit was split into its left and right components. Therefore the val-

ues of the arterial and venous pulmonary compliances and resistances had to

be recalculated.

Using the electric circuit analogy, the pulmonary branch is split into two

parallel paths. Therefore, given the assumption of an equal split of the flow

(i.e. current) while maintaining the same pressure magnitude (i.e. voltage),

the resistance was doubled while the compliance was halved. If Req is the

equivalent single resistor, while R1 and R2 are the two new resistors in parallel

they are related by:

1
Req

=
1
R1

+
1
R2
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Table 7.1: Haemodynamical results of linear and quadratic/oriface valve models for ∆t =
1× 10−4 and 1× 10−5 s
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If we assume R1 = R2 = R∗, then we can show:

1
Req

=
2
R∗

which rearranges to determine the left and right branch resistance R∗ as a func-

tion of the original and equivalent combined pulmonary resistance Req:

R∗ = 2Req

For the compliant chamber it is assumed that the original chamber volume V0

(i.e. charge) is split equally to each pulmonary branch and so the left and right

chamber volumes V1 are halved i.e. V0 = 2V1. Given that the pressure is to

remain constant, using Equation (5.7), it can be shown:

V0

Ceq
=
V1

C∗

substituting for V0 gives

2V1

Ceq
=
V1

C∗

Simplifying and solving for C∗ allows us to determine the new compliance

value as a function of the original and equivalent combined pulmonary com-

pliance Ceq:

C∗ =
Ceq
2

Table 7.2 lists the differences in values used for the single pulmonary branch

lumped circulation model compared with the left and right branched pul-

monary circuit used in the coupled multiscale modelling.
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Table 7.2: Parameter values of pulmonary components used in the stand alone lumped circu-
lation model versus altered coupled lumped circulation model

Combined Pulmonary Branch Split Left and Right Pulmonary Branches

Stand alone LCM Coupled LCM

Pulmonary Arterial Resistance, Ra (mmHg · s/ml) 0.63 1.26

Pulmonary Venous Resistance, Rv (mmHg · s/ml) 0.011 0.022

Pulmonary Arterial Capacitace, Ca (ml/mmHg) 0.31 0.155

Pulmonary Venous Capacitace, Cv (ml/mmHg) 0.89 0.445

7.2.3 Cardiac Cycle Repetition

Four cardiac cycles were simulated to allow periodic convergence and stability

of the solution. Four cycles were chosen given the evidence in the literature

[82], acceptable computational time and sufficient convergence of key profiles.

Figure 7.5 illustrates a range of output profiles demonstrating the level of con-

vergence. The top row illustrates the continuous profile, while the bottom row

has each cardiac cycle superimposed on top of one another.

The initial values of the cardiac chamber volumes for the multi-scale model

were based on the lumped circulation model values for the reference config-

uration of 3 mm (external) branch pulmonary arterial banding and an 8 mm

stent. Therefore to best illustrate the convergence effect, the 3 mm internal

3D submodel was chosen. Given the results from the stand alone 3D model, it

would be expected that the 3 mm geometry would require greater convergence

from the reference values. This indeed proved to be the case, and comparison

between the stand alone LCM and the fully coupled models will be presented

in Section 7.3.3.

In all outcomes, clear periodic convergence is observed. Of all profiles,

on first glance, the systemic venous pressure does not appear sufficiently con-

verged. However, upon looking at the range of pressure values of between 2.8

and 4.2 mmHg, this did not warrant the extra costs of simulating additional

heart beats. The difference from beat 3 to 4 was deemed clinically negligible,
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with this conclusion supported by the good convergence of clinically impor-

tant profiles (e.g. ductal stent flow).

The oscillations observed in Figure 7.5 will be commented on fully in the

results presented below, following the definition of the study protocols.

7.2.4 Protocols

In Chapter 5 as the computational cost of matching a specified outcome (e.g.

mean MPA pressure, cardiac output) by varying the total stressed blood vol-

ume was low, the methodology was able to be adopted. However, it took sim-

ulating several cardiac cycles, for multiple “guesses” of VT (between four and

ten) to determine the desired outcome using the False Position Method. This

was not plausible for the coupled multiscale model given that one cardiac cy-

cle at a single stressed blood volume took approximately 7.5 hours. Therefore,

two alternative protocols were adopted.

The first was to vary the geometry used while maintaining the total stressed

blood volume. The set of geometries used in Chapter 6 were re-used: the unal-

tered geometry determined from the clinical data (default), and superimposed

cylinders representing controlled intraluminal dimensions of 1.5 to 4 mm in

0.5 mm increments. The fixed stressed blood volume was set at 72.5 ml,

based on the initial reference configuration used in the 0D model (d = 3 mm;

D = 8 mm; mean MPA pressure = 58.5 mmHg) from Chapter 5.

As the False Position Method matching of the mean MPA pressure or car-

diac output was not feasible given the computational constraints, a valid clini-

cal comparison between geometries had to be selected. Without any indication

for varying the total stressed blood volume with the 3D geometry to match

a defined clinical outcome, this was deemed the most clinically appropriate.

This further illustrates the need to define the clinical interpretation and sig-

nificance of this modelling parameter hence the second protocol.
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The second protocol was to use a single 3D geometry and vary the stressed

blood volume, as studied in Section 5.3.2 for the lumped circulation model.

The 2 mm internal banding geometry was selected for this investigation. This

choice was supported by evidence in the literature [83] and the results of the

first protocol which will be presented below. The range of total stressed blood

volumes is listed below:

VT = {60,70,72.5,75,80,90}

Despite many publications using the presently adopted coupled multiscale

methodology, definition of the methods used in relation to this essential pa-

rameter (or initial conditions) is often omitted [81–83, 85, 118]. Therefore the

identification and transparent discussion of this vital parameter, with regard

to the methods adopted throughout this area of research, is one of the main

points of interest of this study.

It is essential that full transparency, and acknowledgement of all limita-

tions for computational cardiac modelling are identified up-front in order that

this work be deemed clinically relevant. By omission of the details of this step

in the current methods in the literature, this area of research is generally con-

sidered to be of little clinical significance, hence clinicians may feel justified in

receiving the impression that you can “get out whatever you want out depending

on whatever you put in”. Our hope is that in our transparency regarding the

synthetic and arbitrary nature of this parameter, further clinical context and

physiologically appropriate values may be determined in the future.

7.3 Outcomes

Following the investigations described above, the results and their implica-

tions are now discussed. The first protocol of varying the band diameter while

maintaining the total stressed blood volume is presented and is considered

as the most natural clinical implementation, without an objective method for

adjusting VT to permit valid comparison. A retrospective study of the stand-
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alone lumped circulation model for fixed VT and a varied band diameter d

(with a fixed ductal stent diameter D = 8 mm) was carried out and compar-

isons are made below.

The more methodological investigation of the total stressed blood volume is

then openly discussed, with the intention of bringing to light the need to fully

comprehend this vital input parameter. The author feels that this parame-

ter has not had the investigation it deserves, with this lack of transparency

creating a barrier to progress in obtaining truly patient-specific models, as op-

posed to the idealised models (particularly related to the lumped circulation

submodels) found in the literature. This has been discovered as a result of

the current investigations, and without the relevant clinical data to perform

sufficient studies, the clinical definition of the total stressed blood volume is

proposed as a challenge for this research field to appropriately define.

Finally, a comparison between the coupled and stand-alone LCM model is

analysed. This was investigated by determining the (external) band diameter

that matched the calculated mean MPA pressure and cardiac outputs respec-

tively from the fully coupled model. This was achieved using the False Position

Method as described in Chapter 5 for matching VT to the desired mean MPA

pressure/cardiac output. The same total stressed blood volume of 72.5 was

used, as adopted by the initial multiscale investigation.

7.3.1 Varying Band Diameter

The full haemodynamical results of varying the 3D geometry while maintain-

ing the same lumped circulation parameters and input total stressed blood

volume are presented in Table 7.3. This is for a total stressed blood volume of

72.5 ml.

Given the methodologies adopted in Chapter 5 of varying VT to maintain

the mean MPA pressure and cardiac output respectively, we first discuss their

results with respect to other relevant outcomes. The mean MPA pressure drops
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Table 7.3: Multiscale model results for fixed total stressed blood volume, constant circulatory
constants and differing geometries with varying internal PAB diameter

Band Diameter (mm) Default 1.5 2.0 2.5 3.0 3.5 4.0

Systolic MPA Pressure (mmHg) 75.86 74.46 71.04 67.82 62.76 63.40 58.48

Diastolic MPA Pressure (mmHg) 46.94 48.56 42.42 37.05 30.15 30.86 26.04

Mean MPA Pressure (mmHg) 59.27 58.60 53.41 48.81 42.56 43.27 38.27

Systolic Systemic Pressure (mmHg) 63.70 63.36 58.80 54.73 49.17 49.83 45.28

Diastolic Systemic Pressure (mmHg) 47.61 48.91 42.53 37.04 30.09 30.82 26.04

Mean Systemic Pressure (mmHg) 56.01 55.82 50.31 45.48 39.09 39.80 34.93

Mean Left Pulmonary Pressure (mmHg) 9.71 9.73 13.08 16.17 24.16 23.15 26.39

Mean Right Pulmonary Pressure (mmHg) 9.31 10.04 14.75 18.66 19.99 19.95 23.98

Cardiac Output (l/min) 1.64 1.54 1.80 2.02 2.32 2.28 2.52

Left Pulmonary Flow (l/min) 0.28 0.35 0.50 0.63 0.98 0.94 1.08

Right Pulmonary Flow (l/min) 0.25 0.37 0.57 0.75 0.79 0.79 0.97

Pulmonary Flow (l/min) 0.52 0.72 1.07 1.37 1.77 1.73 2.04

Systemic Flow (l/min) 1.07 0.82 0.73 0.65 0.54 0.55 0.48

Pulmonary-Systemic Flow Ratio 0.49 0.88 1.47 2.12 3.27 3.12 4.28

Stent Backflow (l/min) -0.35 -0.45 -0.64 -0.80 -0.98 -0.96 -1.04

Arterial Oxygen Saturation (%) 45.46 59.74 72.22 77.91 82.45 82.05 84.49

Venous Oxygen Saturation (%) 19.72 26.22 34.35 35.29 31.67 32.30 26.65

Systemic Oxygen Delivery (ml O2/min/m2) 326.77 329.70 352.77 338.21 300.37 305.14 270.24

RVEDV (ml) 21.59 20.88 21.81 22.61 23.65 23.53 24.31

Ejection Fraction (%) 0.47 0.46 0.52 0.56 0.61 0.61 0.65

Stroke Work (mmHg ·ml) 756.03 703.37 782.87 842.74 907.25 900.73 940.88

Systolic PVA (mmHg ·ml) 981.90 922.41 962.98 991.51 1017.18 1014.82 1025.94

Mechanical Efficiency (%) 77.00 76.25 81.30 84.99 89.19 88.76 91.71

from 58.6 to 38.3 mmHg as the internal band diameter is increased from 1.5

to 4.0 mm, while the cardiac output increases from 1.54 to 2.52 l/min over

the same range. Following the conclusions drawn from Chapter 5 we can see

that as there is no increase in VT there is no compensation for the decrease in

pulmonary resistance. This results in the increase in cardiac output as there is

less resistance to the supply of blood to both the systemic and the pulmonary

circulations. The increase in cardiac output is diverted, as one would antici-

pate, to the pulmonary arteries (Qp increases from 0.72 to 2.04 l/min), while

the systemic perfusion decreases (0.82 to 0.48 l/min) mainly due to increased

diastolic steal (-0.45 to -1.04 l/min). This effect can be observed in Figure 7.6.

As there is no mechanism for the pressure in the circulation to increase

while the total stressed blood volume is constant, unlike in Section 5.3.2, we
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Figure 7.6: Flow profiles as 3D geometry is varied



see all systemic pressures drop, while the pressure in the pulmonary circuit in-

creases as the exposure to the higher ventricle generated pressure is increased

with larger banding. These trends are visible in Figure 7.7, which displays

the pressure profiles at various locations throughout the circuit for each pul-

monary band diameter (including the unaltered ‘Default Geometry’).

It is also clear from Table 7.3 that the systolic and diastolic pressures for

the systemic sites decrease and pulmonary sites increase as the wider bands are

used. The mean systemic pressure (post-stent) drops from 55.8 to 34.9 mmHg

while the mean left pulmonary artery pressure (post-banding) increases from

9.7 to 26.4 mmHg. Of clinical concern, is the drop in diastolic MPA pressure.

This falls from 48.56 to 26.04 mmHg, which raises concerns over the coronary

supply to the single ventricle which is predominantly perfused in diastole.

The coronary supply has been modelled on a generic hybrid geometry with a

similar methodology [83] but the conclusions of this outcome were not pub-

lished until recently [84]. Their simulations demonstrated that the coronary

supply from a 1.5 mm band diameter to a 3.5 mm diameter dropped from

0.076 to 0.044 l/min while the coronary mean pressure dropped from 71.0 to

43.0 mmHg.

Overall, the results between the generic geometry and this study’s patient-

specific study correlate well. This will be discussed in greater detail below in

Section 7.4.

Assuming that the fixing of VT does not invalidate any clinical compar-

isons, as suggested by the literature cited, there are certain key trends to ob-

serve in varying the band diameter. These trends, including the increase in

cardiac output and decrease in systemic perfusion are depicted in Figure 7.8.

Additionally we see thatQp :Qs ratio increases from 0.88 to 4.28 with this dra-

matic increase following from the increase inQp and decrease inQs (Figure 7.8

(c)) mentioned above.

The stroke work increases from 703 to 940 mmHgl · ml demonstrating an

increased ventricular workload as the band is expanded. This is better illus-
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Figure 7.9: Pressure-volume loops for varying internal pulmonary band diameter

trated by the pressure-volume loops presented in Figure 7.9. This graph iden-

tifies the reason for the stroke work increasing: As the banding is increased,

both the end systolic and end diastolic volume widen thus the area of the P-V

loop increasing despite the decrease in maximum pressure. This also illus-

trates, given that the heart rate is constant, the cardiac output increasing. De-

spite this increase, both the ejection fraction (51.5 to 64.7 %) and mechanical

efficiency of the ventricle improve with increasing PAB diameter (1.5 to 4 mm).

There are contraindicating trends observed for important outcomes that

require optimisation (e.g. increasing the PAB diameter increases the mechani-

cal ejection fraction and cardiac output while decreasing the systemic oxygen

delivery, above 2 mm banding, and coronary perfusion). Thus a holistic view

to the haemodynamics must be taken to conclude what the optimal banding

diameter is. It is clear that too wide a band has a detrimental effect on the

haemodynamics, while too tight a banding results in poor oxygen delivery and

poorer ventricular efficiency. Upon reviewing the data published in Table 7.3

again, focusing on what has been highlighted above, it would be inappropri-

ate (and unphysiological) to select a diameter above 2 mm. Both the 1.5 and

2 mm banding give the most physiologically beneficial results, with the 2 mm

offering the maximal systemic oxygen delivery.
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The systemic arterial oxygen saturation increases from 72.22 to 84.49%

yet does not compensate for the lower systemic flow for larger pulmonary

banding where the systemic oxygen delivery drops from 352.77 to 270.24 ml

O2/min/m2 (2 to 4 mm). As can be seen in Table 7.3, illustrated in Figure

7.8 (d), the systemic oxygen delivery (one of the primary haemodynamical

outcomes) is greatest with a 2 mm band at 352.77 ml O2/min/m2. This is a

critical observation as supplying oxygen to the body is the primary purpose of

the cardiovascular system, and so it is found that by tightening the bands, and

reducing the diastolic steal from the systemic circuit, the O2 delivery counter-

intuitively increases until a critical value is reached. This value was observed,

given our resolution of 0.5 mm steps to be around the 2 mm internal banded

diameter. If you continue to tighten beyond this critical point, the pulmonary

flow and consequently systemic arterial saturation decrease to a point where

the increase in Qs is ineffective. When the band is tightened beyond 2 mm to

1.5 mm the systemic oxygen delivery decreases to 329.70 ml O2/min. These

results, and therefore conclusions, do not consider autonomic regulation re-

sponses which could lead to differing conclusions.

This study would support the selection of the 2 mm internal PAB diameter,

with a leaning to support a tighter band than looser band if faced with any

uncertainty. The haemodynamical outcomes of the 1.5 mm banding versus

the 2.5 mm are superior (decreased stroke work, better pulmonary-systemic

flow balance, higher diastolic MPA pressure for coronary perfusion). These are

the exact concerns that would be expected from clinical experience regarding

identifying the optimal banding diameter, with the consequences of over or

under tightening the bands observed in the simulation results. The results are

also supported by the conclusions of the generalised geometry of the Hybrid

Procedure found in the literature [83, 84, 127] where 2 mm internal banding

diameter was also identified as optimal.

The sensitivity of the outcome of systemic oxygen delivery on BSA and the

other relevant parameters (see Equation (5.27)) further highlights the need for

patient specificity. Patient-specific parameters of body surface area, as well as
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the pulmonary venous saturation and the required whole body oxygen con-

sumption rate would produce more meaningful data for an individual patient.

Patient-specific lumped circulatory constants (including those used to calcu-

late clinical outcomes as just described) are vital to the relevance this mod-

elling methodology has in the clinical setting, leading to a future of predictive,

non-invasive patient-specific virtual surgeries.

Geometric Influences

There are two observations noted from the results that must now be addressed,

although they do not have any significant effect on the final clinical conclu-

sions and recommendations: The discrepancy in trends observed for the clin-

ical outcomes of the 3.5 mm geometry (see Figure 7.8) and the oscillations

observed in the clinical profiles (see Figures 7.6 and 7.7). A comment on the

default geometry will also be included when discussing the nonconformity of

the general trend for the 3.5 mm geometry.

In adopting rigid walls i.e. the walls not being elastic, there is no absorp-

tion or release of energy by the vessel walls into the system as found in situ.

The consquence of this is that there are the oscillations observed in the pres-

sure and flow profiles of the artificial faces of the 3D region. From Figure 7.10

we can see that the oscillations are absorbed by the compliant chambers down-

stream. The results we produced match those of the original Norwood study

from Laganá et al. [81] while the oscillations have been omitted from the later

publication [82]. Following correspondence between the author of this study

and those cited above, it was established that by the introduction of additional

compliant chambers and presenting the profiles from those slightly further

down the cardiovascular tree, the final published results were more clinically

appealing. This approach was not adopted by our study, with the intent that

future modelling would involve patient-specific lumped circulation models.

One proposition would be that the location of each catheter derived pressure

profile would dictate the number and location of compliant chambers.
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It was also established that the oscillations are a reflection of the wave

of propagating blood from the artificial boundaries, and as a result are more

prominent in the systemic system, when pulmonary investigations (e.g. Fontan

surgery) are not impacted the same way. The inclusion of fluid-structure in-

teractions would address this observation with great potential to assess the

impact of rigidity of the banding and stented ductus, as well as better assess-

ing the energy requirements as the vessel utilises the contractile force in dias-

tole. While the profiles suffer from this aberration, the clinical results are not

adversely affected to any significant degree. Further developments in the accu-

racy of the modelling will lead to greater confidence in assessing the impact of

the factors mentioned above. An increase in complexity of the model requires

further parameters to be appropriately defined at greater computational ex-

pense, therefore the work presented here, gives great insight at an affordable

cost.

As was the case in Chapter 6, the results of the 3.5 mm banding do not fit

with the trend observed and described above. It does not counter the general

trend of increasing band diameter (from 1.5 through 3 mm), and is an isolated

occurrence. As previously stated, it is believed this unexpected improvement

is a result of the geometric manipulation and was anticipated, given the anal-

ysis of Chapter 6. This highlights additional areas that require further study

with regard to patient-specific geometries, namely the impact of the angle of

banding and the location of the artificial boundaries, particularly with respect

to the post banding branch pulmonary arteries.

Finally the default geometry is considered. The default geometry was the

unaltered post-intervention patient-specific anatomy of the Hybrid Procedure.

As discussed in Chapter 6, there is a requirement for user interpretation of the

scans, particularly at the resolution of the original scan. It is therefore interest-

ing to observe the results in comparison to the virtual surgeries undertaken.

In most haemodynamical and ventricular energetic outcomes, the results

from the default geometry appear to fall between the 1.5 and 2 mm geome-
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tries. This is the case for the systemic pressures, cardiac output, ejection frac-

tion, stroke work and mechanical efficiency. The default geometry results in a

systemic oxygen delivery of 326.77 ml O2/min/m2 (vs 352.77 ml O2/min/m2

of the 2 mm geometry).

This suggests, given the assumptions based into the calculation of systemic

oxygen delivery (see Section 5.2.6), that the systemic perfusion dictates good

oxygen delivery, and that pulmonary under-circulation is well tolerated. It is

always to be remembered that the autonomic responses are not included and

may need to be modelled before any clinically impacting conclusions regard-

ing tighter banding is proposed.

Visualisation of Results

In the following pages, a visual representation of the simulation results are

presented. The full pressure and flow profiles for all artificial boundaries are

given (top left and top right respectively), with a diastolic and systolic time

point indicated on each. The diastolic time point was selected at t = 0.05 s,

while the systolic time point was at t = 0.1 s. The normal velocity (second row)

and pressure (bottom row) contours from the 3D geometry are displayed for

the diastolic (left) and systolic (right) time points.

Pathlines (the path taken by a massless particle in the calculated flow con-

figuration) that exit the region via the ductal stent, left and right pulmonary

arteries are illustrated, visualising the source of flow distribution at diastole

(middle left) and systole (middle right). The same colour-map is used for all

velocities and likewise for pressures so that valid comparisons can be observed

between geometries.

Legends are provided to indicate the colours of which surfaces the flow is

headed towards for the pathline plots. The pathlines clearly show the ante-

grade flow through the branch pulmonary arteries with an element of retro-
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grade flow through the ductal stent in diastole, while in systole the forward

flow to the systemic and pulmonary circuits from the MPA is apparent.
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Figure 7.11: Visualisation of default internal band geometry results
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Figure 7.12: Visualisation of 1.5 mm internal band geometry results
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Figure 7.13: Visualisation of 2 mm internal band geometry results
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Figure 7.14: Visualisation of 2.5 mm internal band geometry results
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Figure 7.15: Visualisation of 3 mm internal band geometry results
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Figure 7.16: Visualisation of 3.5 mm internal band geometry results
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Figure 7.17: Visualisation of 4 mm internal band geometry results



7.3.2 Varying Total Stressed Blood Volume

In Chapter 5 the total stressed blood volume was varied to match both mean

main pulmonary artery pressure, and cardiac output. In section 5.3.2 the effect

of varying VT while fixing the geometry was briefly investigated suggesting

strong linear trends of most haemodynamical outcomes. Without any indica-

tion from previous studies from the literature, knowing that by varying the

total stressed blood volume the outcomes could drastically change, it was con-

cluded that to perform valid comparisons, VT was fixed. An ad-hoc approach

to changing the total stressed blood volume could lead to the impression that

the simulations can produce any result desired.

Table 7.4 shows the haemodynamical and ventricular energetics results

from varying VT using the optimal 2 mm geometry. Again, clear linear trends

are observed, all positively correlated with the exception of Qp : Qs and me-

chanical efficiency which decrease as VT is increased. This is significantly dif-

ferent from the lumped circulation model where no variation in pulmonary-

systemic flow ratio was observed.

Key outcomes, as displayed in Figure 7.8 for the varying of the geometry,

are shown versus stressed blood volume. Figure 7.18 shows a scatter graph

including the best fit straight line. Table 7.5 displays the gradient and inter-

cept for each outcome, as well as the Pearson’s Correlation Coefficient, where

the closer to 1, the stronger the linear trend. Adopting the conventional 5%

significance level, only the mechanical efficiency is not statistically significant

at 0.9265, but this is accounted for by rounding errors as both the stroke work

and systolic PVA hold a linear relationship with VT .

Theoretically, the total stressed blood volume could be optimised per ge-

ometry to determine the best results for a specific banding. Therefore, given

the strong linearity between the haemodynamical outcomes, and the require-

ment for appropriate and clinically relevant patient-specific modelling, it is

vital that this key input parameter be suitably defined. As it stands, there
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Table 7.4: Multiscale model haemodynamical results for 2 mm internal PAB diameter geom-
etry, constant circulatory constants and varying total stressed blood volume

Total Stressed Blood Volume (ml) 60 70 72.5 75 80 90

Systolic MPA Pressure (mmHg) 57.50 68.35 71.04 73.70 78.37 89.39

Diastolic MPA Pressure (mmHg) 34.11 40.77 42.42 44.05 46.93 53.68

Mean MPA Pressure (mmHg) 43.39 51.42 53.41 55.37 58.81 66.93

Systolic Systemic Pressure (mmHg) 48.36 56.74 58.80 60.83 64.37 72.68

Diastolic Systemic Pressure (mmHg) 34.33 40.91 42.53 44.14 46.97 53.62

Mean Systemic Pressure (mmHg) 41.02 48.47 50.31 52.12 55.30 62.77

Systolic Left Pulmonary Pressure (mmHg) 11.79 13.28 13.64 14.00 14.62 16.08

Diastolic Left Pulmonary Pressure (mmHg) 10.66 12.03 12.37 12.70 13.28 14.64

Mean Left Pulmonary Pressure (mmHg) 11.27 12.72 13.08 13.43 14.04 15.48

Systolic Right Pulmonary Pressure (mmHg) 13.18 14.94 15.36 15.78 16.50 18.20

Diastolic Right Pulmonary Pressure (mmHg) 11.94 13.57 13.96 14.36 15.04 16.64

Mean Right Pulmonary Pressure (mmHg) 12.62 14.33 14.75 15.16 15.87 17.55

Cardiac Output (l/min) 1.54 1.75 1.80 1.85 1.93 2.13

Left Pulmonary Flow (l/min) 0.44 0.48 0.50 0.51 0.52 0.56

Right Pulmonary Flow (l/min) 0.50 0.56 0.57 0.59 0.61 0.66

Pulmonary Flow (l/min) 0.94 1.05 1.07 1.09 1.13 1.22

Systemic Flow (l/min) 0.60 0.70 0.73 0.75 0.80 0.90

Pulmonary-Systemic Flow Ratio 1.58 1.49 1.47 1.45 1.42 1.36

Stent Backflow (l/min) -0.57 -0.62 -0.64 -0.65 -0.67 -0.72

Arterial Oxygen Saturation (%) 68.72 71.62 72.22 72.78 73.68 75.47

Venous Oxygen Saturation (%) 22.41 32.32 34.35 36.18 39.12 44.94

Systemic Oxygen Delivery (l/min) 274.53 337.13 352.77 367.86 394.38 457.33

RVEDV (ml) 18.86 21.23 21.81 22.38 23.37 25.70

Ejection Fraction (%) 0.51 0.51 0.52 0.52 0.52 0.52

Stroke Work (mmHg ·ml) 541.91 731.91 782.87 834.24 927.78 1165.80

Systolic PVA (mmHg ·ml) 655.06 897.40 962.98 1029.54 1151.47 1464.83

Mechanical Efficiency (%) 82.73 81.56 81.30 81.03 80.57 79.59
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Figure 7.18: Analysis of linearity of haemodynamical outcomes as total stressed blood volume
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Table 7.5: Analysis of linearity of outcomes with respect to total stressed blood volume

Outcome Gradient Intercept
Pearson’s

Correlation r

Systolic MPA Pressure (mmHg) 1.06 -6.09 1.00

Diastolic MPA Pressure (mmHg) 0.65 -4.92 1.00

Mean MPA Pressure (mmHg) 0.78 -3.52 1.00

Systolic Systemic Pressure (mmHg) 0.81 -0.04 1.00

Diastolic Systemic Pressure (mmHg) 0.64 -4.13 1.00

Mean Systemic Pressure (mmHg) 0.72 -2.31 1.00

Systolic Left Pulmonary Pressure (mmHg) 0.14 3.26 1.00

Diastolic Left Pulmonary Pressure (mmHg) 0.13 2.73 1.00

Mean Left Pulmonary Pressure (mmHg) 0.14 2.91 1.00

Systolic Right Pulmonary Pressure (mmHg) 0.17 3.23 1.00

Diastolic Right Pulmonary Pressure (mmHg) 0.16 2.60 1.00

Mean Right Pulmonary Pressure (mmHg) 0.16 2.83 1.00

Cardiac Output (l/min) 0.02 0.37 1.00

Left Pulmonary Flow (l/min) 0.00 0.19 1.00

Right Pulmonary Flow (l/min) 0.01 0.19 1.00

Pulmonary Flow (l/min) 0.01 0.39 1.00

Systemic Flow (l/min) 0.01 -0.02 1.00

Pulmonary-Systemic Flow Ratio -0.01 2.02 -0.99

Stent Backflow (l/min) -0.01 -0.27 -1.00

Arterial Oxygen Saturation (%) 0.22 55.79 0.99

Venous Oxygen Saturation (%) 0.74 -20.46 0.99

Systemic Oxygen Delivery (l/min) 6.09 -89.47 1.00

Total Stressed Blood Volume (ml) 1.00 0.00 1.00

RVEDV (ml) 0.23 5.26 1.00

Stroke Work (mmHg ·ml) 20.84 -721.48 1.00

Systolic PVA (mmHg ·ml) 27.06 -988.43 1.00

Mechanical Efficiency (%) -0.10 88.91 -1.00



is no identified definition or protocol to vary VT other than that described in

Chapter 5. Identifying an appropriate value (or range of values) from clini-

cal measurements or determining how this parameter can validly be adjusted

as the hybrid (or other procedures modelled using this methodology) config-

uration changes are two of many challenges that can not be neglected for this

exciting conceptual work to gain clinical acceptance and therefore produce

clinical impact.

For further comment on the significance of this parameter, please refer

back to Section 5.3.2.

Figure 7.19 shows the effect of continually increasing VT on the pressure-

volume loop. As the total stressed blood volume is increased the area expands

and shifts upwards and to the right. This could perhaps suggest considering

the total stressed blood volume input as being defined partially upon cardiac

function, however many avenues are yet to be explored.
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Figure 7.19: Pressure-Volume loops for varying total stressed blood volume with 2 mm geom-
etry

181



Table 7.6: Equivalent external band diameter of lumped circulation model to match mean
MPA pressure and cardiac output of each banding geometry

3D Diameter

0D Diameter 0D Diameter

to matching to matching

cardiac output MPA pressure

1.5 mm 2.67 mm 2.97 mm

2.0 mm 3.10 mm 3.40 mm

2.5 mm 3.47 mm 3.81 mm

3.0 mm 4.05 mm 4.55 mm

3.5 mm 3.98 mm 4.45 mm

4.0 mm 4.58 mm 5.37 mm

default 2.83 mm 2.92 mm

7.3.3 Zero Dimensional vs. Multiscale Modelling

The final analysis carried out was in comparing the stand alone LCM to the

coupled multiscale model. The diameter of the stented ductus arteriosus of the

three dimensional region was measured at 10 mm and this input was matched.

Likewise the total stressed blood volume was fixed at 72.5 ml as in Section

7.3.1. The Method of False Position was adopted again, this time determin-

ing the input external band diameter (d) that matched both the mean MPA

pressure and the cardiac output from the multiscale model.

Table 7.6 shows the equivalent external band diameter determined by the

0D model to match the mean MPA pressure and cardiac output of each sim-

ulated 3D geometry with known internal band diameter. The first comment

is that in order to match the mean MPA pressure, a wider band was required

with an increase of approximately 0.3 mm for the smaller bandings up to ap-

proximately 0.8 mm for the 4 mm band. The dimensional results, however,

match anticipated observations well. The optimal internal banding diameter

of 2 mm from the multiscale modelling match an external banding diameter of
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between 3 and 3.5 mm, correlating well with clinical experience. Likewise, the

acceptable performance from the 1.5 and 2.5 mm internal diameters matches

up with ranges of 2.5 to 3 mm and 3.5 to 4 mm respectively.

This is a critical distinction regarding clinical interpretation. The findings

of Young et al. [144], as discussed in Chapter 5, of a 3 mm optimal band-

ing appear to disagree with the 2 mm banding suggested by the multiscale

approach. This analysis clarifies that the two conclusions are effectively the

same, with the loss of luminal area assumed to be a consequence of vessel wall

thickness and redistribution. It is vital that the internal banding diameters of

the three dimensional geometries are not mistakenly represented as the exter-

nal banding diameter applied to a patient. Applying an external band of 1.5

to 2 mm diameter may result in complete pulmonary obstruction. It is cross-

disciplinary issues such as this definition that this work has contributed to

this particular field of research, focusing strongly on integrating the biomedi-

cal engineering theory with clinical protocols.

Table 7.7 directly compares the clinical outcomes of the fully coupled mul-

tiscale model and the stand alone lumped circulation model for both matched

results. The matched mean MPA pressure of the LCM resulted in an increase

in pulmonary pressures, stroke work, cardiac output, pulmonary perfusion

(and consequentially Qp : Qs) and decrease in stent backflow and mechanical

efficiency compared with the 2 mm multiscale model. The matched cardiac

output also had reduced mechanical efficiency and stent backflow, however

the pulmonary-systemic flow ratio decreased as a result of the increase in sys-

temic and decrease in pulmonary perfusion. There was also a marked increase

in MPA pressures. Both matched configurations had noticeably higher sys-

temic systolic pressures, most likely a consequence of the artificial boundary

of the multiscale model versus the generic compliant chamber of the LCM.

Additionally, both matched configurations improved the systemic oxygen de-

livery from 347.88 to 369.36 and 369.91 ml O2/min/m2 respectively.
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Table 7.7: Haemodynamical outcomes of fully coupled multiscale model versus the matched
stand along lumped circulation models for matched mean MPA and cardiac output using the

2mm geometry

Coupled 0D Model 0D Model

Model matching Mean Matching

MPA Pressure Cardiac Output

Band Diameter (mm) 2.00 3.40 3.10

Systolic MPA Pressure (mmHg) 71.04 77.86 80.31

Diastolic MPA Pressure (mmHg) 42.42 40.25 44.55

Mean MPA Pressure (mmHg) 53.41 53.41 57.08

Systolic Systemic Pressure (mmHg) 58.80 73.24 75.98

Diastolic Systemic Pressure (mmHg) 42.53 40.31 44.60

Mean Systemic Pressure (mmHg) 50.31 52.73 56.43

Systolic Pulmonary Pressure (mmHg) 14.50 17.68 14.40

Diastolic Pulmonary Pressure (mmHg) 13.17 14.37 12.08

Mean Pulmonary Pressure (mmHg) 13.91 16.10 13.29

Cardiac Output (l/min) 1.80 1.98 1.80

Pulmonary Flow (l/min) 1.07 1.24 1.00

Systemic Flow (l/min) 0.73 0.74 0.79

Pulmonary-Systemic Flow Ratio 1.47 1.68 1.27

Stent Backflow (l/min) -0.64 -0.55 -0.45

Arterial Oxygen Saturation (%) 72.22 75.77 70.54

Venous Oxygen Saturation (%) 34.35 38.32 35.76

Systemic Oxygen Delivery (ml O2/min/m2) 352.77 374.30 375.23

Total Stressed Blood Volume (ml) 72.50 72.50 72.50

Right Ventricle End Diastolic Volume (ml) 21.81 23.62 22.99

Stroke Work (ml ·mmHg) 782.87 833.78 791.44

Systolic Pressure-Volume Area (ml ·mmHg) 962.98 1057.87 1045.77

Mechanical Efficiency (% ) 81.30 78.82 75.68



7.4 Patient-Specific vs. Generalised Geometry

We now consider the assertion made earlier that the patient-specific model

presented in this thesis correlates well with published generic Hybrid geome-

tries from the Modelling Of Congenital Hearts Alliance (MOCHA) [83, 84,

127]. In comparing the results of the patient-specific Hybrid modelling with

these articles, key conclusions regarding the coupled multiscale modelling

methodology are made highlighting conclusions with potentially critical im-

plications within this field of research.

7.4.1 Comparison of Geometrical Data

Table 7.8 reproduces Table 1 from Baker et al. [84] using a generic Hybrid

geometry. Additionally, the difference between the results published and the

equivalent outcomes from the corresponding patient-specific geometries are

given (see Table 7.3 for full results). The data used for comparison is that pro-

duced by using the specified geometries with the total stressed blood volume

maintained at VT=72.5 ml.

Figure 7.20 directly contrasts the idealised geometry (taken from Corsini

et al. [83]) with the strikingly different patient-specific geometry constructed

within this project. Although the orientations differ, and the generalised ge-

ometry incorporates the post-stent aortic anatomy as well as extended branch

pulmonary arteries, the natural shape of the pulmonary trunk (inclusive of the

stented ductus arteriosus) is distinctively different. Referring back to Figure

6.6, it is clear that the patient-specific geometry represents the anatomy for

this specific patient well. Both images in Figure 7.20 represent the pathlines

during systole for the 1.5 mm internal pulmonary artery banding diameter

geometries.

Firstly, it should be noted that in the data presented by Baker et al. an oxy-

gen consumption rate of 156.83 ml O2/min/m2 is used [84]. Therefore for a
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(a) MOCHA (b) Young

Figure 7.20: Comparison of published generic Hybrid geometry from the MOCHA collabora-
tors [83] and patient-specific Hybrid geometry constructed for this study

valid comparison, this value was adjusted from the 185 ml O2/min/m2 used

elsewhere in the present study and other publications [86, 150]. Analysing

the table, good correlation with the presented results is observed with two

noticeable exceptions: Stroke work and systemic oxygen delivery. As the dis-

crepancy in the stroke work was so significant, and approximately two orders

of magnitude greater than other differences, it was excluded from the calcula-

tion of the sum of all differences squared given as the final row of Table 7.8.

As is readily seen, the difference in systemic oxygen delivery accounts for the

majority of the remaining sum of squared errors (s.s.e.), this also becomes less

pronounced as the band diameter is increased.

The majority of outcomes presented provide plausible and comparable val-

ues with the exception of those stated above. The mean pulmonary artery

pressure in the patient-specific model (cited as Young) is negligible ranging

between 2.48 and 0.45 mmHg greater than that presented by the MOCHA col-

laborators. However, the cardiac outputs published from the generic geometry

modelling is between 0.25 and 0.47 l/min less in the present results. This is

significant when the discrepancy in stroke work is discussed in the subsequent

section.
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Table 7.8: Comparison of MOCHA geometrical band diameter variation with idealised geom-
etry and patient-specific geometry as presented in this research
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Table 7.9: Comparison of MOCHA 2 mm idealised geometry and 2 mm patient-specific ge-
ometry for varying total stressed blood volumes

Baker Baker - Young VT=60 ml Baker - Young VT=75 ml Baker - Young VT=90 ml

Mean PA pressure (mmHg) 13.30 1.35 -0.99 -3.21

Pulmonary perfusion (l/min) 1.24 0.30 0.15 0.02

Pulmonary-Systemic flow ratio 1.40 -0.18 -0.05 0.04

Cardiac output (l/min) 2.14 0.60 0.29 0.01

Ejection fraction 46.10 -4.81 -5.47 -5.61

Mechanical efficiency (%) 67 -15.7 -14.0 -12.6

Stroke work (ml ·mmHg) 2187.60 1645.69 1353.36 1021.80

Arterial oxygen saturation (%) 53.10 19.18 7.51 0.08

Venous oxygen saturation (%) 79.20 6.03 2.58 0.30

Systemic oxygen delivery (ml O2/min/m2) 475.20 182.86 87.94 -2.91

Summed squared difference 184.03 88.47 7.10

7.4.2 Comparison of Methodologies

As alluded to earlier, there is no clear methodology presented by the MOCHA

collaboration group in their previous publications with regards to the defi-

nition of the crucial initial conditions [81, 82, 84, 85]. This issue, addressed

through the discussion of total stressed blood volume has been considered and

transparently presented by Shimizu et al. in a lumped circulation model [86]

and consequentially adopted in the present work [144].

Given the analysis of varying total stressed blood volume for the 2 mm

patient-specific geometry in Section 7.3.2, it was decided to compare the pub-

lished data of the 2 mm idealised geometry with the patient-specific 2 mm

geometry while varying VT . These results are presented in Table 7.9 for a sub-

set of total stressed blood volumes simulated (VT = {60,75,90}). As for the

geometric comparison, the full haemodynamical results of varying the total

stressed blood volume are presented in Table 7.4.

The results of this comparison clearly suggest that near identical results can

be obtained from the equivalent patient-specific geometry solely by increasing

VT . By excluding the difference in stroke work (as above), the sum of squared
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error is significantly reduced when VT is increased from 60 ml (s.s.e.=184.03)

to 90 ml (s.s.e.=7.10) demonstrating the ability to greatly alter the clinical find-

ings of identical geometries through adjustment of this single parameter. As

the outcomes follow a strong linear relationship (see Section 7.3.2) there is

nothing to prevent varying this parameter to suit the desired outcome. It is

this reason that this parameter must be clearly defined, or at least the method-

ology adopted clearly defined, when considering any work of this nature.

7.4.3 Stroke Work Discrepancy

Aside from the lack of clarity regarding the specification of initial conditions

(addressed in this work through the parameter of total stressed blood volume

VT ), the value of stroke work required for the Hybrid configurations as pre-

sented by MOCHA raise serious concerns.

The values presented for the final coupled multiscale patient-specific ge-

ometry model in this chapter correlate well with those found for the lumped

circulation model presented here and published elsewhere [144] as discussed

in Section 7.3.3. Also, this study’s determination of stroke work for the Nor-

wood variants as presented by Shimizu et al.[86] were validated (see Section

5.3.1) and found comparable with the adaptation representing the post-Hybrid

Procedure circulation (see Section 5.3.3).

Upon additional investigations, the physiological validity of the generic

Hybrid models published by MOCHA require further considerations. In all

Hybrid related MOCHA publications, limited haemodynamical data is pre-

sented, specifically no systemic pressures are presented. The closest observed

data relating to determining the validity of the stroke work of the Hybrid sim-

ulations is Figure 3 from Hsia et al. [127], reproduced here in Figure 7.21.

From Figure 7.21 we see that the peak systolic pressure in the single ven-

tricle reaches 160 mmHg. From observed clinical data (see Chapter 4), clinical

experience, and a stringent literature search for published systolic systemic
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Figure 7.21: Figure 3 from Hsia et al. showing pressure-volume loop for mBT shunt (BTS),
Sano shunt (RVS) and Hybrid (HYB) repairs [127]

pressures following the hybrid procedure it was concluded that this value is

unphysiological.

The highest ventricular pressure from the catheterisation data gathered

from the same patient from which the geometry was constructed is under

100 mmHg. From an extensive review of the clinical literature, the highest

(mean) systemic systolic pressure following the Hybrid Procedure was 76 mmHg

(with a published range of 60-92 mmHg) [147]. Table 7.10 displays the sys-

temic systolic pressure data from four publications in addition to the patient-

specific clinical data gathered both before and after the procedure. Figure 7.22

shows graphs taken from Naguib et al. [159] and Honjo and Caldarone [160],

which displays similar results, and while no numbers were quoted, the rele-

vant graphs showing the outcomes of interest can be readily interpreted.

The peak systolic ventricular pressures, as well as systemic arterial pres-

sures, from the results presented in this thesis clearly match the published

clinical data observed in Table 7.10. The outcomes suggested by the solitary

pressure-volume loop presented by Hsia et al. in conjunction with the grossly

elevated stroke work values raise serious questions regarding their clinical va-

lidity. The fact that other haemodynamical outcomes are physiologically real-

istic raises additional concerns over the methodology adopted. Therefore it is

imperative, for this approach of modelling to be of benefit to clinical practice,
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Table 7.10: Review of clinical publications presenting systolic systemic pressures for Hybrid
patients. Pressures presented as mean ± standard deviation or indicative values

Authors Pressure Source Reference
Pre-Hybrid/Intraoperative

Pressure (mmHg)
Post-Hybrid Pressure (mmHg)

Li et al. [147] Systemic Arterial Pressure 56±3 76±16

Koziol et al.[161] Arterial Blood Pressure 65±12.7 69±13.7

Naguib et al. [159] Systemic Blood Pressure
< 72 mmHg

See Figure 7.22(a)

< 80 mmHg

See Figure 7.22(a)

Honjo et al. [160] Systemic Arterial Pressure
< 80 mmHg

See Figure 7.22(b)

Yorkhill Hybrid Specific Patient Right Ventricular Pressure < 91 mmHg

(a) Naguib et al. [159]

(b) Honjo and Caldarone [160]

Figure 7.22: Systolic systemic pressure data from the literature



that the methodology adopted for initial conditions, or alternatively a practical

definition of total stressed blood volume, is clearly justified and defined.

Given that intra-operative hypotension is a common concern in hybrid

patients [161], the suspicion surrounding the Hybrid simulation results pre-

sented by MOCHA is justified. Looking at the pressure-volume loop for the

2 mm Hybrid simulation in Figure 7.21 it is clear to see why there is such a

large discrepancy between the MOCHA results in contrast to the results pre-

sented in this thesis. The stroke work outcome in this study was determined

using the polyarea function in Matlab using the ventricular pressure and vol-

ume vector output from the model as seen in Appendix D and is therefore

presented with confidence in its reliability.

7.5 Summary

The work presented in this chapter signifies an important step in integrating

established methods in multiscale modelling with clinically derived patient-

specificity. In adopting a patient-specific geometry it has been demonstrated

that sliced medical imaging can be used to test hypothetical test surgical con-

figurations by altering the patient-specific geometry in a virtual surgery ap-

proach.

In simulating increasing band diameter it was shown, as was anticipated

from clinical experience, certain haemodynamical trends existed. In increas-

ing the band diameter the pulmonary perfusion increased while the systemic

perfusion decreased mainly due to greater diastolic backflow through the stent

for larger bands. Consequentially the Qp : Qs ratio increased as did the stroke

work, although it resulted in greater mechanical efficiency. The diastolic MPA

pressure also notably dropped with wider banding raising concerns over coro-

nary perfusion in this situation. One of the key outcomes of interest was

the systemic oxygen delivery, which was improved from 1.5 to 2 mm internal

banding, but decreased as the band diameter was increased above 2 mm.
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Given the optimal systemic oxygen delivery as well as factoring other key

outcomes such as pulmonary-systemic flow ratio, systemic pressures and me-

chanical efficiency, the 2 mm banding geometry resulted in the best haemo-

dynamical and ventricular performance. The systemic oxygen delivery was

352.77 ml O2/min/m2, with a cardiac output of 1.8 l/min and a Qp : Qs of

1.47. This conclusion correlates well with other studies of generic anatomies

published in the literature [83, 84, 127].

The total stressed blood volume, a key input parameter in executing any

simulation was transparently investigated. It was felt that this parameter had

failed to be properly identified and discussed and as yet, has no clinical in-

terpretation or means for defining an appropriate value. It was observed that

most outcomes follow a strong linear trend and increase as VT is increased. It

is imperative, for clinically meaningful studies and for future simulations to

have patient-specific clinical impact, that this parameter is better understood

and defined. This has been highlighted further by certain unphysiological re-

sults published in the literature, while no method of defining initial conditions

has been formally presented.

The internal diameter simulated in the multiscale approach is often quoted

as the banding diameter. However, clinically speaking, a banding diameter

would refer to an external banding. This distinction is vital in interpreting

the results of computational simulations and could lead to confusion for clin-

icians, who would know that a 2 mm band is too tight. In comparing the zero-

dimensional model with the multiscale model, we demonstrated that there is

good correlation between the sets of results. The external banding diameters

required for good performance of the Hybrid determined by the multiscale

model (internal banding diameters of 1.5 to 2.5 mm) fall within the current

common clinical range of diameters (2.5 to 4 mm).

One issue identified with the methodology adopted, given the high pres-

sure pulsatility of a psuedo-systemic circuit, is that the assumption of rigid

walls results in wave reflection generated oscillations. This did not have any
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obvious impact on the clinical outcomes of the analysis. However, to truly

gauge the energy efficiencies of the circuit, future work needs to determine

how influential these effects are by modelling the fluid-structure interactions

(FSI). This would potentially improve the efficiency calculations by accounting

for the stored energy in the distending of the arteries which help absorb the

pulsatility of the blood supply and transform it to steady flow, similar to the

Windkessel analogy. The increase of complexity in modelling FSI is marked,

therefore it is important to determine whether the simplification of rigid walls

is suitably accurate or not. This would also open the door to determining the

effect of a rigid band and/or stent within an elastic wall model.
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Chapter 8

Discussion, Limitations and Future

Work

In this thesis, the goal of patient-specific modelling of the Hybrid Procedure

for the treatment of Hypoplastic Left Heart Syndrome has been addressed.

This has incorporated a wide area of interest including lumped circulation

modelling, three dimensional computational fluid dynamical modelling, cou-

pled multiscale modelling. Significantly, the format and quality of the avail-

able clinical data has also been assessed.

In addition to the discussion and summaries throughout the body of this

work, specifically the conclusions of each chapter, this chapter reflects on those

outcomes. The original objectives are used to lead the concluding discussions

of this research throughout the present chapter.

The interconnected nature of the various elements of the research through-

out this project is presented in the flow chart in Figure 8.1.

8.1 Clinical Data and Patient-Specific Modelling

• Assess the available clinical data and applicability for use in patient-specific
modelling of the Hybrid Procedure.

The first objective of this research (see Chapter 1) was to assess what medical

data was available with which to generate patient-specific mathematical mod-
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Figure 8.1: Flow chart outlining the work undertaken throughout the investigation of math-
ematical modelling of the Hybrid Procedure for the treatment of hypoplastic left heart syn-

drome



els of the Hybrid Procedure. After a significant investigation on location at the

Royal Hospital for Sick Children, Yorkhill, Glasgow, there were many conclu-

sions including the usability of Doppler ultrasound for velocity measurements

and the superfluous digitisation steps that were required for this study.

Chapters 4 and 6 outlined the available clinical data, and many of the lim-

itations and obstacles found in using data from routine clinical practice. What

was apparent throughout this research, is that there is a mismatch in priority

of the form of data collected for clinical and modelling/engineering purposes.

The raw data, although often digitised at source, was not available in that for-

mat, which resulted in the labourious digitisation process outlined in Section

4.4. It is recommended for future research, that this information be stored

digitally ready for use in modelling or other forms of analysis. Automatic av-

eraging capabilities would also be recommended, with a convention set as to

whether normalised or absolute time averaging methods are used.

In looking at time averaging techniques, and integrating this data with

other available clinical scans (e.g. echocardiograms, CT and MRI) that there

was sometimes significant disparities in the haemodynamical state of the pa-

tient. This is illustrated in Figure 4.12(a) where the profiles are coloured by

heart rate and the scaled velocities (approximated from echocardiogram data)

are substantially different from that of the pressure data. There is even a dis-

parity observed within the available pressure data observed in Figure 4.12(b).

The recommendation following this investigation would be to have a more

consistent and complete collection of haemodynamical data as close as pos-

sible to being simultaneous. This would include imaging, flow and pressure

data.

The quality and consistency of data collected in current clinical practice,

although appropriate for diagnostic purposes, is difficult for use in the types

of patient-specific modelling investigated in this study. It is of utmost impor-

tance not to expose the patient to any unnecessary risk, however by stronger

collaboration between cardiac surgeons, cardiologists, echocardiographers, anaes-
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thetists, radiologists, biomedical engineers and administrators this ideal ap-

proach is possible. The complexity of HLHS is highlighted by the sheer num-

ber of different specialists involved, especially when factoring in potential pre-

dictive modelling.

8.2 Reproduction of Literature Models and Creation

of Hybrid Model

• Reproduce relevant mathematical models from the literature and construct
equivalent models for the Hybrid Procedure.

The second objective was achieved in the latter stages of the present work.

Significant effort was expended in attempting to reproduce the LCM Norwood

model published by Migliavacca et al. [85] which was later coupled to an ide-

alised 3D geometry in a multiscale model [82]. However, due to a lack of trans-

parency with what was later identified as the initial conditions, this model

was not successfully reproduced. This incomplete transparency was also the

case with related models representing the foetal and univentricular circulation

models by the same authors [88, 89].

Following this setback, an adult model first published by Smith et al. was

successfully reproduced [137]. This model was selected due to the later work

involving the identification of patient-specific parameters, which will be dis-

cussed in the next section [87].

The publication of the Norwood model by Shimizu et al. [86] which was

a simplified adaptation of the Migliavacca model that included initial condi-

tions, was successfully reproduced. Validation of the results was presented in

Section 5.3.1. This was used as a foundation for modelling the post-Hybrid

circulation for different diameters of ductal stenting and PAB.

A successful model of the post-Hybrid Procedure circulation was produced

following two novel steps. The first was to use an empirically derived equation
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for synthetic shunt flow (via 3D CFD [5]) and scale the diameter to match the

clinically observed pressure drop across the ductus as seen in Equation (5.13).

This was achieved simulating the model with the same banding diameter as

stated in the clinical case notes (3 mm for the specific patient used throughout

this study - see Section 5.2.2) and matching the stent diameter to the relevant

clinical pressure data as seen in Figure 8.1.

The second novel step was to construct an equation for pulmonary artery

banding resistance that varied with the diameter. A Poiseuille relationship,

as observed in the stent/shunt flow equation, was adopted. This relationship

was used to scale a reference PAB resistance which was constructed from the

acquired pressure data and the use of typical flow values published in the

literature. The value of reference banding resistance was found to be 3 mmHg

· s/ml and the banding resistance was determined using Equation (5.15). These

critical steps in the construction of this unique lumped circulation model of

the post-Hybrid circulation are discussed in full in Section 5.2.2 [144, 162].

Additionally there was the unique analysis of comparing configurations at

a defined cardiac output (see Section 5.3.2. This allowed a comparison of var-

ious bandings at a fixed cardiac supply, and the opportunity to assess a fixed

configuration (stent and band diameters) at various levels of cardiac output.

It was observed that the trends in varying the band diameter at a fixed car-

diac output were similar to those when maintaining the mean MPA pressure,

the method of comparison adopted from the literature. It was also concluded

that when varying the controlled cardiac output, that the model supported

the current clinical practice of using the tighter banding of 3 mm for small to

medium sized patients and a larger 3.5 mm band diameter for larger patients.

This is adopting a linear relationship between cardiac output and body surface

area/birth weight.

The final unique analysis undertaken on the LCM was of varying the to-

tal stressed blood volume. This showed that the haemodynamical outcomes
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could be controlled by varying the initial conditions. It is essential that this

parameter has greater clinical relevance and understanding.

The next step in creating a multiscale patient-specific Hybrid model was

the construction of patient-specific 3D geometry of a Hybrid repair and a

steady state CFD analysis. The geometry was generated using the clinically

available CT scans and despite the issues in using clinical data outlined in

Chapter 6 and reinforced in the previous section, an accurate representation

of the Hybrid anatomy, as validated by an expert radiologist, was constructed.

Again, the patient data collected through routine clinical practice was used to

determine suitable boundary conditions for pressure, and typical flow values

adopted guided by available data in the literature. The geometry was adapted

in a virtual surgery allowing an analysis of varying PAB diameters.

Finally, a multiscale Hybrid model with the patient-specific geometry was

constructed. Band diameter and total stressed blood volume variation were

analysed. The results of band diameter variation demonstrated that the 2 mm

internal band diameter was the optimal configuration, providing the greatest

systemic oxygen delivery at the lowest ventricular demand. This correlated

well with an idealised Hybrid geometry published in the literature [83, 84,

127]. However, this research highlighted a point of interest regarding the pub-

lished ventricular workload and systolic systemic pressures and was outlined

in great detail in Section 7.4. The novel analysis of varying total stressed blood

volume again highlighted the dependency of the results on this parameter,

emphasising the need for stricter clinically based protocols in the definition of

initial conditions. This is a vital area of investigation for future work in this

field of research.

8.3 Fully Patient-Specific Models

• Implement full patient specificity for all aspects of mathematical models pro-
duced (lumped parameters and geometrical representation of the surgical re-
gion).
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The third thesis objective was partially met. Unfortunately, mainly due to

the disjointed clinical data available, patient-specific lumped parameters were

not successfully identified. It was with this goal in mind that the work by

Smith and Hann et al. was reproduced [87, 137]. The model was adapted for

the Hybrid Procedure, cardiac parameters identified from the literature, and

parameter identification using the patient-specific data was attempted. Due to

the issues of disjointed data, ambiguous location labelling and no clear method

of standardising processing of the data, the output included unphysiological

negative values.

A key objective for the future is for full patient specificity for all parame-

ters used. The same modelling group discussed presently have publications,

based on porcine data, identifying cardiac parameters [92], that look promis-

ing in terms of achieving specificity. What is required is greater collaboration

between biomedical engineers and clinical partners. One proposal would be

to have a consistent protocol to measure pressure profiles at specific and con-

sistent points of the cardiovascular tree which would then be the location of

the pseudo-compartments in the electric analogy. If this could be coordinated

with other procedures that would gather flow and geometrical imaging data at

the same time, or as close as possible to an identical haemodynamic state, then

patient-specific parameter identification may be closer than it currently is.

In order for this approach to be facilitated, and adopted as routine clinical

practice, a comprehensive cost-benefit analysis would be required. This should

assess both the health and economical impact of obtaining all the relevant clin-

ical data at the beginning of the treatment planning, and the benefit of being

able to predict the best outcome for the patient. The predictive capabilities of

models will be discussed in the following section.

This research was successful in reproducing a patient-specific geometry.

However, the quality of the scan data was restrictive, as was the incomplete

set of available data needed for full patient specificity. As medical imaging im-

proves so will the 3D geometry generation. The next step for the future would
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be to implement fluid-structure interactions with suitable patient-specific pa-

rameters to define the elastic qualities of the vascular walls.

8.4 Predictive Modelling

• Assess the predictive capabilities of patient-specific modelling by comparing
the predictions of the modelled post-surgical data built from pre-surgical data,
with the actually observed clinical outcomes.

Unfortunately this objective was not achieved. This was ultimately due to

lack of coordinated data, and would require the collaboration and procedu-

ral change outlined in the previous section. What is unclear is how any pre-

surgical parameters would alter post-repair and therefore a blinded trial would

be necessary. This would compare a fully patient-specific post-procedure model

that would be validated to observed clinical outcome, with a predictive model

based on pre-procedure imaging and data.

This is an exciting prospect, with additional scope to model long-term

growth, and so with longer term observation, it could be possible to optimise

the repair for not just the short or medium term. Currently there are too many

questions related to growth and factors that have not been accounted for such

as autonomic feedback, or the physical growth of structures as considered by

Figueroa et al. [131].

8.5 Key Outcomes

The key outcomes and conclusions of this research are summarised below:

• Routine clinical data is not currently suitable for use in patient-specific

cardiac modelling for the applications adopted in this research

• A new use of an equation for flow through a shunt was adapted to de-

scribe ductal stent flow
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• Clinical data was used in the derivation of an equation for pulmonary

artery banding resistance that varied with the diameter

• A lumped circulation model of the Hybrid Procedure was successfully

generated and published [144]

• A patient-specific geometry was successfully constructed and adapted to

mimic virtual surgery

• A coupled multiscale model of the Hybrid Procedure was successfully

created combining the LCM and 3D models

• A key distinction between internal and external banding diameter was

made, and assessed comparing LCM and coupled simulations

• The significance of initial conditions or definition of total stressed blood

volume is vital for future work

• Improved imaging is necessary for better spatial and temporal resolution

in 3D geometry construction

• The optimal configuration for oxygen delivery and ventricular demands

is an internal band of 2 mm which corresponds to an external band of 3

mm

• Multidisciplinary cooperation is essential for future work, particularly

for patient-specific and predictive modelling
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Appendix A

Additional Mathematical

Comments

A.1 One Dimensional Models

Starting with the full Navier-Stokes equations, certain assumptions can be

made which result in the simplification of the equations that result in the one

dimensional model.

The Navier-Stokes equations were given in Equation (3.7) and are repeated

below:  ρ∂u
∂t + ρ (u · ∇)u−µ∇2u +∇P = 0

∇ ·u = 0
(A.1)

The first step is to consider the geometry of the vasculature in cylindrical

polar coordinates, which is a reasonable first approximation. This replaces the

Cartesian x and y components and describes that plane by the distance from

the centre r and the angle of rotation θ from the line of reference (θ = 0), while

the axis along the centre of the cylinder z is the as in Cartesian coordinates.

By considering the incompressible axisymmetric Navier-Stokes equations

(where there is no tangential velocity and no dependency on θ, Equation A.1

can be written as below [163].

204



 ρ
(
∂uz
∂t +uz

∂uz
∂z +ur

∂uz
∂r

)
+ ∂p
∂z = µ

(
1
r
∂
∂r

(
r ∂uz∂r

)
+ ∂uz

∂t

)
∂uz
∂z + 1

r
∂(rur )
∂r = 0

(A.2)

By integrating over each cross sectional area of the pipe A(z, t) and intro-

ducing some new parameters these equations are then represented by Equa-

tion (A.3) over the length of the cylinder from z = 0 to z = l.


∂A
∂t + ∂Q

∂z = 0
∂Q
∂t + ∂

∂z

(
αQ2

A

)
+ A
ρ
∂P
∂z = −KRQA

(A.3)

The parameter KR is an assumed constant related to the resistance due to

viscosity which is dependent on the assumed velocity profile boundary condi-

tion. The variable Q is flow as defined in Equation (4.1), and α is the Coriolis

coefficient, a momentum-flux correction term, defined below [46, 120].

α = A
(∫

A
u2
z dσ

)(∫
A
uzdσ

)−2

(A.4)

By assuming a reference area A0 at rest, a Pressure-Area relationship for

the vessel, using the parameter β =
√
πhE

(1−σ2) is often used as presented by Milisic

and Quarteroni [46]. The constant h, E and σ are the wall thickness, Youngs

Modulus and Poisson ratio respectively.

P (A) =
β

A0

(√
A−

√
A0

)
(A.5)
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Using this relationship and the chain rule for partial differentiation, and

defining the mean velocity as ū = Q
A , Equation A.3 can be rewritten as below.


∂P
∂t + β

2A3/2
0

∂Q
∂z = 0

∂Q
∂t + 2αū ∂Q∂z +

(
A
ρ −αū

2 β

2A3/2
0

)
∂P
∂z = −KRQA

(A.6)

By then linearising around A0 and ū = 0, for small variations in A and u,

neglecting the small second order terms of A and u, Equation (A.6) becomes

Equation (A.6). This is a reasonable step as it results in the reproduction of

most of the essential features of the blood flow for the whole systemic tree.


∂P
∂t + β

2A3/2
0

∂Q
∂z = 0

∂Q
∂t + +A0

ρ
∂P
∂z = −KRA0

Q
(A.7)

By setting C = l
2A3/2

0
β , R = −l ρKR

A2
0

and L = l ρA0
, and integrating along the z

axis from z = 0 to z = l we obtain an identical expression to the 0D governing

equations presented in Equations (3.1) and (3.3) when recalling Equation (5.7)

for a constant C.

In the cardiovascular system, waves are smooth and propagate rapidly with

wave speeds of between 1.5 and 10 m/s. The length of a single ‘tube’ inside

the cardiovascular tree can vary between a few millimeters up to 10 cm in an

adult. This is even less in the neonate. Thus two inlet and outlet values of the

tube can be very close for a sufficiently small time delay, justifying why the

averaged quantities are suitable.

By assuming that Equation (A.7) holds for all x along the systemic network,

and that it can be replaced by an infinite number of elementary circuits 0D

circuits of length δx. Thus it can be proven that as you add more and more 0D
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elements, the solution will tend to the 1D model. See Milisic and Quarteroni

for the mathematical proof [46].

Thus 1D modelling, versus the lumped 0D modelling adopted in this thesis

has the capability of representing wave propagation (and reflection) through-

out the cardiovascular tree. Therefore, phenomenon such as wave interference

as observed in Section 4.5. The difficulty in using these models would be to de-

fine values such as Youngs Modulus, vessel wall thickness, and lengths of seg-

ments of the vascular tree, particularly in the case of Hypoplastic Left Heart

Syndrome.
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Appendix C

Fluent Coupling Code

#include ‘ udf . h ’

# include ‘ s t d i o . h ’

# include ‘ myfuncs . h ’ /* Include Functions : heavis ide , square , activeV , activeA */

/* PARAMETER DEFINITION */

# def ine rho 1060.0

# def ine Erv 8.5

# def ine Era 7.35

# def ine Ela 7.35

# def ine Arv 0.9

# def ine Ara 0.17

# def ine Ala 0.17

# def ine Brv 0.062

# def ine Bra 0.484

# def ine Bla 0.484

# def ine v0rv 4.0

# def ine v0ra 1.0

# def ine v0la 1.0

# def ine Rpvalve 0.0004

# def ine Rtvalve 0.00004

# def ine Rasd 0.001

# def ine Rsa 3.83

# def ine Rsv 0.083

# def ine Rpa 1.26

# def ine Rpv 0.022

# def ine Csa 0.44296

# def ine Csv 4.39

# def ine Clpa 0.155

# def ine Clpv 0.445

# def ine Crpa 0.155

# def ine Crpv 0.445

# def ine Tc 0.375

# def ine Tesrv 0.136

# def ine k1 57.6

# def ine k2 18.7

# def ine Tesra 0.056

# def ine Tesla 0.056

# def ine Cmpa 0.06118

/* VVARIABLE DEFINITION */

r e a l VRV0,VMPA0, VSA0 , VSV0 , VLPA0, VRPA0, VLPV0, VRPV0,VRA0, VLA0 ; /* Volume n l e v e l */

r e a l VRV1,VMPA1, VSA1 , VSV1 , VLPA1, VRPA1, VLPV1, VRPV1,VRA1, VLA1 ; /* Volume n+1 l e v e l */

r e a l Qst ,Qmpa, Qlp , Qrp ; /* Measured Flow */

r e a l Prv , Pra , Pla , Pmpa, Psa , Psv , Plpa , Prpa , Plpv , Prpv , Ppul , Psys ; /* Pressure Var iables */

r e a l Qpvalv , Qs1 , Qtvalv , Qasd , Qs2 , Qs3 , Qlp2 , Qlp3 , Qrp2 , Qrp3 ; /* Flow Var iables */

r e a l t , t1 , t t , ta , dt ; /* Time Var iables */

r e a l h1 , h2 , h3 , h4 , h5 , h6 ; /* Local Heaviside Var iables */
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r e a l v1 , v2 , v3 , pedrv1 , pesrv1 , pedra1 , pesra1 , pedla1 , pesla1 , pedrv2 , pesrv2 , pedra2 , pesra2 , pedla2 , pesla2 ,AV,ALA,ARA; /*

Cardiac Chamber Local Var iables */

/* MANUALLY SET SURFACE ID */

int IDa = 6 ; /* Main Pulmonary Artery */

int IDb = 5 ; /* Ductal Stent */

int IDc = 4 ; /* Lef t Pulmonary Artery */

int IDd = 3 ; /* Right Pulmonary Artery */

/* ADDITIONAL FLUENT SPECIFIC DEFINITIONS */

char fname [22]= ‘ two Fdata . txt ’ ; /* Output * . t x t f i l e name */

Domain *domain ;

Thread * thread1 ;

Thread * thread2 ;

Thread * thread3 ;

Thread * thread4 ;

f a c e t f ;

FILE * fp ;

/* INITIAL SET UP OF SOLUTION: i n i t . Executed on loading fol lowing steady s t a t e i n i t i a t i o n */

DEFINE EXECUTE ON LOADING( i n i t , l i b )

{

domain=Get Domain ( 1 ) ;

thread1 = Lookup Thread ( domain , IDa ) ;

thread2 = Lookup Thread ( domain , IDb ) ;

thread3 = Lookup Thread ( domain , IDc ) ;

thread4 = Lookup Thread ( domain , IDd ) ;

fp = fopen ( fname , ‘w’ ) ;

/* N=0 */

/* I n i t i a l Volume Values */

VRV0=18.8459;

VMPA0=2.7301;

VSA0=20.2858;

VSV0=13.9594;

VLPA0=1.9311;

VRPA0=2.1815;

VLPV0=0.6931;

VRPV0=0.7006;

VRA0=5.5933;

VLA0=5.5791;

/* I n i t i a l Time Values */

t =0 .0 ;

t1 =0 .0 ;

dt =0.0001;

/* I n i t i a l Pressure Values */

Pmpa=VMPA0/Cmpa;

Psa=VSA0/Csa ;

Psv=VSV0/Csv ;

Plpa=VLPA0/Clpa ;

Prpa=VRPA0/Crpa ;

Plpv=VLPV0/Clpv ;

Prpv=VRPV0/Crpv ;

/* Cardiac Chamber Calcu la t ions */

AV=activeV ( t1 , Tc , Tesrv ) ;

ARA=activeA ( t1 , Tc , Tesra ) ;

ALA=activeA ( t1 , Tc , Tesla ) ;

v1 = VRV1−v0rv ;

pedrv1 = Arv * ( exp ( Brv *v1 ) −1.0) ;

pesrv1 = Erv *v1 ;

pedrv2 = pedrv1 *(1−AV) ;

pesrv2 = AV*pesrv1 ;

Prv = pedrv2 + pesrv2 ;
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v2 = VRA1−v0ra ;

pedra1 = Ara * ( exp ( Bra *v2 ) −1.0) ;

pesra1 = Era *v2 ;

pedra2 = pedra1 *(1−ARA) ;

pesra2 = ALA* pesra1 ;

Pra = pedra2 + pesra2 ;

v3 = VLA1−v0la ;

pedla1 = Ala * ( exp ( Bla *v3 ) −1.0) ;

pesla1 = Ela *v3 ;

pedla2 = pedla1 *(1−ALA) ;

pesla2 = ALA* pesla1 ;

Pla = pedla2 + pesla2 ;

/* I n i t i a l Flow Values from 3D Geometry */

Qmpa=0.0 ; /* Zero v a r i a b l e */

b e g i n f l o o p ( f , thread1 )

{

Qmpa+= F FLUX ( f , thread1 ) ; /* i n t e g r a t e mass f lux over sur face */

}

end f loop ( f , thread1 )

Qmpa=−(1e6 ) *Qmpa/ rho ; /* divide by dens i ty to obtain volumetric flow and s c a l e uni t s from m3 to ml */

/* ( Negative value for MPA due to normal d i r e c t i o n of sur face in Fluent ) */

Qst =0 .0 ;

b e g i n f l o o p ( f , thread2 )

{

Qst+= F FLUX ( f , thread2 ) ;

}

end f loop ( f , thread2 )

Qst=1e6 *Qst/ rho ;

Qlp =0.0 ;

b e g i n f l o o p ( f , thread3 )

{

Qlp+= F FLUX ( f , thread3 ) ;

}

end f loop ( f , thread3 )

Qlp=1e6 *Qlp/ rho ;

Qrp=0.0 ;

b e g i n f l o o p ( f , thread4 )

{

Qrp+= F FLUX ( f , thread4 ) ;

}

end f loop ( f , thread4 )

Qrp=1e6 *Qrp/ rho ;

/* Valvular Flow Calcu la t ions */

h3 = heavis ide ( Pra − Prv ) ;

h4 = heavis ide ( Prv − Pmpa) ;

h5 = h3 * ( Pra − Prv ) / Rtvalve ;

h6 = h4 * ( Prv − Pmpa) / Rpvalve ;

Qtvalv = s q r t ( h5 ) ;

Qpvalv = s q r t ( h6 ) ;

/* Remaining Linear Flow Calula t ions */

Qasd = ( Pla − Pra ) /Rasd ;

Qs2 = ( Psa−Psv ) /Rsa ;

Qs3 = ( Psv−Pra ) /Rsv ;

Qlp2 = ( Plpa−Plpv ) /Rpa ;

Qlp3 = ( Plpv−Pla ) /Rpv ;

Qrp2 = ( Prpa−Prpv ) /Rpa ;

Qrp3 = ( Prpv−Pra ) /Rpv ;

/* Pr int headers f or tab del imited output t e x t f i l e */
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f p r i n t f ( fp , ‘ t \ t Av( t ) \ t Aa( t ) \ t V rv \ t V mpa \ t v sa \ t V sv \ t V lpa \ t V rpa \ t V lpv \ t V rpv \ t V la \ t

V ra \ t P rv \ t P mpa \ t P sa \ t P sv \ t P lpa \ t P rpa \ t P lpv \ t P rpv \ t P la \ t P ra \ t Q mpa* \ t Q st *

\ t Q lpa * \ t Q rpa * \ t Q tvalve \ t Q pvalve \ t Q asd \ t Q s2 \ t Q s3 \ t Q lp2 \ t Q rp2 \ t Q lp3 \ t Q rp3 \n ’ )

;

/* Pr int i n i t i a l values to output t e x t f i l e */

f p r i n t f ( fp , ‘% e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t

%e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %

e \n ’ , t1 ,AV,ARA, VRV0,VMPA0, VSA0 , VSV0 , VLPA0, VRPA0, VLPV0, VRPV0, VLA0,VRA0, Prv , Pmpa, Psa , Psv , Plpa , Prpa , Plpv , Prpv ,

Pla , Pra ,Qmpa, Qst , Qlp , Qrp , Qtvalv , Qpvalv , Qasd , Qs2 , Qs3 , Qlp2 , Qrp2 , Qlp3 , Qrp3 ) ;

/* Calculate N+1 Volumes from Flows */

h1=heavis ide ( Qtvalv ) ;

h2=heavis ide ( Qpvalv ) ;

VRV1 = VRV0 + dt * ( h1*Qtvalv − h2*Qpvalv ) ;

VMPA1 = VMPA0 + dt * ( h2*Qpvalv − Qmpa) ;

VSA1 = VSA0 + dt * ( Qst − Qs2 ) ;

VSV1 = VSV0 + dt * ( Qs2 − Qs3 ) ;

VLPA1 = VLPA0 + dt * ( Qlp − Qlp2 ) ;

VRPA1 = VRPA0 + dt * ( Qrp − Qrp2 ) ;

VLPV1 = VLPV0 + dt * ( Qlp2 − Qlp3 ) ;

VRPV1 = VRPV0 + dt * ( Qrp2 − Qrp3 ) ;

VRA1 = VRA0 + dt * ( Qlp3 + Qrp3 + Qasd − h1*Qtvalv ) ;

VLA1 = VLA0 + dt * ( Qs3 − Qasd ) ;

/* Re−Calulate and Update Pressures */

t1=t+dt ;

Pmpa=VMPA1/Cmpa;

Psa=VSA1/Csa ;

Psv=VSV1/Csv ;

Plpa=VLPA1/Clpa ;

Prpa=VRPA1/Crpa ;

Plpv=VLPV1/Clpv ;

Prpv=VRPV1/Crpv ;

AV=activeV ( t1 , Tc , Tesrv ) ;

ARA=activeA ( t1 , Tc , Tesra ) ;

ALA=activeA ( t1 , Tc , Tesla ) ;

v1 = VRV1−v0rv ;

pedrv1 = Arv * ( exp ( Brv *v1 ) −1.0) ;

pesrv1 = Erv *v1 ;

pedrv2 = pedrv1 *(1−AV) ;

pesrv2 = AV*pesrv1 ;

Prv = pedrv2 + pesrv2 ;

v2 = VRA1−v0ra ;

pedra1 = Ara * ( exp ( Bra *v2 ) −1.0) ;

pesra1 = Era *v2 ;

pedra2 = pedra1 *(1−ARA) ;

pesra2 = ALA* pesra1 ;

Pra = pedra2 + pesra2 ;

v3 = VLA1−v0la ;

pedla1 = Ala * ( exp ( Bla *v3 ) −1.0) ;

pesla1 = Ela *v3 ;

pedla2 = pedla1 *(1−ALA) ;

pesla2 = ALA* pesla1 ;

Pla = pedla2 + pesla2 ;

/* Update Volume Var iables N = N+1 */

VRV0 = VRV1;

VMPA0 = VMPA1;

VSA0 = VSA1 ;

VSV0 = VSV1 ;
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VLPA0 = VLPA1 ;

VLPV0 = VLPV1 ;

VRPA0 = VRPA1;

VRPV0 = VRPV1;

VRA0 = VRA1;

VLA0 = VLA1 ;

}

/* EXPLICIT COUPLING CODE AT EACH TIME POINT : couple */

DEFINE EXECUTE AT END( couple )

{

domain=Get Domain ( 1 ) ;

thread1 = Lookup Thread ( domain , IDa ) ;

thread2 = Lookup Thread ( domain , IDb ) ;

thread3 = Lookup Thread ( domain , IDc ) ;

thread4 = Lookup Thread ( domain , IDd ) ;

/* Calculate N Flow Variabes */

t=CURRENT TIME ;

dt=CURRENT TIMESTEP ;

Qmpa=0.0 ;

b e g i n f l o o p ( f , thread1 )

{

Qmpa+= F FLUX ( f , thread1 ) ;

}

end f loop ( f , thread1 )

Qmpa=−(1e6 ) *Qmpa/ rho ;

Qst =0 .0 ;

b e g i n f l o o p ( f , thread2 )

{

Qst+= F FLUX ( f , thread2 ) ;

}

end f loop ( f , thread2 )

Qst=1e6 *Qst/ rho ;

Qlp =0.0 ;

b e g i n f l o o p ( f , thread3 )

{

Qlp+= F FLUX ( f , thread3 ) ;

}

end f loop ( f , thread3 )

Qlp=1e6 *Qlp/ rho ;

Qrp=0.0 ;

b e g i n f l o o p ( f , thread4 )

{

Qrp+= F FLUX ( f , thread4 ) ;

}

end f loop ( f , thread4 )

Qrp=1e6 *Qrp/ rho ;

h3 = heavis ide ( Pra − Prv ) ;

h4 = heavis ide ( Prv − Pmpa) ;

h5 = h3 * ( Pra − Prv ) / Rtvalve ;

h6 = h4 * ( Prv − Pmpa) / Rpvalve ;

Qtvalv = s q r t ( h5 ) ;

Qpvalv = s q r t ( h6 ) ;

Qasd = ( Pla − Pra ) /Rasd ;

Qs2 = ( Psa−Psv ) /Rsa ;

Qs3 = ( Psv−Pra ) /Rsv ;

Qlp2 = ( Plpa−Plpv ) /Rpa ;

Qlp3 = ( Plpv−Pla ) /Rpv ;

Qrp2 = ( Prpa−Prpv ) /Rpa ;

Qrp3 = ( Prpv−Pra ) /Rpv ;
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/* Pr int N values to output t e x t f i l e */

f p r i n t f ( fp ‘%e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %

e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e \ t %e

\n ’ , t1 ,AV,ARA, VRV0,VMPA0, VSA0 , VSV0 , VLPA0, VRPA0, VLPV0, VRPV0, VLA0,VRA0, Prv , Pmpa, Psa , Psv , Plpa , Prpa , Plpv , Prpv ,

Pla , Pra ,Qmpa, Qst , Qlp , Qrp , Qtvalv , Qpvalv , Qasd , Qs2 , Qs3 , Qlp2 , Qrp2 , Qlp3 , Qrp3 ) ;

/* Calculate N+1 Volumes from Flows */

h1=heavis ide ( Qtvalv ) ;

h2=heavis ide ( Qpvalv ) ;

VRV1 = VRV0 + dt * ( h1*Qtvalv − h2*Qpvalv ) ;

VMPA1 = VMPA0 + dt * ( h2*Qpvalv − Qmpa) ;

VSA1 = VSA0 + dt * ( Qst − Qs2 ) ;

VSV1 = VSV0 + dt * ( Qs2 − Qs3 ) ;

VLPA1 = VLPA0 + dt * ( Qlp − Qlp2 ) ;

VRPA1 = VRPA0 + dt * ( Qrp − Qrp2 ) ;

VLPV1 = VLPV0 + dt * ( Qlp2 − Qlp3 ) ;

VRPV1 = VRPV0 + dt * ( Qrp2 − Qrp3 ) ;

VRA1 = VRA0 + dt * ( Qs3 + Qasd − h1*Qtvalv ) ;

VLA1 = VLA0 + dt * ( Qlp3 + Qrp3 − Qasd ) ;

/* Re−Calulate and Update Pressures */

t1=t+dt ; /* Update time value */

Pmpa=VMPA1/Cmpa;

Psa=VSA1/Csa ;

Psv=VSV1/Csv ;

Plpa=VLPA1/Clpa ;

Prpa=VRPA1/Crpa ;

Plpv=VLPV1/Clpv ;

Prpv=VRPV1/Crpv ;

AV=activeV ( t1 , Tc , Tesrv ) ;

ARA=activeA ( t1 , Tc , Tesra ) ;

ALA=activeA ( t1 , Tc , Tesla ) ;

v1 = VRV1−v0rv ;

pedrv1 = Arv * ( exp ( Brv *v1 ) −1.0) ;

pesrv1 = Erv *v1 ;

pedrv2 = pedrv1 *(1−AV) ;

pesrv2 = AV*pesrv1 ;

Prv = pedrv2 + pesrv2 ;

v2 = VRA1−v0ra ;

pedra1 = Ara * ( exp ( Bra *v2 ) −1.0) ;

pesra1 = Era *v2 ;

pedra2 = pedra1 *(1−ARA) ;

pesra2 = ALA* pesra1 ;

Pra = pedra2 + pesra2 ;

v3 = VLA1−v0la ;

pedla1 = Ala * ( exp ( Bla *v3 ) −1.0) ;

pesla1 = Ela *v3 ;

pedla2 = pedla1 *(1−ALA) ;

pesla2 = ALA* pesla1 ;

Pla = pedla2 + pesla2 ;

/* Update Volume Var iables N = N+1 */

VRV0 = VRV1;

VMPA0 = VMPA1;

VSA0 = VSA1 ;

VSV0 = VSV1 ;

VLPA0 = VLPA1 ;

VLPV0 = VLPV1 ;

VRPA0 = VRPA1;
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VRPV0 = VRPV1;

VRA0 = VRA1;

VLA0 = VLA1 ;

}

/* Define Macro fo r S e t t i n g Pressure P r o f i l e on Surface in Pasca l s from mmHg */

DEFINE PROFILE ( mpa pressure , thread1 , IDa )

{

f a c e t f ;

b e g i n f l o o p ( f , thread1 )

{

F PROFILE ( f , thread1 , IDa ) = Pmpa*133.322;

}

end f loop ( f , thread1 )

}

DEFINE PROFILE ( systemic pressure , thread2 , IDb )

{

f a c e t f ;

b e g i n f l o o p ( f , thread2 )

{

F PROFILE ( f , thread2 , IDb ) = Psa *133.322 ;

}

end f loop ( f , thread2 )

}

DEFINE PROFILE ( lef t pulmonary pressure , thread3 , IDc )

{

f a c e t f ;

b e g i n f l o o p ( f , thread3 )

{

F PROFILE ( f , thread3 , IDc ) = Plpa *133.322;

}

end f loop ( f , thread3 )

}

DEFINE PROFILE ( right pulmonary pressure , thread4 , IDd )

{

f a c e t f ;

b e g i n f l o o p ( f , thread4 )

{

F PROFILE ( f , thread4 , IDd ) = Prpa *133.322;

}

end f loop ( f , thread3 )

}

/* Close / F i n a l i s e output t e x t f i l e upon c l o s i n g Fluent */

DEFINE EXECUTE AT EXIT ( c l o s e )

{

f c l o s e ( fp ) ;

}

Additional Functions Header Code

# i f n d e f ADD H GUARD

# def ine ADD H GUARD

r e a l heavis ide ( r e a l x )

{

r e a l r e s u l t ;

i f ( x > 0 )

{
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r e s u l t = 1 . 0 ;

}

e l s e

{

r e s u l t = 0 . 0 ;

}

return r e s u l t ;

}

r e a l square ( r e a l x )

{

r e a l y ;

y= x *x ;

return y ;

}

r e a l act iveV ( r e a l t , r e a l t1 , r e a l t2 )

{

r e a l N;

r e a l t3 ;

r e a l t4 ;

r e a l t5 ;

r e a l on ;

r e a l e ;

r e a l t6 ;

r e a l pi ;

N = f l o o r ( t / t1 ) ;

t4 =0.02* t1 ;

t3 = t − N* t1 − t4 ;

t5 = t3 − 2* t2 ;

on = heavis ide ( t3 )−heavis ide ( t5 ) ;

pi = 3.14159265358979323846;

t6 = t3 * pi / t2 ;

e = on *0.5* (1 − cos ( t6 ) ) ;

return e ;

}

r e a l act iveA ( r e a l t , r e a l t1 , r e a l t2 )

{

r e a l N;

r e a l e ;

r e a l t6 ;

r e a l pi ;

r e a l on ;

r e a l t3 ;

r e a l t5 ;

N = f l o o r ( t / t1 ) ;

t3 = t − N* t1 ;

t5 = t3 − 2* t2 ;

on = heavis ide ( t3 )−heavis ide ( t5 ) ;

pi = 3.14159265358979323846;

t6 = t3 * pi / t2 ;

e = on *0.5* (1 − cos ( t6 ) ) ;

return e ;

}

r e a l dVdt ( r e a l t , r e a l V[ 1 8 ] )

{

r e a l out [ 1 0 ] ;

r e a l Pla , Plv , Psa , Psv , Pra , Prv , Ppa1 , Ppa2 , Ppv ;

r e a l Qmvlv , Qavlv , Qs1 , Qs2 , Qtvlv , Qpvlv , Qp1, Qp2, Qp3 ;
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Ped la = P . Ala * ( exp (P . Bla * ( y ( 9 )−P . v0la ) ) −1) ;

P e s l a = P . Ela * ( y ( 9 ) − P . v0la ) ;

Pla = Ped la + Active ( t , P . Tes la , P . Tc ) * ( P e s l a − Ped la ) ;

Ped ra = P . Ara * ( exp (P . Bra * ( y ( 1 0 )−P . v0ra ) ) −1) ;

Pes ra = P . Era * ( y ( 1 0 ) − P . v0ra ) ;

Pra = Ped ra + Active ( t , P . Tes ra , P . Tc ) * ( Pes ra − Ped ra ) ;

Ped rv = P . Arv * ( exp (P . Brv * ( y ( 2 )−P . v0rv ) ) −1) ;

Pes rv = P . Erv * ( y ( 2 ) − P . v0rv ) ;

Prv = Ped rv + Active ( t , P . Tes rv , P . Tc , 1 ) * ( Pes rv − Ped rv ) ;

Ped lv = P . Alv * ( exp (P . Blv * ( y ( 1 )−P . v0lv ) ) −1) ;

P es l v = P . Elv * ( y ( 1 ) − P . v0lv ) ;

Plv = Ped lv + Active ( t , P . Tes lv , P . Tc , 1 ) * ( P e s l v − Ped lv ) ;

Pao = y ( 3 ) /P . Cao ;

Psa = y ( 4 ) /P . Csa ;

Psv = y ( 5 ) /P . Csv ;

Pmpa = y ( 6 ) /P .Cmpa;

Ppa = y ( 7 ) /P . Cpa ;

Ppv = y ( 8 ) /P . Cpv ;

Rmi = (1 − cos ( y ( 1 1 ) ) ) ˆ2/ (1 − cos ( c . theta max mi ) ) ˆ 2 ;

Rao = (1 − cos ( y ( 1 3 ) ) ) ˆ2/ (1 − cos ( c . theta max ao ) ) ˆ 2 ;

Rt i = (1 − cos ( y ( 1 5 ) ) ) ˆ2/ (1 − cos ( c . t h e t a m a x t i ) ) ˆ 2 ;

Rpo = (1 − cos ( y ( 1 7 ) ) ) ˆ2/ (1 − cos ( c . theta max po ) ) ˆ 2 ;

Qmvlv = sign ( Pla−Plv ) * c .CQmi*Rmi* s q r t ( abs ( Pla−Plv ) ) ;

Qavlv = sign ( Plv−Pao ) * c . CQao*Rao* s q r t ( abs ( Plv−Pao ) ) ;

Qtvlv = sign ( Pra−Prv ) * c . CQti * Rti * s q r t ( abs ( Pra−Prv ) ) ;

Qpvlv = sign ( Prv−Pmpa) * c .CQpo*Rpo* s q r t ( abs ( Prv−Pmpa) ) ;

Qs1 = ( Pao − Psa ) /P . Rsc ;

Qs2 = ( Psa − Psv ) /P . Rsa ;

Qs3 = ( Psv − Pra ) /P . Rsv ;

Qp1 = (Pmpa − Ppa ) /P . Rpc ;

Qp2 = ( Ppa − Ppv ) /P . Rpa ;

Qp3 = ( Ppv − Pla ) /P . Rpv ;

out [1]=Qmvlv−Qavlv ;

out [2]= Qtvlv−Qpvlv ;

out [3]= Qavlv−Qs1 ;

out [4]=Qs1−Qs2 ;

out [5]=Qs2−Qs3 ;

out [6]= Qpvlv−Qp1 ;

out [7]=Qp1−Qp2 ;

out [8]=Qp2−Qp3 ;

out [9]=Qp3−Qmvlv ;

out [10]=Qs3−Qtvlv ;

out [11]= V[ 1 2 ] ;

out [ 1 2 ] = c . Kpmi* ( Pla − Plv ) * cos (V[ 1 1 ] ) − c . Kfmi*V[ 1 2 ] ;

out [13]=V[ 1 4 ] ;

out [ 1 4 ] = c . Kpao * ( Plv − Psa ) * cos (V[ 1 3 ] ) − c . Kfao *V[ 1 4 ] ;

out [15]= V[ 1 6 ] ;

out [ 1 6 ] = c . Kpti * ( Pra − Prv ) * cos (V[ 1 5 ] ) − c . K f t i *V[ 1 6 ] ;

out [17]= V[ 1 8 ] ;

out [ 1 8 ] = c . Kppo * ( Prv − Pmpa) * cos (V[ 1 7 ] ) − c . Kfpo*V[ 1 8 ] ;

}

# endif
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Appendix D

Matlab *.m files

simulate.m

Function calculating all haemodynamical outcomes

function [t,v,a,c] = simulate(N,dt,vol,D,d,model,valve,varargin)

% N − number of cycles to simulate
% dt − timestep (s)

5 % vol − totalstressedbloodvolume (ml)
% D − diameter of shunt (mm)
% d − diameter of band (mm); dummyvalue forNorwoodmodels
% model − 1: hybrid, 2: non−valved sano, 3: valved sano, 4: blalock−taussigshunt
% valve − 1: linear, 2: quadratic/oriface

10

i f model == 1

D=D*1.5; % scalebanddiameterforhybrid
end

15 % parameterlabels:
% _rv: rightventricle, _ra: right atrium, _la: leftatrium
% mpa: mainpulmonaryartery, asd: atrialseptaldefect
% _s*: systemic, _p*: pulmonary
% _*c: characteristic, _*a: arterial, _*v: venous

20 % _pvalve: pulmonaryvalve, _tvalve: tricuspidvalve, _band: pulmonarybanding
% R_: resistance, C_: compliance
% Tes_: endsystolic time, E_: maximumelastance, A_: , B_: , v0_:

% struct P containingconstantparameters
25 P.HR=160; % heartrate (beats per min)

P.Tc=60/P.HR; % length of cardiaccycle (s)
P.k1=5.76e1; % shunt/stentflowparameter 1
P.k2=1.87e1; % shunt/stentflowparameter 2
P.Tes_rv=0.136; % time to endsystole of rightventricle (s)
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30 P.Tes_ra=0.056;

P.Tes_la=0.056;

P.Erv=8.5;

P.Era=7.35;

P.Ela=7.35;

35 P.Arv=0.9;

P.Ara=0.17;

P.Ala=0.17;

P.Brv=0.062;

P.Bra=0.484;

40 P.Bla=0.484;

P.v0rv=4;

P.v0ra=1;

P.v0la=1;

P.Rpvalve=0.0004;

45 P.Rtvalve=0.00004;

P.Rasd=0.001;

P.Rsc=0.2;

P.Rsa=3.83;

P.Rsv=0.083;

50 P.Rpc=0.028;

P.Rpa=0.63;

P.Rband=(3-P.Rpc)*3ˆ4/dˆ4; % Poiseuillescaling
P.Rpv=0.011;

P.Cmpa=0.06118;

55 P.Csa=0.44296;

P.Cpa=0.31;

P.Csv=4.39;

P.Cpv=0.89;

60 P = parse_pv_pairs(P,varargin); % function to allowchanging of specificparameters

T = 0:dt:N*P.Tc; % timevectorfor N cycles
I = round(P.Tc/dt)+1; % length of vector in cardiaccycle

65 % setinitialvolumes− distributed to produceconvergentsolution
V(1).Vrv = 1.5*vol/8;

V(1).Vmpa = vol/8;

V(1).Vsa = 1.5*vol/8;

V(1).Vsv = vol/8;

70 V(1).Vpa = 0.5*vol/8;

V(1).Vpv = vol/8;

V(1).Vra = 0.75*vol/8;

V(1).Vla = 0.75*vol/8;

75 % determineinitialalgebraicparametersfromvolume
A(1) = algebraic(V(1),P,T(1),D,d);

% preallocatevolumeandalgebraicvariablestructs
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V( length(T))=struct(’Vrv’,[],’Vmpa’,[],’Vsa’,[],’Vsv’,[],’Vpa’,[],’Vpv’,[],’Vra’,[],’

Vla’,[]);

80 A( length(T))=struct(’Prv’,[],’Pra’,[],’Pla’,[],’Pmpa’,[],’Psa’,[],’Psv’,[],...

’Ppa’,[],’Ppv’,[],’Qs1’,[],’Psys’,[],’Qp1’,[],’Ppul’,[],...

’Qpvalve’,[],’Qtvalve’,[],’Qasd’,[],’Qs2’,[],’Qs3’,[],’Qp2’,[],’Qp3’,[]);

n=1; % initiatecyclenumber n
85 while n<N

% solvefirstcardiaccycle
i f n==1

for i=2:I-1

V(i) = dvdt(V(i-1),A(i-1),dt);

90 A(i) = algebraic(V(i),P,T(i),D,d,model,valve);

end

end

n=n+1; % updatecardiaccyclenumber
95

i f n <= N

for i=(n-1)*(I-1)+1:n*(I-1)

V(i) = dvdt(V(i-1),A(i-1),dt);

A(i) = algebraic(V(i),P,T(i),D,d,model,valve);

100 end

end

end

% finalcalculation
105 i=N*(I-1)+1;

V(i) = dvdtN_hybrid(V(i-1),A(i-1),dt);

A(i) = algebraicN_hybrid(V(i),P,T(i),D,d);

j=round((N-1)*P.Tc/dt)+1; % index for start of finalcardiaccycle
110 k=round(P.Tc/dt)+1; % index of end of firstcardiaccycle

t=T(1:k); % outputtimevector 0 −> Tc
a=A(j:end); % outputalgebraicstruct of finalcardiaccycle
v=V(j:end); % outputvolumestruct of finalcardiaccycle

115 c=resultstable(t,v,a,d,D); % haemodynamicresults

% solvedifferentialequationssubfunction
function V1 = dvdt(V0,A0,dt)

120 % V0 − currenttimestepvolumes
% A0 − currenttimesteppressuresand flows
% V1 − nexttimestepvolumes

V1.Vrv = V0.Vrv + dt*(A0.Qtvalve - A0.Qpvalve);

125 V1.Vmpa = V0.Vmpa + dt*(A0.Qpvalve - A0.Qs1 - A0.Qp1);

V1.Vsa = V0.Vsa + dt*(A0.Qs1 - A0.Qs2);
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V1.Vsv = V0.Vsv + dt*(A0.Qs2 - A0.Qs3);

V1.Vpa = V0.Vpa + dt*(A0.Qp1 - A0.Qp2);

V1.Vpv = V0.Vpv + dt*(A0.Qp2 - A0.Qp3);

130 V1.Vra = V0.Vra + dt*(A0.Qs3 - A0.Qtvalve + A0.Qasd);

V1.Vla = V0.Vla + dt*(A0.Qp3 - A0.Qasd);

end

% solvealgebraicequationssubfunction
135 function A = algebraic(V,P,t,D,d,model,valve)

% rightventricle
Ped_rv = P.Arv*(exp(P.Brv*(V.Vrv-P.v0rv))-1);

Pes_rv = P.Erv*(V.Vrv - P.v0rv);

140 A.Prv = Ped_rv + Active(t,P.Tes_rv,P.Tc,2)*( Pes_rv - Ped_rv);

% rightatrium
Ped_ra = P.Ara*(exp(P.Bra*(V.Vra-P.v0ra))-1);

Pes_ra = P.Era*(V.Vra - P.v0ra);

145 A.Pra = Ped_ra + Active(t,P.Tes_ra,P.Tc,1)*( Pes_ra - Ped_ra);

% leftatrium
Ped_la = P.Ala*(exp(P.Bla*(V.Vla-P.v0la))-1);

Pes_la = P.Ela*(V.Vla - P.v0la);

150 A.Pla = Ped_la + Active(t,P.Tes_la,P.Tc,1)*( Pes_la - Ped_la);

% systemicpressures
A.Pmpa = V.Vmpa/P.Cmpa;

A.Psa = V.Vsa/P.Csa;

155 A.Psv = V.Vsv/P.Csv;

% pulmonarypressures
A.Ppa = V.Vpa/P.Cpa;

A.Ppv = V.Vpv/P.Cpv;

160

switch model

case 1 % hybrid
A.Qs1 = sign(A.Pmpa-A.Psa)*(-(P.k1+P.Rsc*Dˆ4)/(2*P.k2) + sqrt(abs(A.Pmpa-

A.Psa)*Dˆ4/P.k2 + ((P.k1+P.Rsc*Dˆ4)/(2*P.k2))ˆ2));

A.Qp1 = (A.Pmpa - A.Ppa)/(P.Rband + P.Rpc);

165 A.Psys = A.Psa + A.Qs1*P.Rsc;

case 2 % non−valvedsano
A.Qs1 = (A.Pmpa - A.Psa)/P.Rsc;

A.Qp1 = sign(A.Prv-A.Ppa)*(-(P.Rpc*Dˆ4 +P.k1)/(2*P.k2) + sqrt(abs(A.Prv-A

.Ppa)*(Dˆ4)/P.k2 + ((P.Rpc*Dˆ4 +P.k1)/(2*P.k2))ˆ2));

A.Psys = A.Psa + A.Qs1*P.Rsc/2;

170 case 3 % valvedsano
A.Qs1 = (A.Pmpa - A.Psa)/P.Rsc;

A.Qp1 = -(P.Rpc*Dˆ4 +P.k1)/(2*P.k2) + sqrt(heaviside(A.Prv-A.Ppa)*((Dˆ4)/

P.k2*(A.Prv-A.Ppa)) + ((P.Rpc*Dˆ4 +P.k1)/(2*P.k2))ˆ2);
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A.Psys = A.Psa + A.Qs1*P.Rsc/2;

case 4 % bt shunt
175 A.Qs1 = (A.Pmpa - A.Psa)/P.Rsc;

A.Qp1 = sign(A.Pmpa-A.Ppa)*(-(P.k1+P.Rpc*Dˆ4)/(2*P.k2) + sqrt(abs(A.Pmpa-

A.Ppa)*Dˆ4/P.k2 + ((P.k1+P.Rpc*Dˆ4)/(2*P.k2))ˆ2));

A.Psys = A.Psa + A.Qs1*P.Rsc/2;

end

180 A.Ppul = A.Ppa + A.Qp1*P.Rpc;

% valvular + septalflow
switch valve

case 1

185 A.Qpvalve = heaviside(A.Prv - A.Pmpa)*(A.Prv - A.Pmpa)/P.Rpvalve;

A.Qtvalve = heaviside(A.Pra - A.Prv)*(A.Pra - A.Prv)/(P.Rtvalve);

case 2

A.Qpvalve = heaviside(A.Prv - A.Pmpa)* sqrt((A.Prv - A.Pmpa)/P.Rpvalve);

A.Qtvalve = heaviside(A.Pra - A.Prv)* sqrt((A.Pra - A.Prv)/P.Rtvalve);

190 end

A.Qasd = (A.Pla - A.Pra)/P.Rasd;

% systemicflow
195 A.Qs2 = (A.Psa - A.Psv)/P.Rsa;

A.Qs3 = (A.Psv - A.Pra)/P.Rsv;

% pulmonaryflow
A.Qp2 = (A.Ppa - A.Ppv)/P.Rpa;

200 A.Qp3 = (A.Ppv - A.Pla)/P.Rpv;

end

% cardiacactivationsubfunction
function e = Active(t,Tes,Tc,C)

205 % t: time, Tes: endsystolic time, Tc: cardiaccycleduration, C: chambertype
% C, 1: atrium, 2: ventricle

i f C == 2

DT=0.02*Tc; % delayonset of ventricularsystole
e l s e

210 DT=0;

end

N= f l o o r (t/Tc); % cariaccyclenumber
t1 = t-N.*Tc - DT; % translate to [0,Tc]

215 on = (heaviside(t1)-heaviside(t1-2*Tes)); % limitrange
e= on.*0.5.*(1- cos(t1*pi/Tes));

end

function out=resultstable(t,v,a,d,D)
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% t − timevectorinput
% v − volumearrayinput
% a − algebraicvariablesarrayinput

out=zeros(27,1); % preallocateoutputvector
225 out(1) = d; % bandingdiameter

out(2) = D; % ductalstentdiameter
out(3) = max([a.Pmpa]); % systolicMPApressure
out(4) = min([a.Pmpa]); % diastolicMPApressure
out(5) = mean([a.Pmpa]); % mean MPApressure

230 out(6) = max([a.Psys]); % systolicdistal−stent/aorticpressure
out(7) = min([a.Psys]); % diastolicdistal−stent/aorticpressure
out(8) = mean([a.Psys]); % mean distal−stent/aorticpressure
out(9) = max([a.Ppul]); % systolic post−band/shunt PA pressure
out(10) = min([a.Ppul]); % diastolic post−band/shunt PA pressure

235 out(11) = mean([a.Ppul]); % mean post−band/shunt PA pressure
out(12) = trapz(t,[a.Qpvalv])*160/1000; % cardiacoutput (l/min)− forwardflow

throughpulmonaryvalve
Qp = trapz(t,[a.Qp1])*160/1000; % pulmonaryflow (l/min)
out(13) = Qp;

Qs = trapz(t,[a.Qs1])*160/1000; % systemicflow (l/min)
240 out(14) = Qs;

out(15) = Qp/Qs; % Qp:Qs ratio
runoff=find([a.Qs1]<0); % identifybackflowthroughstent
out(16)= trapz(t(runoff),[a(runoff).Qs1])*160/1000; % stentbackflow (l/min)
saO2 = 100*(0.98*1.34*10*16.52 - 185*.33./Qp)/(1.34*10*16.52); % arterialoxygen

saturation
245 out(20,i) = saO2;

svO2 = 100*((0.98*1.34*10*16.52 - 185*.33./Qp) - 185*.33./Qs)/(1.34*10*16.52); %
venousoxygensaturation

out(21,i) = svO2;

out(22,i)=(Qs/0.33)*(0.98*1.34*10*16.52-185*.33/Qp); % systemicoxygendelivery
out(23) = sum(cell2mat(struct2cell(v(1)))); % totalstressedbloodvolume

250 out(24) = max([v.Vrv]); % rightventricleenddiastolicvolume
sw = polyarea([v.Vrv],[a.Prv]); % strokework
out(25) = sw;

spva = syspva(v,a); % systolicpressure−volumearea
out(26) = spva;

255 out(27)= 100*sw/spva; % mechanicalefficiency
end

% subfunctioncalculatingsystolicpressure−volumearea
function pva=syspva(V,A,P)

260

bottom_right=max([V.Vrv]); % identifyenddiastolicvolume
i1= find([V.Vrv]==bottom_right ,1,’first’); % findindex of enddiastole
E=[A.Prv]./[V.Vrv]; % elastancevector
Emax= find(E==max(E)); % index of maximumelastance

265 % bottomdiastoliccurvepressureandvolumevectors
v1= l inspace(P.v0rv,bottom_right ,101);
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p1=P.Arv*(exp(P.Brv*(v1-P.v0rv))-1);

% enddiastole to maximumelastancepressureandvolumevectors
v2=[V(i1:Emax).Vrv];

270 p2=[A(i1:Emax).Prv];

% endsystoliccorner to zeropressurevolumeintercept
v3= l inspace(V(Emax).Vrv,P.v0rv,100);

p3=A(Emax).Prv/(V(Emax).Vrv-P.v0rv)*(v3-P.v0rv);

% stitching of volumeandpressurevectors
275 v=[v1,v2,v3];

p=[p1,p2,p3];

pva=polyarea(v,p); % calculation of systolicpressure−volumearea
end

match outcome.m

Function matching total stressed blood volume with specified haemodynam-

ical outcome. Matching band diameter d is a variation of the code presented

here.

function [t,vr,ar,cr,xr]=match_outcome(xl,xu,d,D,model,valve,n,F,maxerror,maxit)

% INPUT
% xl: lowerstressedbloodvolumelimit

5 % xu: upperstressedbloodvolumelimit
% d: banddiameter, D: stentdiameter
% model: 1−hybrid, 2−non−valved sano, 3−valved sano, 4−bt shunt
% valve: 1−linear, 2−quadratic/oriface
% n: haemodynamicaloutcomematched (seesimulate.m foridentifierdetails)

10 % F: value to matchoutcome n
% maxerror: toleranceformatchingoutcome
% maxit: maximumnumber of iterations
% OUTPUT
% t: timevector

15 % vr: matchedvolumestructdata
% ar: matchedpressureand flowstructdata
% cr: matchedhaemodynamicaloutcomes
% xr: requiredtotalstressbloodvolume to matchspecifiedhaemodynamicaloutcome

20 [t,vl,al,cl,fl]=sim(xl,d,D,n); % initiallowerguess
fl=fl-F; % initiallowerdifference
[t,vu,au,cu,fu]=sim(xu,d,D,n); % initialupperguess
fu=fu-F; % initialupperdifference

25 % ensurepositivedifferencewithupperguess
while fu<0

xu=1.1*xu; % increaseupperlimit
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[t,vu,au,cu,fu]=sim(xu,d,D,n);

fu=fu-F;

30 end

% ensurenegitivedifferencewithlowerguess
while fl>0

xl=0.75*xl; % decreaselowerlimit
[t,vl,al,cl,fl]=sim(xl,d,D,n);

35 fl=fl-F;

end

count = 0; % iterationcounter
fr = fu; % to forceentryintowhileloop

40 xr = xu; % requirestartingvalue in loopbelow

while (abs(fr) > maxerror) && (count < maxit)

count = count + 1;

45 xr = xu - fu*(xu-xl)/(fu-fl); % estimatevolumeformatchedsolution
[t,vr,ar,cr,fr]=sim(xr,d,D,n); % solve at estimatedvolume
fr=fr-F; % testestimateagainstdesiredmatchingvalue

test = fl * fr; % formtestproduct
50

i f test == 0

fr = 0; % root is at xr
e l s e i f test < 0 % updateupperlimit

xu = xr;

55 fu = fr; % root is below xr
vu = vr;

au = ar;

cu = cr;

e l s e % updatelowerlimit
60 xl = xr;

fl = fr; % root is above xr
vl = vr;

al = ar;

cl = cr;

65 end

end

end

70 function [t,v,a,c,f]=sim(vol,d,D,model,valve,n)

[t,v,a,c]=simulate(15,1e-5,vol,D,d,model,valve);

f=c(n);

end
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Appendix E

Patient-Specific Catheterisation

Data
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