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Abstract

Arterio-venous-fistulae (AVF) are surgically-formed connections between an artery

and a vein and are regarded as the “gold standard” method of vascular access, for

haemodialysis. Nonetheless, up to 60% fail within three months of creation. Their

principal failure mechanism is intimal hyperplasia (IH), an adverse inflammatory

process causing AVF to block and fail. Evidence suggests that IH is a multifacto-

rial process, attributable to an altered vascular environment, including increased

metabolic stress, flow disturbances, mechanical stress, and wall hypoxia (low oxy-

gen levels). The present work focuses on studying wall hypoxia in idealised AVF.

Vascular walls are oxygenated by transport from both luminal oxygenated blood

and adventitial vasa vasorum (VV), the microvascular network supplying large

vessels. Luminal oxygen supply is affected by the altered AVF haemodynamics,

while altered wall-mechanics can prevent adequate VV perfusion. The aim of this

thesis is to ascertain what is most important in determining wall-oxygen levels:

(i) modified luminal flow field; (ii) mechanically-modified VV perfusion. Hence, a

model of oxygen transport, capable of accounting for VV damage/hypoperfusion,

was developed. Geometries and VV perfusion fields obtained from mechanical

simulations were used to provide the oxygen transport model with a VV oxy-

gen source. Results suggest that for a given set of wall parameters, the local

wall-oxygen levels are governed by the flow field, while spatial distributions of

mechanically-modified VV perfusion are shown to have negligible effects on the

local wall-oxygen levels. However, overall wall-oxygen levels are highly sensitive
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to changes in bulk wall parameters, particularly oxygen consumption rates.

Finally, these results were used to develop a simplified oxygen transport model,

that is combined with a mesh-adaptive-direct-search approach to identify an op-

timal AVF configuration with reduced hypoxia levels. The configuration features

a non-planar anastomosis and a helical shaped vein.
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Nomenclature

Abbreviations
AVF Arterio-Venous Fistula

AVG Arterio-Venous Graft

BA Brachial Artery

CABG Coronary Artery Bypass Graft

CFD Computational Fluid Dynamics

CS Compartment Syndrome

CV Cephalic Vein

CVC Central Venous Catheter

DAO Distal Arterial Outlet

DVO Distal Venous Outlet

EC Endothelial Cells

ESRD End-Stage Renal Disease

FEA Finite Element Analysis

FSI Fluid-Structure Interaction

HWP Haemodynamic Wall Parameter

IFP Interstitial Fluid Pressure

IH Intimal Hyperplasia

LHS Latin Hypercube Sampling

NFK-K/DOQI National Kidney Foundation - Kidney Disease Outcomes Quality Initiative

PAI Proximal Arterial Inlet

POD Proper Orthogonal Decomposition

RRT Renal Replacement Therapies

SMC Smooth Muscle Cells

SPI Spectral Power Index

SV Saphenous Vein

VA Vascular Access

VMTK Vascular Modelling Tool Kit

8



9

VV Vasa Vasorum

WSS Wall Shear Stress

Constants
κ Modulating exponent for the Stretch-Based Perfusion Model -

D2 Diameter of 2 m

µ Dynamic Viscosity Pa · s

ρ Density kg/m3

a Elliptical Arteriotomy semi-major axis m

b Elliptical Arteriotomy semi-minor axis m

da - v Distance between BA and CV centrelines m

L2 Length of 2 m

Lm Length of mobilised vein m

Pthres Perfusion threshold for the Stress-Based Perfusion Model mmHg

R2 Radius of 2 m

T2 Thickness of 2 m

Tv - 2 Thickness of the vascular layer of 2 m

Structural Model
γ Collagen fibres mean angle measured from the circumferential direction rad

Ai - th Tissue Structure of the i-th collagen fibre family -

ai - th Direction of the i-th collagen fibre family -

B Left Cauchy-Green stretch tensor -

C Right Cauchy-Green stretch tensor -

E Lagrangian Finite Strain tensor -

F Deformation gradient -

P First Piola-Kirchhoff stress tensor Pa

R Orthogonal rotation tensor -

S Second Piola-Kirchhoff stress tensor Pa

U Right stretch tensor -

X Material point m

x Deformed configuration m

Ψ Isochoric Strain Energy Function Joule/m3

Ii−th I-th deformation invariant -

χχχ Deformation field m

σσσ Cauchy stress Pa

τττ Kirchhoff stress Pa
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Ψ Strain Energy Function Joule/m3

σθθ Cauchy stress in the circumferential direction Pa

σrr Cauchy stress in the radial direction Pa

σzz Cauchy stress in the axial direction Pa

B Material bulk modulus Pa

C10 HGO constitutive model stress-like parameter Pa

J Jacobian determinant -

k HGO constitutive model stress-like parameter -

k1 HGO constitutive model stress-like parameter Pa

k2 HGO constitutive model stress-like parameter -

Dimensionless Numbers
Da Damkhöler Number -

Pe Peclet Number -

Re Reynolds Number -

Sc Schmidt Number -

Sh Sherwood Number -

Oxygen Transport Model
[Hb] Oxygen carrying capacity of haemoglobin ml O2/ml blood

α Oxygen solubility in plasma ml O2/ml blood mmHg

αT Oxygen solubility in tissue ml O2/ml tissue mmHg

q̇ Oxygen consumption rate ml O2/ml tissue s

q̇max Maximum oxygen consumption rate ml O2/ml tissue s

Db Free oxygen diffusivity in blood m2/s

Dc Haemoglobin diffusivity in blood m2/s

DF Modified oxygen diffusivity in blood m2/s

DT Free-oxygen diffusivity in tissue m2/s

n Hill parameter -

Pm Microvessel wall oxygen permeability m/s

PO2 - 50 Half-maximum haemoglobin saturation mmHg

PO2 -M Half-maximum oxygen consumption tension mmHg

S Haemoglobin saturation %

SF Modified luminal oxygen source mmHg/s

Sw Vasa vasorum oxygen source mmHg/s

Subscripts
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A Artery

aniso Anisotropic

art Arterioles

cap Capillaries

deoxy Deoxygenated

fi i-th family of embedded collagen fibers

iso Isotropic

oxy Oxygenated

V Vein

ven Venules

vol Volumetric

Symbols
γ̇ Shear rate 1/s

D Strain-rate Tensor 1/s

m2 Tangent vector in 2 -

O Origin

p2 Centreline point in 2 m

s Parameter Set -

Sk Set of tried parameter sets at step k -

t Viscous stress vector Pa

v Velocity Vector m/s

w WSS vector Pa

x2 Centreline of 2 m

PO2 Time-averaged PO2 mmHg

V f Depth-integrated VV perfusion -

V f Normalized volume fraction of microvessel per volume of tissue -

φ Azimuthal angle of the venous tangent rad

TTT Viscous stress tensor Pa

Ψ Cost Function -

ρ2 Spearman rank correlation coefficients of 2 -

θ Elevation angle of the venous tangent rad

S̃k Set of feasible tried parameter sets at step k -

P̂O2 Depth-averaged PO2 mmHg

ξ Parameter for the position of p3 rad
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C2 Windkessel Capacitance at 2 mmHg/ml

p Pressure Pa

P2 Average pressure at 2 mmHg

PO2 Oxygen tension in plasma mmHg

Q2 Flow rate at 2 ml/s

r Radial coordinate m

R12 Proximal Windkessel Resistance at 2 mmHg s/ml

R22 Peripheral Windkessel Resistance at 2 mmHg s/ml

S2 Main effect Sobol Sensitivity index of 2 -

S2,2 First-order Sobol Sensitivity index of 2 and 2 -

ST2 Total Sobol Sensitivity index of 2 -

Vf Volume fraction of microvessel per volume of tissue ml VV/ml tissue

xp1 x coordinate of p1 m

yp1 y coordinate of p1 m

zp1 z coordinate of p1 m

DI Distortion Index -

LNH Local Normalized Helicity -
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Chapter 1

Introduction

1.1 Background

Arterio-venous-fistulae (AVF) are surgical connections formed between an artery

and a vein in the upper arm or wrist of patients, affected by end-stage-renal

disease (ESRD), a permanent reduction or loss of renal function. Due to their

higher reliability in terms of lower risk of infections, thrombosis, and greater

patency, AVF are regarded as the “gold standard” method of vascular access

for haemodialysis [1]. However, up to 60% of AVF fail within three months of

creation, reducing patient’s quality of life, and leading to significant additional

costs for healthcare systems [1]. The principal failure mechanism for AVF, as well

as for a number of vascular interventions, including bypass grafts and arterial

stents, is intimal hyperplasia (IH). IH is an acute inflammatory disease that

appears as an abnormal expansion in the cellularity of the intimal layer, causing

the obstruction of the vessel lumen where it occurs [2]. Evidence suggests that IH

is a strongly multifactorial process, attributable to changes in the biochemical and

biomechanical vascular environment, which include increased metabolic stress,

i.e. the accumulation of metabolites such as lactate, phosphate inorganic (Pi)
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and hydrogen ions, due to an increased metabolism, flow disturbances, abnormal

shear stress, mechanical stress and wall hypoxia, i.e. low oxygen levels [2].

This study focuses on investigating the occurrence of hypoxia in AVF, via

numerical modelling. Evidence from in-vivo and in-vitro studies shows a well-

established link between the insurgence of wall hypoxia and the formation of IH [3,

4]. However, despite an initial interest in the biomechanical and fluid mechanics

community [5, 6, 7, 8, 9, 10, 11], the majority of recent efforts have focused on

studying the effect of fluid shear-stress on vascular disease. Notwithstanding

the abundant clinical and experimental studies supporting the low-oxygen theory

[12, 3, 4, 13, 14], the role of hypoxia in the initiation of IH has yet to be clarified.

A deeper understanding of oxygen transport can be crucial to elucidate the role

of hypoxia in the IH initiation process, and would allow to design a more reliable

vascular access with higher patency rate.

1.2 Research Question

The vascular walls of healthy vessels are oxygenated through transport from both

luminal oxygenated blood and adventitial vasa vasorum (VV), the microvascular

network that supplies medium and large vessels. Forming an AVF exposes the

local circulation to altered haemodynamics, that may negatively affect the local

flow field and luminal oxygen supply [2, 15, 16]; in addition, recent in-vivo studies

have demonstrated that altered wall biomechanics, i.e. increased levels of solid

stress/deformation in the wall, can prevent adequate VV perfusion and hinder

adventitial oxygen supply, thus leading to wall hypoxia [17, 18, 19].

The main aim of this study is to ascertain what is most important in de-

termining wall oxygen levels: (i) modified luminal flow field; (ii) mechanically

modified VV perfusion. To answer this question, a model of oxygen transport,

capable of accounting for potential VV damage/hypoperfusion, is developed and

used to quantify the effect of varying flow conditions and wall parameters.
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Idealised model of AVF
surgery (Chapter 4)

Models of VV perfusion
(Chapter 4)

Calculate mechanical
stress and deformation

Determine
AVF geometry

Estimate adventitial
VV oxygen sources

Oxygen transport model,
Moore & Ethier 1997

(Chapter 3)

Parametric study
(Chapter 5)

Use the resulting insights to perform

Assess the effect of varying flow
conditions and wall parameters

AVF shape optimisation
(Chapter 6)

Figure 1.1: Block diagram outlining the workflow of the thesis.

The work in this thesis is organized according to the following steps:

• Initially, an idealised model of AVF surgery is developed, to estimate wall

stress and deformation.

• Simple models of VV perfusion are proposed to investigate the effect of wall

biomechanics.

• A model of oxygen transport is developed; geometries and VV perfusion

fields obtained from the mechanical simulations are used to provide the

oxygen transport model with a VV oxygen source.

• A parametric study is devised to assess the effect of varying flow conditions

and wall parameters, and the relative importance of the fluid-side and wall-

side oxygen transport;
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• Finally, using the insights produced so far, an optimisation framework is

used to identify an optimal AVF configuration, with reduced hypoxia levels.

1.3 Thesis Overview

The dissertation is divided in 7 chapters:

• Chapter 1, Introduction.

• Chapter 2, Literature Review. The purpose of this chapter is to provide

the reader with a broad introduction to the problem, explaining thoroughly

the concepts of IH, AVF maturation and failure. In addition, a critical

literature review on the state-of-the-art numerical models of AVF and grafts

and oxygen transport.

• Chapter 3, Developing a Model of Oxygen Transport in Arterio-Venous

Fistulae. In this chapter, the model of oxygen transport used throughout

the study is introduced. The model used is based on the recent extension of

Murphy [11] of Moore and Ethier’s work [5] and features a coupled fluid-wall

oxygen transport.

• Chapter 4, Developing a Model of Arterio-Venous Fistulae Surgery. An ide-

alised Finite Element (FE) model of AVF surgery is developed, to quantify

wall stress and deformation. Simple models of VV perfusion are proposed

to study the effect of the wall biomechanics.

• Chapter 5, Simulating Oxygen Transport in Arterio-Venous Fistulae. In

this chapter, geometry and VV perfusion fields obtained from FE simula-

tions in Chapter 4, are used to provide the oxygen transpor model intro-

duced in Chapter 3, with VV oxygen source. A parametric study is under-

taken, to assess the effect of varying flow conditions and bulk wall param-
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eters and determine the relative importance of the fluid-side and wall-side

oxygen transport.

• Chapter 6, Reducing Hypoxia in Arterio-Venous Fistulae. Mesh-adaptive-

direct-search optimisation and Kriging surrogate models were used an iden-

tify an optimal AVF configuration with reduced hypoxia levels.

• Chapter 7, Conclusions. A critical summary of the results and future work.

• Appendix. The numerical methods adopted in the thesis are reported and

commented upon.

1.4 Resulting Publications

Part of the work produced during the PhD has been presented in the following

journals, oral and poster presentations.

Journal Papers

• F. Iori, L. Grechy, R. Corbett, W. Gedroyc, N. Duncan, C. G. Caro, P.

E. Vincent, The Effect of in Plane Arterial Curvature on Blood Flow and

Oxygen Transport in Arterio-Venous Fistulae, Physics of Fluids, Volume

27, 2015.

• C. H. Leow, F. Iori, R. Corbett, N. Duncan, C. G. Caro, P. E. Vincent,

M. Tang, Microbubble Void Imaging - A Non-Invasive Technique for Flow

Visualisation and Quantification of Mixing in Large Vessels using Plane

Wave Ultrasound and Controlled Microbubble Contrast Agent Destruction,

Ultrasound in Medicine and Biology, Volume 41, Pages 2926-2937, 2015.
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Oral Presentations

• World Congress on Computational Mechanics, 24-29 July 2016, Seoul, South

Korea, Coupled Fluid-Wall Oxygen Transport In Arterio-Venous Fistulae:

Impact of Mechanical Stresses.

Poster Presentations

• UK Kidney Week, 7-10 June 2016, Birmingham, UK, Coupled Fluid-Wall

Oxygen Transport in Arteriovenous Fistulae: Impact of Mechanical Stresses.

• Summer Biomechanics Bioengineering and Biotransport Conference, 17-20

June 2015, Snowbird, Utah, USA, The Effect of Vascular Curvature on

Blood Flow and Oxygen Transport in Arterio-Venous Fistulae.

• Summer Biomechanics Bioengineering and Biotransport Conference, 17-20

June 2015, Snowbird, Utah, USA, Microbubble Void Imaging - A Novel

Technique For Flow Visualisation and Quantitative Assessment of Intravas-

cular Mixing in Larger Vessels Using Ultrasound.



Chapter 2

Literature Review

2.1 Arterio-Venous Fistulae

2.1.1 Treatment of End Stage Renal Disease

Patients with End-Stage Renal Disease (ESRD) suffer from an irreversible reduc-

tion in kidney function. Before the introduction of Renal Replacement Therapies

(RRT), such as haemodialysis, ESRD was a terminal illness. RRT are used to

compensate the loss of kidney function by removing toxic metabolic waste, con-

trolling the concentration of solutes and removing excess water. In 2004, Grass-

man et al. estimated that worldwide, more than 1,700,000 people suffered from

ESRD and 1,300,000 needed RRT, corresponding to prevalence values of 280 and

215 per million population (pmp) respectively. Among these, in the European

Union alone, 252,000 patient with RRT were treated (550 p.m.p.) [20]. Specifi-

cally, two main types of RRTs exist: haemodialysis (HD), and peritoneal dialysis

(PD) [21]. According to Grassman et al., HD is the most commonly used type of

RRT, as in 2004 more than 89% of the world ESRD population was treated with

HD [20].
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2.1.2 Vascular Access

First examples of working dialysers have existed since 1943, when Kolff developed

the first clinically usable device [22]. However, chronic haemodialysis started to

be a viable treatment only in 1966, when Brescia and Cimino realised the first

example of internal arterio-venous shunts [23, 24], which were used to effectively

connect the dialyser machine to the patient.

Since the introduction of the Brescia-Cimino fistula, the original design has

substantially evolved and types of vascular access have been developed. The Na-

tional Kidney Foundation - Kidney Disease Outcomes Quality Initiative (NFK-

K/DOQI) Clinical Practice Guidelines identify the features of a good vascular

access for haemodialysis. According to the K/DOQI guidelines, an effective vas-

cular access should “provide high flow rate to the dialyzer when used, should

be reliable, durable, easy-to-use, and should minimize the risk of infections for

patients” [25]. The main forms of vascular access adopted in clinical practice are:

• Arterio-Venous Fistula (AVF): connection between an artery and a vein

formed by vascular surgeons either in the upper or lower arm of patients.

When AVFs are formed in the upper arm, they usually involve the brachial

artery and the cephalic vein (brachio-cephalic fistula, see Fig. 2.1). If the

cephalic vein is not available or too small, the basilic vein is used (brachio-

basilic fistula), which, because of its greater depth and position with respect

to the brachial artery, has to be “transposed”. The term basilic vein trans-

position refers to the dissection and mobilisation of the basilic vein, up to

the axillary vein, to allow connection to the brachial artery. This is a much

more invasive procedure, compared to normal brachio-cephalic AVF, and

only a shorter section of vein is available for cannulation.

When AVFs are created in the lower arm, radial artery and cephalic vein

are used (radio-cephalic fistula) [26].



2.1. Arterio-Venous Fistulae 39

According to the K/DOQI Guidelines, the formation of an AVF represents

the “gold-standard” method for creating a vascular access, for its superior

patency and lower complication rates, compared with other access options

[25].

The connection between the artery and the vein can be formed via three

different methods:

– end-to-side anastomosis: when the vein is cut and connected to the

side of the artery. Currently, it represents the most commonly used

form of AVF [27].

– side-to-side anastomosis: when the side of the artery is directly con-

nected to the side of the vein. This type of connection is also known

as the Brescia-Cimino fistula [24, 28].

– end-to-end anastomosis: when terminal parts of both vein and artery

are cut and connected together, forming a loop. This anastomosis is

available only if the vessels have matching diameters [27].

Figure 2.1: End-to-side brachio-cephalic fistula and connection to the dialyser.
Black arrows indicate direction of the blood flow.
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• Arterio-Venous Graft (AVG): connection between the arterial and the

venous systems through a synthetic prosthetic segment, commonly made of

polytetrafluro-ethylene (PTFE) [26]. AVGs can be connected with a great

variety of configurations. The K/DOQI Guidelines suggest that an AVG

should only be formed when an AVF is not available [25]. Similarly, the

European Best Practice Guidelines for haemodialysis recommend the use

of autologous AVF as first choice for vascular access and AVG only as a

second choice. However, the debate is still open [29, 30, 27, 31, 32], and

as Riella and Roy-Chaudhury observed that, surprisingly, no randomized

controlled trial has compared access types [33].

• Central Venous Catheter (CVC): a catheter connected to the central

venous system, normally via jugular, subclavian or femoral veins. CVC

does not require access to arterial blood flow, as high flow rate is directly

provided by central veins. CVC are prone to higher risks of infection and

associated with high morbidity [34]. For this reason, K/DOQI Guidelines

recommend the use of CVC only when no other option is available [25].

2.2 AVF Maturation

The term maturation refers to a series of physiogical and histological changes in

the vessels involved in an AVF, which lead to the fistula being suitable for cannu-

lation and thus dialysis. Common agreement exists on the macroscopic changes

that occur after AVF formation, whereas the exact remodelling mechanism by

which an AVF matures, has not been established yet [2, 33, 1, 35, 27, 32]. In his

review of 2006, Dixon provides a detailed description of the maturation process.

When an AVF is formed, the large pressure difference existing between the arte-

rial and venous systems leads to increased blood flow through the vein, which in

turn will (ideally) cause the vein walls to strengthen and the vein itself to enlarge.



2.3. Complications And Failure 41

The result - an enlarged ‘arterialised’ vein, with strengthened walls, and a high

blood flow rate (at least 300 ml/min) - can accommodate a large gauge needle,

and provide excellent access for haemodialysis over a period of several years [1].

2.3 Complications And Failure

The AVF represents the gold-standard method for creating a vascular access for

haemodialysis, as indicated by the K/DOQI. However, up to 50% of newly formed

AVF does not reach maturation [33, 35, 2]. Aneurysms, stenosis, thrombosis and

steal syndrome, i.e. hand and/or forearm ischemia due to insufficient blood flow

to the distal artery, have all been reported among the major causes of AVF failure.

In addition, several groups have shown an increased interest in assessing

whether the increased levels of oxidative stress and inflammation present in

uraemic patients can influence the magnitude of the remodelling response [1, 33].

Riella and Roy-Chaudhury identified an inflammatory process, known as Inti-

mal Hyperplasia (IH) or Neointimal Hyperplasia, as the principal cause of primary

failure or maturation failure [33, 2]. IH causes an abnormal thickening of the in-

timal layer of the artery and/or vein, followed by a narrowing of the lumen and

a dramatic blood flow reduction through the AVF. In native vascular accesses,

stenoses occur mostly in the venous segment. In particular, the most predom-

inant site for IH development is the juxta-anastomotic vein for radio-cephalic

AVF, the cephalic arch for brachio-cephalic AVF and the proximal vein segment

for brachio-basilic AVF [36, 37].

In AVG, 80% of stenoses are on the venous side of the anastomosis, whereas

only 4% are found on the arterial side. IH also appears in coronary artery bypass

grafts and stented arteries restenosis [38, 39]. A deeper understanding of how IH

develops is needed to identify possible strategies to avoid it. The next section

provides a brief review on IH and its potential causes.
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2.3.1 Intimal Hyperplasia

The term IH refers to an increase of the intimal layer cellularity, normally ac-

compained by an increased extracellular connective matrix production and re-

cruitment of leukocytes, macrophages and other immunity cells [2]. Spaet et al.

suggests that IH has medial orgin, being mainly caused by Smooth Muscle Cells

(SMC) that migrate from the medial layer to the intima where they proliferate

and form the lesion [40]. More recent studies on coronary angioplasty and saphe-

nous vein grafting, have shown the migration of fibroblasts from the adventitia to

the intima, where they acquire the phenotype of myofibroblasts [41, 42]. Finally,

recent data have also suggested a role for bone marrow derived multipotent cells

that subsequent to migration to the media and intima, acquired a smooth muscle

phenotype, in the pathogenesis of IH [2].

Whilst the exact mechanisms underlying development of IH are unknown,

multiple risk factors have been identified in previous publications, such as inflam-

mation, hypoxic stress, shear stress, mechanical stress and uremia, i.e. the high

plasma concentration of urea and creatinine resulting from renal failure [2].

IH is a strongly multifactorial process attributable to a broad spectrum of

risk factors. Evidence suggests that the paradigm of one single factor that drives

a range of responses rarely applies and appears as an oversimplification of this

complex pathological process [2].

In their review, Brahmbhatt et al. summarise the effect of inflammation in

newly formed anastomosis. An inflammatory response can be caused by local

effects, i.e. surgical trauma, hypoxia or shear stress-induced wall damage and

by chronic/systemic effects, i.e. elevated uremia in ESRD patients [43]. It is

hypothesized that a local inflammatory response can be caused by the release of

macrophage migration inhibitory factor (MIF). MIF has been shown to enhance

neointimal thickening by driving macrophages and inflammatory cells toward

the neointima and leading to the proliferation of medial and intimal cells [43].
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Moreover, the situation is worsened by the presence of chronic kidney disease

and consequent elevated uremia; a significant increase in the mean concentration

of cytokines implicated in IH formation (IL-6, TGF-b1, and TNF-a) was found

as well as altered cellular calcium extrusion, fibrosis and deposition of calcium

phosphates that ultimately leads to vascular calcifications [43, 2].

Figure 2.2: Schematic representation of a healthy vessel, and a vessel presenting
intimal hyperplasia, courtesy of Lorenza Grechy [44].

2.3.1.1 Wall Shear Stress and Flow Disturbances

The prevalence of vascular pathologies varies spatially within the mammalian

vasculature. However, abundant evidence has led to the hypothesis that partic-

ular “disturbed” flow patterns, which are normally found in regions presenting

curvature and branching, are involved in the development of vascular disease.

Conversely, the laminar flow normally found in straight sections of the arterial

tree is believed to be atheroprotective [45]. Despite it is now widely accepted that

blood flow may play an important role in the development of vascular patholo-

gies, there is still confusion about which particular blood flow feature may induce

vascular remodelling. Also the term “disturbed flow”, although frequently used,

is vague and has often assumed multiple connotations in different settings [16]
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This relation was proposed for the first time in 1968 by Fry, who showed that

acutely increased shear stress affects the morphology and orientation of ECs,

causing increased tran-endothelial transport of lipids and proteins, and at very

high levels leads to endothelial denudation [46]. Although this study suggested

the possibility that lesions developed preferentially in regions of high Wall Shear

Stress (WSS) , studies by Caro et al. in human cadavers showed that early

lesions appeared around arterial branches of the abdominal aorta, where, due to

flow separation, WSS was expected to be low [47, 48]. Today, the low WSS theory

has become the consensus mechanism for the initiation of vascular disease and is

widely accepted in the atherosclerosis community. Since then, a large number of

in-vivo, in-vitro and in-silico studies have found correlation between IH and low

WSS. Intima and media thickening was observed in conjunction with regions of

low wall shear stress [49] and demonstrated in-vivo in pigs [50, 51], canines [52]

and mice [53] animal models.

Extremely low WSS (< 0.2 Pa) stimulates high rates of smooth muscle cellular

proliferation in arterialized vein patches and IH appear to be accelerated in these

regions [54]. This theory also finds support in the observation that elevated

blood flow rates can induce regression of IH [55]. Low WSS is normally found in

regions presenting branching, curvature and cross-sectional expansion, which are

sites known to disturb the laminar flow and make it non-uniform and irregular,

causing flow separation and reattachment as well as recirculation.

Over the course of many years, other authors have proposed different failure

mechanisms. Ku et al. suggest a potential correlation between low/oscillatory

shear stress and atherosclerotic plaques formation [56]. This theory relies on

the observations that particular geometries can induce recirculation eddies and

changes in direction of the WSS vector over time. Laminar flows normally found

in-vivo oscillate at frequencies contained in the normal physiological cardiac range

(0-25 Hz) and are thought to modulate endothelial cell function and vascular
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biology [56]. More recent studies suggest a correlation between multidirectional

WSS and atherosclerotic lesions [57]. Others propose that high values of WSS

spatial gradient can be linked with IH initiation [58, 59, 60].

IH lesions have also been correlated with the occurrence of transitional un-

steady flows. This type of flow regime typically has a very high frequency con-

tent and differs substantially from the reciprocating flow described above, whose

spectrum possesses a much lower frequency content. Transitional flows are char-

acterised by highly oscillating, multi-directional shear stress, and pressure fluc-

tuations, giving rise to audible bruits. Fillinger et al. observed a statistically

relevant correlation between the development of intimal thickening and wall vi-

bration caused by unsteady, disrupted flows, that are typical of end-to-end and

end-to-side venous anastomosis [61]. Huynh et al. reported a significant in-vitro

reduction in nitric oxide production, an strong inhibitor of SMC proliferation

and inflammation, in compliant tubes cultured with EC [62]. suggesting that the

occurrence of transitional flow can disrupt ECs normal function. These unphysi-

ological flows are not usually found in healthy autologous vessels but are partic-

ularly common in AVF and AVG and Coronary Artery Bypass Graft (CABG),

that is, vascular connections that share the following features: elevated flow rates

and consequently Reynolds numbers and non-anatomical geometries. Several

CFD studies have described this class of disturbed flows in a range of vascular

connections having unnatural bifurcation angles and flow divisions [63, 15, 64].

In conclusion, overall no general agreement can be found about the causes

leading to vascular disease. In their systematic review, Peiffer et al. pointed out

how, even though the low/oscillatory WSS theory is now widely accepted, the

exact mechanism leading to vascular disease has not been clearly identified yet

[65]. These findings emphasize the need for further experimental and numerical

models, as well as for a unified hypothesis and standardised numerical techniques.
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2.3.1.2 Hypoxia

Oxygen delivery is crucial to maintaining normal aerobic metabolism in mammals.

Medium and large size blood vessels in the circulatory system receive oxygen from

the blood passing through the Vasa Vasorum (VV) within the adventitia, which

supply most of the oxygen needed to the media, while the intima is predominantly

supplied from the blood that flows within the central vessel lumen.

Hypoxia is defined as the presence of lower than normal oxygen content in

living tissues. Heuper first hypothesised that wall hypoxia may contribute to

atherosclerosis development in 1944 [12]. Since then, a number of in-vivo and

in-vitro studies have established the same link. Barker et al. observed IH forma-

tion in pigs and rabbits, in which hypoxia was induced by removing the VV [3].

Correlation between hypoxic regions and intimal lesions was also found by Lee et

al. in rabbit aorta [4]; the same authors were then able to decrease the cellular

proliferation by administration of supplemental oxygen [66, 13].

Hypoxia signalling pathways are some of the most well known of all the dif-

ferent risk factors. Hypoxia exerts its effect on molecular signaling by activation

of hypoxia-inducible factors. Hypoxia-inducible factor 1a (HIF-1a) expression is

involved in a positive feedback loop, influencing molecular pathways, that ul-

timately induce angiogenesis, inflammation, cell proliferation. One of its most

important downstream mediators is VEGF. The arterialization of venous vessels,

with consequent increased VV count, medial thickening and EC proliferation, is

thought to be mediated by VEGF through the transcriptor factor mediating an-

giogenic response, Ets-1 [43]. While this is necessary for the proper maturation of

AVF, however, it is suspected that overexpression of VEGF can induce negative

wall remodeling and IH [14].

Santilli et al. and Cheema et al. studied the effect of intra-arterial stenting

on the normal artery wall physiology, and hypothesized that, the deployment

of intra-arterial stents could lead to increased wall stress and deformation which
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could potentially compromise the optimal VV perfusion. Diminished flow through

the VV following deployment of an intra-arterial stent could therefore contribute

to wall hypoxia and in turn IH [17, 18].

2.3.1.3 Mechanical Factors

Despite the large interest shown by the fluid-mechanics community on the cor-

relation between hypoxia and fluid shear and vascular pathologies, few studies

focused their attention on the effect of an altered wall-mechanics on the regu-

lation of IH. Bassiouny et al. proposed that anastomotic intimal hyperplasia

might be induced by different underlying mechanisms. They first investigated

the location of intimal thickening in relation to mechanical and haemodynamic

factors and concluded that there are at least two different types of intimal thick-

ening. Arterial floor intimal thickening developed in regions of flow oscillation

and low shear, whereas suture line intimal thickening had greater prominence in

prosthetic grafts, as the compliance mismatch between the vascular tissue and

the prosthetic material is greater [67]. While the compliance mismatch could

explain IH formation near the anastomosis, it does not explain distal venous IH

formation.

Conversely, Dobrin observed that autogenous veins exposed to arterial pres-

sure, undergo histological changes, that are similar to those experienced by ar-

teries exposed to hypertension. Particularly, it was demonstrated that while

intimal thickening was correlated with low flow velocity (which is directly re-

lated to WSS), medial thickening was best correlated with mechanical factors

[68]. Together, the studies seems to suggest that arterial and venous tissue reacts

differently to fluid and mechanical induced stimuli, due to their different struc-

ture and function. Therefore more research is required to establish the different

causes leading to IH.

In addition, recent studies by Chang et al., Song et al. and Lim et al. have suc-



48 Chapter 2. Literature Review

cessfully linked mechanical stretch with the expression of the Hypoxia-Inducible

Factor-1 (HIF-1), a key regulator of gene expression, that responds to changes in

oxygen tension, particularly hypoxia [69, 39, 70]. If confirmed, this theory would

suggest that mechanical factors are not a primary cause of IH, which is, instead,

induced by hypoxia.

2.4 Numerical Studies

Over the last two decades, Computational Fluid Dynamics (CFD) and Finite

Element Analysis (FEA) have been increasingly used to investigate the blood

flow dynamics and mechanical stress in vascular anastomosis. A large number of

studies have undertaken simulations of blood flow, oxygen transport, mechani-

cal deformation within anastomotic connections, such as AVF, AVG and bypass

grafts. The following sections will provide a brief overview of the main publica-

tions, compare different modelling approaches and issues.

2.4.1 Computational Fluid Dynamics in Vascular Access

In recent years, CFD simulations have been extensively employed in the study of

blood flow within AVF and AVG. CFD simulations allow one to estimate, non-

invasively and at a relatively low cost, important quantities that are otherwise

difficult to measure, such as pressure, velocity and shear stress. Furthermore, VA

exhibit a complex mix of fluid-dynamic phenomena and can potentially aid the

quest for causal linkages between disease localization and fluid-dynamic details

for arteries in general [63]. However, Ene-Iordache and Remuzzi in their literature

review on idealised vascular accesses, highlighted a strong inhomogeneity between

computational studies, which differ for modelling assumptions, grid resolutions,

boundary conditions and disturbed flow metrics [16]. In the next sections we

provide an overview of the most relevant publications and analyse the different
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approaches.

2.4.1.1 Disturbed Flow Metrics

As introduced in Section 2.3.1.1, strong evidence suggests that initiation and

progression of vascular disease is influenced by disturbed flow. Regions of the

endothelium affected by disturbed flow may be localized by means of haemody-

namic wall parameters (HWP). Some of these HWP are based on the magnitude

of WSS, like the time-averaged wall shear stress (TAWSS), the oscillatory shear

index (OSI) and the relative residence time (RRT). The use of WSS-magnitude

based metrics is motivated by the tendency of ECs to align with the time-averaged

flow direction [71]. The OSI, originally introduced by Ku et al., is a dimension-

less metric that measures the degree of WSS reversal in a pulsatile flow [56]. The

RRT, introduced by Himburg et al., is also a dimensionless metric, proportional

to a combination of TAWSS and OSI, and measures the residence time of particles

near the wall [72] - larger values of RRT could correspond to increased uptake

of immunity cells and macro-molecules. In addition, recent findings suggest that

oscillatory flow may have pro-inflammatory effects when acting perpendicularly

to the cell axis [73, 71]. In this context, a new metric proposed by Peiffer et al.,

the transversal WSS (transWSS), could be useful to characterise multidirectional

flows [74].

Other HWP are based on the gradient of WSS, like the spatial gradient

(WSSG), temporal gradient (WSSTG) or angle gradient (WSSAG). The WSSG,

originally proposed by Lei et al., may be considered as a marker of EC traction

[60], while WSSAG introduced by Longest and Kleinstreuer [75], and WSSTG

introduced by Ojha [76], respectively measure angular and temporal changes of

WSS and both have been linked to IH.

Finally, one last class of HWP is based on the harmonic content of the WSS

field. Transitional and turbulent-like flows, having high-frequency content have
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been linked, both in-vivo and in-vitro to adverse vascular remodeling [46, 61, 77].

Himburg and Friedman observed regions of porcine iliac arteries with increased

endothelial permeability are exposed to higher frequency oscillations in shear

stress [78]. However, there appears to be no consensus on how to robustly quan-

tify such unsteady flows. In addition, conventional WSS-based markers, such as

TAWSS and OSI, while may be appropriate for unsteady laminar flow regimes,

are not necessarily adequate descriptors of these turbulent-like stimuli [79]. To

analyse spectrum arising from pulsatile flow components, Gelfand et al. proposed

the harmonic index (HI), defined as the relative fraction of the unsteady signal

intensity to the overall signal intensity [80]. Subsequently, Khan et al. proposed

a new mectric, the spectral power index (SPI), defined as the relative fraction of

the power of the signal, processed through a high-pass filter, to the overall signal

power. To better highlight flow instabilities, the cut-off frequency of the filter

was chosen to exclude frequencies in the normal physiological range (f = 25Hz)

[79].

2.4.1.2 Numerical issues

One of the main challenges, when using CFD, is to accurately resolve turbulent

and transitional flows. In their review on the use of CFD to predict aneurysm

rupture, Valen-Sendstad and Steinman speculate that it is possible that some

of the present confusion regarding haemodynamic predictors of risk factors may

have originated from an incomplete understanding of the haemodynamics, which

is attributable to an overabundance of under-resolved CFD studies [81]. Ventikos,

in a commentary on Valen-Sendstad and Steinman’s article, iterates that CFD

has proven to be a useful tool, that can provide valuable answers to the right ques-

tions, when it is done properly [82]. While large uncertainty is acceptable when

other information, for instance imaging, is affected by even larger uncertainties,

the need for accurate CFD models becomes more persistent, as the information
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available is becoming more comprehensive [82].

In the circulatory system, the typical Reynolds number (Re) range varies

from approximately 4000 in the aorta, to 1 in small arterioles [83]. Transition

to turbulence occurs in straight pipes at Re ≈ 2000 [84], thus, blood flow can

be considered laminar almost in every healthy blood vessel in the body, with the

only exception being the aortic arch [45]. However, both the pulsatile nature of

physiological flows as well as deviations from straight pipe geometry (branching,

curvature and torsion, taper and stenosis) can induce transition to turbulent-like

flows at Re lower than critical. AVF and AVG normally exhibit relatively low

inflow Re (≈1000), however, their complex geometry, unnatural branching angles,

and flow-split ratio, are such to induce laminar-to-turbulent transition, making

simulation of such flow regimes challenging, if high accuracy is required within a

reasonable computation time.

Ene-Iordache and Remuzzi, in their review on CFD studies in VA, report

different numerical approaches, including direct numerical simulation (DNS) and

high resolution as well as lower resolution (often under-resolved) CFD simulations

[16]. DNS is a computational technique that aims at resolving all the spatial and

temporal scales of the flow, directly solving Navier-Stokes equations, without the

use of any turbulence model. On the other hand of the scale we have Reynolds-

averaged Navier-Stokes equations (RANS), which represent a much more eco-

nomical solution method, as all the turbulent scales are modelled instead of be-

ing solved, resulting in a lower computational cost, but at the price of accuracy.

DNS is often impractical due to its high computational cost, whereas the nature

of the flow and the relatively low Reynolds numbers make RANS not suitable for

modelling AVF haemodynamics. Other computational approaches such as large

eddy simulations (LES), only solve larger, more energetic eddies and model the

smaller scales, using various subgrid models, but are less used in this field and

still object of research. Recent publications have shown that simulations with
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appropriate spatial and temporal resolution, i.e. having average fine grid size

and time step, set according to the viscous lenght and time scale, are able to

capture flow instabilities, otherwise not captured by under-resolved studies [85].

Early pioneeering work on this topic was done in 1997 by Lei et al., who un-

dertook computational simulations of the blood flow, within idealised models of

AVG to determine an optimal graft configuration capable of reducing WSS gra-

dients and low WSS patterns [60]. However, although the mean inflow Reynolds

numbers were relatively low (113 and 365), the simulations appear to be noisy

and under-resolved for today’s standard. A large number of CFD studies, hav-

ing grids coarser than necessary, have been published on this topic [86, 87, 50].

The work of Sherwin et al. in 2000 [88] and Papaharilaou et al. [89] in 2002 on

the effect of out-of-plane curvature on blood flow, represent the first examples

of properly resolved blood flow simulations within AVG. Here, the need of high-

resolution CFD is addressed through the use of a high polynomial order/spectral

finite element solver. This necessity is emphasised also in the work of Loth et

al. who simulated blood flow within idealised grafts and compared results with

those obtained in vivo. High-frequency flow unsteadiness was observed in the

anastomosis and then correlated with measured in vivo wall vibration [63]. More

recently Iori et al. performed a preliminary study of blood flow and oxygen trans-

port within idealised models of AVF, in presence of in-plane arterial curvature

[15]. To ensure appropriate spatial and temporal resolutions, the resolution cri-

teria set out by Valen-Sendstad was verified a posteriori [85]. Flow instabilities

similar to those obtained by Loth et al. were observed, in agreement with the

work of Browne et al., on pressure drops in AVF [90], who also observed such

structures.
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2.4.1.3 Idealised vs Patient-Specific Models

Previous computational studies of blood flow in AVF and AVG can be sub-divided

into two groups: those containing idealised models and those with patient-specific

geometries. Studies in idealised geometries have been widely used in the field

of cardiovascular biomechanics to investigate the link between hemodynamics

and vascular disease. While this approach may seem over simplistic, it helps

improving the understanding of basic flow characteristics, and provide a simpler

framework for studying the effect of different geometrical f and flow conditions

on the hemodynamics. Thus, it is normally considered a good practice before

tackling more complex patient-specific simulations [16].

Ene-Iordache et al. used this idealised models, to study pulsatile blood flow in

different end-to-end and side-to-end AVF configurations with various anastomotic

angles. The authors found that the anastomotic angle affects the nature of the

unsteady flow, and suggested that a more acute angle may inhibit development

of IH [86, 87]. Sherwin et al. [88] investigated the effect of out-of-plane curvature

on blood flow within simple models of AVG. Results of this study and a in-depth

analysis of other geometrical features that can be observed in bypass graft, i.e.

branch angles and curvatures, were summarised in 2003 in the publication by

Sherwin and Doorly [91]. Particularly, it was found that the flow non-planarity

notably alters the distribution of WSS at the anastomosis bed, and reduces the

peak WSS. Iori et al. studied blood flow and oxygen transport within idealised

models of AVF, in presence of in-plane arterial curvature. Results suggest that

forming an AVF via a vein graft onto the outer curvature of a curved artery,

reduces arterial flow unsteadiness, while low WSS and low oxygen patches are

reduced when the vein is connected to a straight artery or to the inner curvature

of a curved artery. It can be noted how these contrasting findings highlight the

importance of ascertaining the exact mechanisms underlying development of IH

in AVF [15].
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Patient-specific models, on the other hand, due to their more complex geome-

tries, do not allow easy understanding of which features affect the haemodynamics

and do not offer an insight into how those features can be leveraged to modify

the flow. However, they can be used to correlate haemodynamic factors to the

development of IH and follow the AVF maturation or failure. Sigovan et al. per-

formed CFD simulations on patient-specific geometries reconstructed from MRI

scan images. Evolution of haemodynamic factors were recorded over a period

of ten months, with the objective of correlating them with AVF failure. The

authors found that regions of the vein exposed to flow disturbances were more

prone to remodelling [92]. Also Kharboutly et al. performed a series of patient

specific CFD simulations in 2007 and subsequently in 2010 used PIV model to

cross-validate CFD results. Good agreement was found between experimental

and numerical data, but it was impossible to find a correlation between blood

flow disturbances and plaque formations within the geometry. Perhaps, the main

limitation of this approach was that geometries were acquired only after AVF

maturation, thus not allowing to observe the potential causes of failure [93, 94].

McGah et al. simulated blood flow in four mature AVF. They hypothesised a

relation between regions with elevated TAWSS and fistula failure [95]. In 2014,

the same authors studied a compliant model of AVF, showing that, even though

the TAWSS is lower than in the rigid case, the peri-anastomotic area still presents

very high TAWSS [96]. In the publications of Krishnamoorthy et al. [50] and

Rajabi-Jagahrgh et al. [51], numerical simulations were compared with in vivo

data from pigs, studying the relationship between fistula maturation and vein

curvature. Their findings showed that either the lowest or the highest WSS val-

ues are inside the straight vein, which presented eccentric intimal-media thickness

[50], and therefore the curved configuration is associated with a more favourable

remodelling for fistula maturation [51].
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2.4.1.4 Boundary Conditions

One last modelling point that needs to be addressed in this section is whether

flow in vascular connections has to be modeled as pulsatile or it is acceptable

to prescribe time-averaged boundary conditions. In reality, blood flow is obvi-

ously pulsatile, hence, there are drawbacks associated with the use of steady-state

simulations, as they do not allow calculation and analysis of interesting metrics

such as Oscillatory Shear Index and cannot capture intrinsically unsteady flow

phenomena [45]. However, steady-state simulations are less computationally in-

tensive and can be analysed with relative ease, offering insight that will facilitate

interpretation of future more complex and costly unsteady studies [97]. In the

recent publication by Iori et al., it was shown that a fine temporal resolution is

necessary to resolve high frequency coherent structures that are present in AVF,

even when time-averaged boundary conditions are prescribed. These fine tempo-

ral structures have not been reported in previous CFD studies of the blood flow

within AVF, and their harmonic content appears to be in agreement with that

of stethoscope recordings of the audible ‘bruit’, clinically observed in function-

ing AVFs. The presence of a palpable thrill or bruit on auscultation is thought

to be caused by flow transition to a weakly turbulent state [63]. Nonetheless,

while this assumption yields interesting results, prescribing time-average inflow

and outflow conditions clearly represents a significant simplification of in vivo

conditions, highlighting the potential importance of future pulsatile studies.

2.4.2 Oxygen Transport In Computational Fluid

Dynamics

Oxygen transport in medium/large arteries has been investigated in a number of

previous CFD studies. Existing models can be divided into fluid-phase [8, 9, 6],

wall-phase [98, 99] and coupled fluid-wall models [5, 11, 7, 10].
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The first two solve a transport only equation respectively in the lumen or in the

wall, fixing the oxygen concentration at endothelium. The wall-phase approach

is less reported in the literature [98, 99], as it does not allow direct predictions

of the effect of the local fluid-dynamics on the oxygen supply. Conversely, most

recent studies follow the fluid-phase approach introduced by Tarbell and Qiu in

2000 [6], as it allows one to correlate, with relative ease, gross features of the flow

with luminal oxygen transport. In Tarbell’s model, haemoglobin is neglected and

oxygen is considered as a free solute in blood. In addition a spatially constant

oxygen concentration is prescribed at the wall. The imposition of a constant

oxygen concentration at the wall relies on the assumption that arterial walls

act as oxygen sinks. Oxygen is a low-molecular-weight species that is readily

consumed by the arterial wall, thus oxygen transport is most likely to be limited

by the fluid-phase [6]. Hence, regions of potential hypoxia can be identified via

direct comparison of the local Sherwood number (dimensionless mass transfer

coefficient) at the endothelium with the Damkhöler number (dimensionless wall

reaction rate coefficient) [8, 9, 6].

This model is much easier to implement than coupled fluid-wall models, only

requiring the solution of a supplementary transport equation, and thus has been

extensively employed in a number previous of studies. In 2008 and 2009 Cop-

pola and Caro [8, 9] applied it to study oxygen transport in helically-shaped

vessels. They showed that 3-D geometrical features, such as out-of-plane curva-

ture, highly influence mass transfer and WSS [8], and that the mixing through

stirring, induced by the helical shape, can lead to more favourable outcomes in

stented arteries [9]. Recently, Zheng et al. [100] published an article on oxygen

transfer in a helically shaped bypass graft under steady inflow conditions. Simi-

lar patterns to those of Coppola and Caro [8, 9], were observed. Tarbell’s model

was also adopted by Tada, who in 2010, undertook numerical simulations of the

mass transfer in a carotid bifurcation, coupling luminal oxygen transport with
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a wall model, to account for in-wall diffusion/consumption. It was shown that

the results obtained with their model differed from previous experimental results,

suggesting the need for a wall-side oxygen transport model [10].

Fully coupled models offer the advantage of a more realistic representation

of the oxygen transport conditions [5, 11, 7, 10]. In this case, oxygen transport

is solved in both the lumen and the wall without decoupling the two transport

phenomena, or prescribing a concentration at the fluid-wall interface. Perhaps,

the most realistic model that can be found in the literature is that developed in

1997 by Moore and Ethier [5]. Two distinct species are used to describe oxygen

dissolved in plasma and bound to haemoglobin.

In reality, oxygen is carried in blood in two forms: free oxygen dissolved in the

plasma and oxygen reversibly-bound to hemoglobin, contained within red blood

cells (RBC), which are subjected to shear-dependent dispersion. Several studies

often omit bound oxygen in their analysis. Although the predicted patterns are

able to provide an indication of potentially hypoxic regions, Moore and Ethier’s

work shows that ignoring the haemoglobin-bound oxygen leads to substantial

prediction errors [5].

Moore and Ethier applied this model to the simulation of oxygen transport

in a 2D model of a stenotic artery and tested the effect of a series of simplifying

assumptions. Specifically, the effect of haemoglobin, Schmidt (Sc) number, and

presence of a multi-layered wall were investigated. One of the main findings was

that the distribution of the Sherwood (Sh) number (dimensionless wall normal

oxygen gradient) had similar patterns either considering haemoglobin or mod-

elling the oxygen as a free solute. This is particularly important as a simplified

model, such as that proposed by Tarbell, is much easier to implement in common

commercial finite volume solvers, and does not present the strong non-linearity

introduced by the haemoglobin [5].

From these studies, it emerges that this approach can be a useful simplification
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to predict oxygen transport in physiological conditions. However, the lack of

measured Damkhöler numbers only allow qualitative analysis of hypoxic regions.

In addition, neglecting haemoglobin effects might represent an excessively strong

approximation. Recently, Murphy et al. applied a modified version of Moore

and Ethier’s model to study oxygen transport in stented coronary arteries, and

showed that simplifying the model, resulted in significant errors in predicting

oxygen transport [11]. Therefore, Tarbell’s model may be inappropriate if one

wants to investigate the potential presence of wall hypoxia due to unphysiological

conditions, as it completely neglects any wall-side oxygen transport as well as

haemoglobin effects.

In conclusion, a final point needs to be addressed: oxygen transport in blood is

characterised by a very high value of Schmidt number (Sc∼2700), which physically

relates the relative thickness of the momentum boundary layer and mass-transfer

boundary layer. At Reynolds numbers normally encountered in medium-large

arteries (Re ∼ 102-103), the corresponding Peclet (Pe) numbers (Pe=Re·Sc) as-

sume values between Pe ∼ 105-106, which indicates that the transport process

is strongly dominated by convection. This poses a numerical challenge, as ex-

tremely fine boundary layer grids are required to resolve the steep wall gradients

[15, 8, 5].

2.4.3 Mechanical Modelling Of Vascular Anastomosis

A large number of studies exist in literature, regarding the mechanical modelling

of arteries, under various physiological and unphysiological conditions. However,

only a limited portion of these have focused their attention on the modelling of

vascular anastomosis.

In 2002, Perktold et al. studied fluid dynamics and wall mechanics within

anatomically realistic models of two surgical techniques used to create bypass

grafts. An iterative coupling procedure was used to couple the two problems,
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which were both solved using the FE method. Linear elastic material behaviour

was assumed for the wall, that was modelled as a shell, by applying the thin-wall

approximation. Results of the wall mechanical studies show increased intramural

stresses due to compliance mismatch, which may induce suture line hyperplasia

[101]. However, healthy arteries are highly deformable composite structures with

a behaviour similar to rubber and a typical non-linear stress-strain response [102].

Therefore, the assumption of a linear elastic behaviour might represent a strong

limitation in faithfully reproducing realistic stress and displacement.

Subsequently, Gu et al. simulated, using mechanical FE analysis, the slit ar-

teriotomy procedure, which is the surgical technique used to create end-to-side

vascular anastomosis. Four consecutive static equilibrium steps were used to

simulate the operation procedure and assess whether the slit opens to a width

sufficient for blood supply [103]. In this study, hyperelastic shell elements were

used to model the donor and recipient artery. Although this represents an im-

provement over the use of linear elastic materials, isotropic hyperelastic materials

fail to represent the typical stress stiffening of arterial tissue, that is based on the

recruitment of wavy collagen fibrils, at physiological strain levels [104].

Cacho et al. proposed a computational methodology to simulate coronary

artery bypass graft surgery with different incision lengths. This parameter was

found to have a critical influence on the graft shape and stress and in particular,

stresses appeared to be higher at the heel region. In addition, severe changes

in mechanical stresses are present in the transition between arterial and venous

wall [105]. This study presents an improved modelling approach over the study

of Gu et al., as arteries were modelled as a three-layer thick-walled tube and

residual stresses were included in the simulation. Furthermore, the hyperelastic

anisotropic material proposed by Gasser et al. [106] was chosen for the wall. This

material represents the state of the art in vascular structural mechanics allowing

to capture the typical stress stiffening due to the embedded collagen fibres, and
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thus has been used extensively in many FE studies.

More recently, there have been several studies that have also undertaken fluid-

structure interaction (FSI) analysis in idealised [107] and patient-specific [96,

108] models of vascular access. While FSI has become a standard modelling

approach in other cardiovascular problems, i.e. the prediction aneurysm rupture,

the presence of rigid walls still represents one of the most common limitations of

traditional CFD studies on VA haemodynamics. However, some authors suggest

that rigid-wall simulations can predict HWP within the same order of accuracy

of the equivalent FSI simulation [96]. Moreover, the higher computational cost is

not always justified, as the calculated wall displacements have limited influence

on blood flow [107, 108].



Chapter 3

Developing a Model of Oxygen

Transport in Arterio-Venous

Fistulae

3.1 Blood Flow

3.1.1 Governing Equations

Blood is a complex mixture of cells, proteins, lipoproteins and smaller molecules.

Red and white blood cells and platelets typically comprise approximately 40%

of blood by volume, and are suspended in an aqueous polymer solution, the

plasma, containing electrolytes and organic molecules. While plasma exhibits

a nearly Newtonian behaviour, blood shows marked non-Newtonian characteris-

tics, mainly induced by the red blood cells tendency to aggregate at low shear

rates [45]. On a macroscopic scale, blood can be considered as an incompressible

non-Newtonian fluid [45]. In medium and large vessels, where non-Newtonian ef-

fects are negligible, blood flow is governed by the time-dependent incompressible

61
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ΓPAI

ΓDAO

ΓDVO

Ω

Figure 3.1: Fluid domain Ω. The arrows show the direction of the mean flow.

Navier-Stokes equations, which can be written as


∇ · v = 0

ρ

(
∂v
∂t

+ (v · ∇)v
)

= −∇p+ µ∇2v
(3.1)

where µ is the viscosity of human blood, ρ is the density of human blood, v is

the three-dimensional velocity vector field and p is the pressure field. Values of

µ = 3.5× 10−3Pa · s and ρ = 1060kg ·m−3 [92] were used in this study.

The assumption of Newtonian rheology ignores the well-known ‘shear-thinning’

property of blood [45]. However, according to Brooks et al. [109] shear thinning

effects are significant only at shear rates below 100s−1. The shear rate γ̇ is de-

fined as the square root of twice the second invariant of the strain-rate tensor

γ̇ =
√

2trD2 =
√

2D : D, where the strain-rate tensor is the symmetric part of

the velocity gradient tensor D = (∇v + ∇vT )/2. In this study and in previ-

ous simulations the shear rates found were on an average greater than 400s−1

[15, 110, 111]. Exposure to high shear rate suggests widespread suppression of

rouleaux aggregation, which is responsible for shear-thinning and occurs on a

time-scale of order 1 s [112]. This same assumption has also been widely used in

previous studies of blood flow in AVF and vascular grafts [91, 95, 63, 92, 15, 110]

and therefore is considered reasonable in this study.
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3.1.2 Boundary Conditions

All simulations presented here and in Chapter 5, unless otherwise stated, employ

steady boundary conditions. Imposition of steady-state boundary conditions is

clearly an approximation, since in reality blood flow is pulsatile. However, pul-

satility has been shown to have minimal effects on transported species like oxygen

and LDL [113, 114, 7].

Steady-state parabolic boundary-normal flow profiles were applied at the

Proximal Arterial Inlet (PAI) and the Distal Arterial Outlet (DAO) (see Fig-

ure 3.1). At the PAI, the profile had a spatially averaged velocity VPAI into the

domain. At the DAO, the profile had a spatially averaged velocity VDAO out

from the domain. A constant (and arbitrary) reference pressure was applied at

the Distal Venous Outlet (DVO). The aforementioned conditions enforce a fixed

flow split between the DVO and the DAO (with antegrade flow in the distal

artery).

A zero-velocity no-slip condition was applied at the endothelium and the walls

were assumed to be rigid. The rigid wall assumption clearly represents a limi-

tation, as in reality blood vessels are deformable structures. However, a recent

FSI study of blood flow and wall deformation in a patient specific model of AVF,

suggest that rigid-wall simulations can predict HWP within the same order of

accuracy of the equivalent FSI simulation [96]. This could be attributed to the

relatively small wall displacement, which has been shown to have a limited influ-

ence on blood flow [107, 108]

3.2 Oxygen Transport

As discussed in Section 2.4.2, Moore and Ethier’s coupled fluid-wall model repre-

sents the state-of-the-art model to study oxygen transport in large arteries, as it

includes non-linear effects due to the exchange between free and bound oxygen,
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as well as a variable shear-induced RBCs dispersion coefficient [5].

Among the remaining models of oxygen transport, which exhibit various de-

grees of simplification, Tarbell’s model [6] is definitely the most commonly used

in the literature [8, 9, 6, 7]. This model only requires solution of a supplementary

advection-diffusion equation, while a constant oxygen concentration is assumed

at the wall.

Regions exposed to low Sherwood number (Sh), the dimensionless mass trans-

fer coefficient, highlights potential areas of hypoxia. To establish what constitutes

low Sh, Sh is compared to the Damkhöler number (Da), the dimensionless wall

reaction rate coefficient, which can be estimated from wall properties. When

Sh � Da, the supply exceeds the demands, thus the wall is considered to be

properly oxygenated. However, when Sh → Da, wall oxygen becomes strongly

dependent upon the blood oxygen transport and could drop below hypoxic levels.

This model does not take into account the oxygen supplied by the vascular

portion of blood vessels, which in healthy blood vessels corresponds to the ad-

ventitial layer. While this approach is appropriate for modelling oxygenation in

blood vessels under normal physiological conditions, it might not be appropriate

in those cases where wall oxygenation relies on aventitial supply and this might

be disrupted, e.g. in hypertensive patients [14]. For these cases, a fully coupled

wall-fluid model, such as that developed by Moore and Ethier, represents a more

realistic approach to study oxygen transport in AVF. Oxygen tension is calcu-

lated in the lumen and the wall, without assuming a constant wall concentration,

an assumption that according to Moore and Ethier can lead to highly misleading

conclusions [5].

A more physiologically relevant characterization of oxygen transport within

the wall can increase understanding of the main causes of IH development and

help designing AVF configurations with a general better outcome. For this reason,

it was decided to use Moore and Ethier’s model for the simulations in the present
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study. In the following sections, a brief overview of this model and its main

features will be provided.

3.2.1 Governing Equations

3.2.1.1 Blood-side

Oxygen is carried in blood in two distinct phases: dissolved in plasma and bound

to haemoglobin, a heavy molecular weight globular protein contained within

RBCs. According to Moore and Ethier, oxygen transport in blood can be mod-

elled via the solution of the following coupled transient advection-diffusion equa-

tions [5]:
α
DPO2

Dt
= α∇ · (Db∇PO2) + r,

[Hb]DS
Dt

= [Hb]∇ · (Dc∇S)− r,

(3.2)

where PO2 is the oxygen tension in plasma, D/Dt is the material derivative, α is

oxygen solubility in plasma, [Hb] is total oxygen carrying capacity of haemoglobin,

Db andDc are diffusivity respectively of free oxygen and oxyhaemoglobin in blood,

S is the haemoglobin saturation and r is the exchange rate between the two

phases. Oxygen is dissolved in plasma, thus, according to Henry’s law, oxygen

tension (or partial pressure), measured in mmHg, can be used instead of concen-

tration. The two transport equations are added and after some manipulations

can be written in the following compact form:

(
1 + [Hb]

α

dS
dPO2

)
DPO2

Dt
= ∇ ·

[
Db

(
1 + [Hb]

α

Dc

Db

dS
dPO2

)
∇PO2

]
. (3.3)

The coefficient c1 = (1 + ([Hb]/α)(dS/dPO2)) can be interpreted as a non-

constant carrying capacity, while the coefficient c2 = Db(1 + ([Hb]/α)(Dc/Db)

(dS/dPO2)) is a non-constant diffusivity.

Most oxygen is transported bound to the heme groups of the haemoglobin
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molecules contained in RBCs. The binding of the oxygen to haemoglobin takes

place in 4 successive steps, during which each oxygen molecule binds to a different

heme group, determining a conformational change of the haemoglobin molecule,

that influences its affinity to further oxygen molecules [115]. This behaviour can

be approximated by the well-known Hill equation:

S = POn
2

POn
2 + POn

2 - 50
(3.4)

where S is the saturation, or fractional occupancy, of a haemoglobin molecule,

n is the Hill parameter and PO50 is the value at which the haemoglobin is 50%

saturated (see Figure 3.2). Blood-side oxygen transport is coupled to wall-side

oxygen transport and consumption.

0 40 60 80
0

0.5

1

PO2 (mmHg)

S
(%

)

PO2 - 50

Figure 3.2: Hill’s equation: oxygen saturation S for n = 2.7 and PO2 - 50 =
26.6mmHg.

3.2.1.2 Numerical Details

In order to implement Equation 3.3 in Star-CCM+, its terms need to be re-

arranged appropriately. Star-CCM+, as many other commercial FV packages,
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solves transport equations of the following form:

Dc

Dt
= ∇ · (DF∇c) + SF . (3.5)

Equation 3.3 can be manipulated and its terms rearranged to obtain the fol-

lowing modified diffusivity D′ and the source term SF ,

DF = c2

c1
, SF = c2

c12
[Hb]
α
∇PO2 · ∇

(
dS

dPO2

)
. (3.6)

The non-linearity of the oxygen transport problem originates from the non-linear

dependence of the oxygen dissociation curve S, on plasma oxygen partial pres-

sure [5]. Specifically, non-linearity enters the model through the term dS/dPO2,

contained in both coefficients (Figure 3.3).
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Figure 3.3: The gradient dS/dPO2 of the oxygen saturation curve, plotted against
PO2.

3.2.1.3 Dispersion Coefficient

Oxygenated haemoglobin is carried in blood within RBCs, and Dc is usually in-

terpreted as the diffusivity of red blood cells in blood, which is effectively zero [5].
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However, it is known that red blood cells in shear flows undergo significant dis-

persion, thus Dc can be interpreted as the shear-augmented dispersion coefficient

of RBCs.

In previous studies, its value was assumed to be the constant dispersion coef-

ficient for red tracer cells in a straight tube at an approximate shear rate of 20s−1

[5]. However, while this is an acceptable initial approximation, at the higher shear

rates that are normally encountered in large vessels, Dc is likely not to be con-

stant [11]. To take into account this effect, Murphy et al. [11] extrapolated the

following piece-wise linear function (Figure 3.4) to link the dispersion coefficient

to the shear rate γ̇:

Dc =


5.0× 10−12 + 5.14× 10−13γ̇ for 0 ≤ γ̇ ≤ 100s−1

3.68× 10−11 + 1.96× 10−13γ̇ for γ̇ > 100s−1.

(3.7)
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Figure 3.4: Dispersion coefficient Dc curve plotted against the shear rate γ̇, from
[11].
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3.2.1.4 Wall Transport

Modelling transport of large molecules in living tissues, such as LDL, generally

requires the solution of a convective-diffusive-reactive transport equation, which,

in turn, calls for the determination of a porous media filtration velocity field [116].

However, Moore and Ethier observed that typical filtration velocities across arte-

rial walls are ∼ 10−6 cm/s, while oxygen diffusion velocities are about two orders

of magnitude greater. Hence, convection can be neglected when modelling wall

oxygen transport, which results in the following much simpler reaction-diffusion

equation [5]:

αT
∂PO2

∂t
= αT∇ · (DT∇PO2)− q̇ (3.8)

where αT is the oxygen solubility in tissue, DT is the free-oxygen diffusivity in

tissue and q̇ is the volumetric oxygen consumption rate.
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Figure 3.5: Typical oxygen consumption rate curve, following a Michaelis-Menten
kinetics: q̇ asymptotically approaches q̇max with increasing values of PO2; PO2 -M
is the half-maximum oxygen consumption tension.

In previous studies, it was observed that the measured oxygen consumption

rate is approximately constant above a certain critical PO2 -M , and sharply drops

to zero below this value. Hence, in line with previous studies, a first order
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Michaelis-Menten kinetics was adopted to model this reaction ratein line with

previous studies, a first order Michaelis-Menten kinetics was adopted to model

this reaction rate (see Figure 3.5), which corresponds to the following equation:

q̇(PO2) = q̇max
PO2

PO2 -M + PO2
(3.9)

where q̇0 is the maximum tissue consumption rate, and PO2 -M is the half-

maximum oxygen consumption tension [117]. This represents a reasonable ap-

proximation to the actual reaction rate, although the consumption is not strictly

constant above the critical oxygen tension. Nonetheless, these kinetics represents

a more computationally convenient approach than a zero-th order model [117].

3.2.2 Boundary Conditions

A constant oxygen tension is assumed at the flow entrance. The imposition of

this boundary condition is common practice and based on the assumption that

oxygen is ‘well mixed’ upstream of the AVF [118]. Values of about 80−100mmHg

and 25− 40 mmHg have been reported in the literature, respectively for arterial

and venous blood [119, 120].

At the outlets, the following Neumann boundary condition is applied, ∂PO2/

∂n = 0. The imposition of zero boundary-normal oxygen concentration gradients

at the outlets is also standard practice [121, 7, 10, 8, 9], and minimizes the

impact on the evolution of the oxygen boundary layer as it exits the domain.

At the blood-wall interface, continuity of both PO2 and oxygen flux, ∂PO2/∂n

are required. The continuity of oxygen tension relies on the assumption that the

endothelium offers no resistance to the oxygen transport. Stangeby and Ethier

calculated that overall, the greatest resistance to oxygen transport is exerted in

the wall, while the endothelium has a negligible resistance [122].
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Blood-side

Parameter Value Units Reference

[Hb] 0.2
[ ml O2

ml blood

]
[123]

Db 1.2× 10−9

[
m2

s

]
[123]

α 2.5× 10−5 [ ml O2
ml blood mmHg

] [123]

PO2 - 50 26.6 [mmHg] [124]

n 2.7 [−] [124]

Wall-side

Parameter Value Units Reference

αT 2.4× 10−5 [ ml O2
ml tissue mmHg

] [99]

DT 0.9× 10−9

[
m2

s

]
[99]

PO2 -M 2.5 [mmHg] [125]

q̇max - art 2.1× 10−5
[ ml O2

ml tissue s

]
[5]

q̇max - vein 4.4× 10−5
[ ml O2

ml tissue s

]
[126]

Table 3.1: Parameters used in the fluid-wall coupled oxygen transport model.

As for wall-side oxygen transport, previous authors, including Moore and

Ethier and Murphy et al., assumed a constant oxygen tension of 45 mmHg at the

Vasa Vasorum (VV) level, which usually corresponds with the media-adventitia

interface [5, 11]. This condition is based on the assumption that the microvascu-

lature in the adventitia is able to deliver oxygen to the rest of the wall, to meet the

local metabolic demand, maintaining a constant oxygen tension throughout the
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vascular portion of the wall. This is in line with the physiology, as nourishment

of medium and large blood vessels is accomplished through at least two distinct

mechanisms - diffusion and convection of nutrients from luminal blood through

a steep mass boundary layer and diffusion from the medial and adventitial VV

[127].

The VV is a complex network of microscopic vessels that supplies the wall of

large arteries and veins with oxygen and nutrients and removes metabolic wastes.

In large and medium arteries, in which the intraluminal pressure is higher, VV

can only perfuse the outermost wall layers (normally the adventitial layer). For

this reason, these blood vessels, having thick walls, rely on both diffusion from

the adventitial VV and from luminal blood to ensure adequate oxygenation of

the medial layer [19]. Conversely, in large veins, where the lumen oxygen tension

is lower, the VV needs to be more dense to ensure proper wall oxygenation.

Furthermore, as venous luminal pressures are generally lower than in the arterial

system, these VV may never be compressed, thereby maintaining adequate flow

also in the innermost layers of the vascular wall [19].

The formation of AVF exposes the local circulatory system, in particular the

venous system, to highly unphysiological conditions that, in turn, could have un-

favourable effects on wall oxygenation. Specifically, the high arterial pressure to

which veins are exposed in newly formed AVF, could excessively distend the ve-

nous wall and prevent the adequate perfusion of the venous vasa vasorum, leading

to wall hypoxia [3]. This effect, although hypothesized in previous clinical stud-

ies, has never been thoroughly investigated. However, there is consistent evidence

in the literature that mechanical factors might contribute to the initiation and

development of IH [3, 128]. For this reason, the use of a spatially constant oxygen

tension at the adventitia could represent too strong a limitation, especially when

vessels are exposed to unphysiological conditions. On the contrary, using an oxy-

gen source that accounts for the oxygen supply from the VV, would allow one to
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model how oxygenation levels change in the wall, in relation to tissue perfusion.

Including the vascular portion of the wall in the model means that a further

boundary condition has to be defined at the interface between the adventitia

and the surrounding tissue. Transmural oxygen tension profiles, measured by

Buerk and Goldstick in rabbit aortas and dog femoral arteries using oxygen mi-

croelectrodes, exhibit a plateau in the adventitial layer [118], which suggests the

existence of a negligible oxygen flux at the vessel outer surface. Hence, in line

with this observation, a zero oxygen flux boundary condition was prescribed at

this boundary.

Sw Vascular Wall

Avascular Wall

∂PO2/∂n|w = 0

PO2|f = PO2|w
DF ∂PO2/∂n|f = DT ∂PO2/∂n|w

PO2|f = 90mmHg

PAI

∂PO2/∂n|f = 0

DAO

∂PO2/∂n|f = 0

DVO

∂PO2/∂n|w = 0

Figure 3.6: Boundary conditions for the oxygen transport model.

3.2.3 Tissue Oxygenation

Tissue oxygen transport has been studied since the early 20th century. The

famous Krogh-Erlang tissue cylinder model [129] is one of early models to the-

oretically investigate microvascular oxygen transport into living tissues and has
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served as the foundation for many subsequent studies. In this model, Krogh

assumes a cylinder of tissue surrounding a single capillary, whose wall offers no

resistance to oxygen diffusion. In addition, cylindrical symmetry and steady state

transport are assumed, while axial diffusion is expected to be negligible [129].

Several studies derived from Krogh’s model have investigated the oxygenation

of healthy tissues, where the more regular and evenly spaced microvasculature can

be adequately described by these simple assumptions [130, 117]. Other studies

have focused on the oxygentation of unhealthy tissues, specifically tumor tissues,

where, on the other hand, the distribution of microvessels is highly heterogenous,

and causes the occurrence of microregions of hypoxia [131, 132, 125, 133, 134].

One of the main limitations of Krogh-Erlang’s model, in fact, is that only oxygen

transport around a single microvessel is taken into consideration, thus, making

it inappropriate to study complex vascular networks. In recent years, the need

to simulate such phenomena has driven the development of models with more

realistic vascular geometries [125, 133, 135, 134, 136]. Most of these share a

similar approach - i.e. each microvessel is represented as a discrete oxygen source

- while a variety of numerical techniques and boundary conditions have been

adopted to determine the oxygen field.

Secomb et al. calculated the oxygen field as the superposition of the fields re-

sulting from single oxygen sources, using Green’s functions to determine the effect

of individual sources [133]. Conversely, in Dasu et al. [125] and Kelly et al. [135],

a source term, representing the oxygen supply of single microvessels, was added

to Equation 3.8. The oxygen field was then calculated from these distributed

sources, assuming localised concentration spikes, corresponding to vessel posi-

tions [136]. However, the complexity of the VV network, along with the lack of a

clear morphological characterisation, make this model impractical for the intents

and purposes of this study. Hence, instead of modelling discrete microvessels,

it is proposed to use a spatially-average source to model the supply of oxygen
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from the VV. Using a spatially-average source has the obvious limitation that

the model is not able to predict potential microregions of hypoxia. Nonetheless,

this modelling approach is equally capable of describing wall oxygenation from

a macroscopic perspective. In addition, such an approach offers a simple way

to control the VV oxygen supply, by simply acting on the portion of perfused

microvessels in the wall.

3.2.3.1 Vasa Vasorum Oxygen Source

To quantify the oxygen supplied from a single microvessel, let us consider a

straight capillary, consisting of two concentric cylinders of radius r1 = R and

r2 = R + t, with R inner radius and t wall thickness. Oxygen transport across

the wall is purely diffusive (convection can be neglected [5]), and the process

can be considered steady, as the non-stationary evolution of the system is very

short. According to Hill [137], in fact, any change in oxygenation patterns, due

to perfusion-related events, have the time scale of minutes or hours, while the

formation of new vessels through angiogenesis takes place over days or weeks.

In addition, oxygen consumption within the wall of a single capillary can be ne-

glected [136]. Under these assumptions, oxygen transport is described by the

following differential equation [138],

1
r

∂

∂r

(
r
∂PO2

∂r

)
= 0 (3.10)

that has to be solved subject to the following boundary conditions PO2(r1) =

PO2 - cap and PO2(r2) = PO2 - tis (see Fig. 3.7). In particular, the assumption

that PO2(r1) = PO2 - cap is based on the fact that mean velocities in the micro-

circulatory district are in the order of 10−2m/s, thus making the blood-side mass

transfer resistance negligible [45]. Solution of Eq. 3.10 yields

PO2(r) = a1ln(r) + a2 (3.11)
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with

a1 = PO2 - cap − PO2 - tis

ln(r1/r2) , a2 = PO2 - tisln(r1)− PO2 - capln(r2)
ln(r1/r2) (3.12)

The diffusive flux F of a single capillary can be calculated as

F = −Dw
∂PO2

∂r

∣∣∣∣∣
R

, (3.13)

with Dw wall diffusivity. From Equation 3.10 it is easy to show that ∂PO2/∂r =

a1/r and thus,

F = −Dw
PO2 - cap − PO2 - tis

Rln(r1/r2) = Dw
PO2 - cap − PO2 - tis

Rln(1 + t/R) . (3.14)

Assuming that the wall thickness is much smaller than the radius, then Rln(1 +

t/R) ∼ 1/t and the flux becomes F = Pm(PO2 - cap − PO2 - tis), with the wall

permeability Pm = Dw/t. Then the net rate of oxygen diffusing for a single

capillary per unit volume is given by,

Sc = 1
πR2L

∫ 2π

0

∫ L

0
FRdθdL = 2Pm

R
(PO2 - cap − PO2 - tis). (3.15)

r

θ

r1
r2

PO2 - cap

PO2 - tis

Figure 3.7: Simplified model of oxygen transport in a straight capillary, from
[136].
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This simple model was previously adopted in [135] by Kelly et al. and in [125]

by Dasu et al. to study oxygenation in a tumor. The microvasculature was ex-

plicitly represented by individual vessels lying perpendicular to the 2D simulation

domain. Two different sources were included in the reaction-diffusion equation

(Eq. 3.8), to model oxygen gain from the arterioles, where the oxygen tension is

between 80− 100 mmHg, and loss back to the capillaries and venules, where the

oxygen tension is between 25 − 40 mmHg [125]. As already anticipated in the

previous section, it was decided to use a spatially-average oxygen source. Oxy-

genated and deoxygenated blood, contained respectively in the arterioles and in

the capillaries/venules, can be considered as two different compartments, having

spatially-average properties. These two compartments are assumed to exchange

oxygen with the surrounding tissue, without altering their concentration, through

the resistance 2Pm/R. The average VV source per unit volume can be calculated

from Sc considering an average microvessel volume fraction, for each compart-

ment. This corresponds to adding to Equation 3.8 the following source term:

Sw = 2Pm - oxy

Roxy

(PO2 - oxy − PO2)Vf - oxy + 2Pm - deoxy

Rdeoxy

(PO2 - deoxy − PO2)Vf - deoxy

(3.16)

where Vf - oxy and Vf - deoxy are the volume fractions of microvessel per tissue

volume in each compartment, Roxy and Rdeoxy the average microvascular radii,

Pm - oxy and Pm - deoxy the average permeabilities of the two compartments.



78 Chapter 3. Developing a Model of Oxygen Transport in Arterio-Venous Fistulae

Parameter Units Value Reference

MVD
N vessels

mm2 0.2− 3 [139]

Roxy m 18− 30× 10−6 [140]

Rdeoxy m 11− 75× 10−6 [140]

ωart - 10% [141]

ωcap - 15% [141]

ωven - 75% [141]

PO2−oxy mmHg 95 [135]

PO2−deoxy mmHg 40 [135]

t m 1× 10−6 [140]

Table 3.2: Parameters for the VV oxygen source in Eq. 3.16.

The mean microvascular volume fraction in tissue can be calculated from

experimental Microvessel Densities (MVD), measured from histogical samples

in number of vessels per unit area. Then, from the relative volume fraction

of arterioles, capillaries and venules with respect to the microvasculature (ωart,

ωcap, ωven) [141], the volume fraction of each compartment can be calculated as

Vf - oxy = Vfωart and Vf - deoxy = Vf (ωcap + ωven). In this simple model, tissutal

oxygen supply can be modulated by acting on the volume fraction of perfused

microvessels. The next section will describe how perfusion is regulated in response

to wall stress.

3.3 Oxygen Transport In A Straight Vessel

To verify the implementation of the model in Star-CCM+, Equations 3.3 and 3.8

were solved under fully-developed steady flow in a straight vessel. Under these

conditions, the following simplifying assumptions can be made:

• Steady-state solution: dPO2/dt = 0;
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• Fully-developed Poiseuille velocity profile: v(r) = 2v̄ (1− (r/R)2) ẑ, with v̄

average inflow velocity and ẑ unit vector is along z-axis (see Fig. 3.8);

• Axial symmetry: ∂(·)/∂θ = 0, with θ azimuthal angle.

R
T

L = 20R

r

z

z = 0
z = L/4

z = L/2
z = 3L/4

r

z

0

0.25

0.5

0.68

30

45

60

75

90

(a)

(b)

(c)

Figure 3.8: Oxygen transport in a straight vessel, solved in Star-CCM+: (a)
the computational grid used; (b) velocity magnitude (m/s); (c) oxygen tension
(mmHg).

In a cylindrical reference frame and under the previous assumptions, Equations
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3.3 and 3.8 become respectively:

2v̄
(

1− r

R

2) ∂PO2
∂z

= 1
c1

(
∂c1
∂r

∂PO2
∂r

+ ∂c1
∂z

∂PO2
∂z

)
+ c2
c1

(
1
r

∂

∂r

(
r
∂PO2
∂r

)
+ ∂2PO2

∂z2

)

∂

∂r

(
r
∂PO2
∂r

)
+ ∂2PO2

∂z2 = (−q̇(PO2) + Sw(PO2))
αtDt

(3.17)

These equations were integrated numerically using the Finite Difference method

(FD) and solved using the Successive Over Relaxation method. The domain is

discretised into a rectangular grid of size Nr × Nz, and differential terms are

written using a second-order central-difference scheme. Because luminal oxygen

transport to the wall occurs only within a thin annulus next to the wall, i.e.

mass transport boundary layer, only this region was considered in the model

[142]. In contrast, the vessel geometry was modelled in Star-CCM+ using a five

degree circumferential wedge, as shown in Figure 3.8-(a), and periodic boundary

conditions were prescribed at the sides.

A vessel having radius R = 0.003 m, wall thickness T = 0.0004 m and length

L = 20R is considered. A physiological inflow Reynolds number of 600 is assumed,

corresponding to a mean velocity v̄ = 0.67 m/s [45]. In healthy arteries, the ratio

of adventitia thickness to total wall thickness is normally reported to be between

0.3− 0.4 [143]. According to the literature, VV are exclusively contained in this

layer, thus the VV oxygen source Sw is prescribed only inside the outer third of

the wall.

The following boundary conditions are prescribed:

• ‘Well mixed’ oxygen concentration at the entrance: PO2f |z=0 = 90mmHg;

• Zero boundary-normal oxygen concentration gradients at the outlet:

dPO2/dz|z=0,L = 0;

• Continuity of PO2f |r=R = PO2w|r=R and oxygen flux Df∂PO2f/∂n|r=R =
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Figure 3.9: Oxygen tension profiles calculated in StarCCM+ and using the FD
method. Sections with increasing values of z are shown (see Figure 3.8-(c)).

Dw∂PO2w/∂n|r=R at the wall-lumen interface;

• Zero oxygen flux at the external boundary: dPO2w/dt|r=R+T = 0;

Figure 3.9 shows oxygen tension in the boundary layer and the wall, obtained

from Star-CCM+ and from the FD solver at increasing values of z. Good agree-

ment is found between the two numerical techniques and the oxygen profiles

obtained, appear to be similar to those measured in vivo by Buerk and Goldstick

[118] and by Santilli et al. [17].

Previous studies used simplified models to reduce computational expense and

complexity. Following the work of Moore and Ethier and Murphy et al. [5, 11],

different modelling assumptions were tested, ‘switching off’ different parts of the

model:

• Model 1 : Full coupled fluid-wall model with normally perfused wall;

• Model 2 : Both the free and bound oxygen are modelled and the wall is



82 Chapter 3. Developing a Model of Oxygen Transport in Arterio-Venous Fistulae

considered normally perfused, but the non-linearity from Hill’s Equation is

removed (dS/dPO2 = dS/dPO2);

• Model 3 : Only free oxygen is modelled ([HB] = 0) and the wall is considered

normally perfused;

• Model 4 : Both the free and bound oxygen are modelled and the wall is

considered normally perfused, but (Dc = 0), thus neglecting the shear-

augmented dispersion of RBCs;

• Model 5 : Both the free and bound oxygen are modelled but the wall is

considered not perfused (Sw = 0).
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Figure 3.10: Comparison of the predicted oxygen concentration in the boundary
layer and the wall. Results are shown for z = L/2. For comparison a typical
oxygen concentration profile measured in-vivo by Santilli et al. is shown [17].

Results of these tests are shown in Figure 3.10 for z = L/2. Models 1 and 4

both retains the non-linearity of the haemoglobin saturation gradient dS/dPO2.

Free oxygen accounts for only 1.5% of the total transported oxygen, while the
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most part is bound to oxyhaemoglobin. Neglecting the exchange of bound oxygen

between the RBCs and the plasma can have a significant effect on the oxygen

transport [5].

Models 2 and 3, where this effect is completely or partially lost, tend to

overpredict the value of PO2. In particular, Model 2 leads to large errors, as it

completely fails to predict the steep oxygen gradient, observed by in-vitro studies

[118, 144]. In Model 3, on the other hand, the non-linearity due to Hill’s equation

was removed by considering a linearised form of the derivative dS/dPO2 = nS̄(1−

S̄) ¯PO2, with ¯PO2 = 75mmHg and S̄ = S( ¯PO2). Moore and Ethier observed that

the linearised model gives excellent results for physiologically realistic boundary

conditions [5]. While this assumption makes the model computationally more

efficient, its accuracy strongly relies on both the working oxygen tensions and the

chosen mean oxygen ¯PO2, about which S is linearised. What that means is that

in those locations where the PO2 within the boundary layer is lower than ¯PO2,

linearising dS/dPO2 produces a higher diffusivity, leading to an overprediction of

the local oxygen tension at the endothelium [11]. Conversely, Model 4, where no

dispersion of RBCs is accounted for (Dc = 0), consistently underpredicts the value

of PO2, due to a lower effective diffusivity, which causes a diminished oxygen flux

at the wall [11].

Finally, in Model 5, the effect of shutting off completely the VV oxygen source

(Sw = 0) is tested. Physiologically, this corresponds to a completely non-perfused

VV, that can occur for instance, when the VV are stripped from the wall [145],

and implies that the wall entirely relies on luminal transport, to meet its metabolic

demands. When the oxygen supplied by luminal blood is not sufficient, this leads

to pathologically low values of oxygen tension.
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3.3.1 Sensitivity to Modelling Parameters

The model described here presents a large number of parameters, some of which

exhibit a degree of variability in reality. To assess the impact of individual pa-

rameters on the oxygen transport, a parametric analysis was carried out on the

straight vessel model described in the previous section. Each of them was tested

separately, according to the values listed in Table 3.3, and the deviation from a

reference case of the minimum oxygen tension was used as a measure of sensitivity

to that parameter (see Figure 3.11).

Parameter Reference Case Minimum Maximum Units

n 2.7 1.7 3.2 -

PO2 - 50 26.6 23.1 30.6 [mmHg]

αT 2.5× 10−5 2.5× 10−5 3.8× 10−5
[

ml O2

ml blood mmHg

]
DT 9.0× 10−10 7.2× 10−10 9.0× 10−10

[
m2

s

]
PO2 - M 2.5 0.5 2.5 [mmHg]

q̇max 2.1× 10−5 1.05× 10−5 3.15× 10−5
[

ml O2

ml tissue s

]
Vf 1.0× 10−3 0.5× 10−3 1.5× 10−3

[
ml VV

ml tissue

]
Vf depth 1/3 0 2/3 [mmHg]

Inflow Re 600 300 900 -

Table 3.3: Minimum and maximum parameters used in the sensitivity analysis

Among the parameters listed in Table 3.1, [HB], α and Db can be consid-

ered constant in human blood, under normal physiological conditions [123]. By

contrast, the oxygen saturation curve follows the so-called Bohr effect, according

to which haemoglobin’s oxygen binding affinity is affected by blood temperature,
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acidity and concentration of carbon dioxide. Bohr effect is particularly important

in tissues with a high metabolic demand, as the local increase in temperature,

CO2 and pH result in a lower binding affinity and thus an augmented oxygen

release from the haemoglobin proteins. This induces a horizontal shift and a

change of slope in the saturation curve, which is due to changes in PO2 - 50 and

n, respectively [124]. Of the two parameters, n has the most significant effect,

especially at its lower value, while changes due to PO2 - 50 are almost negligible.

Particularly, for n=1.7, the oxygen saturation S drops down at the values that

are normally found in the boundary layer, inducing an increased oxygen release.

The oxygen solubility in the wall, αT , remains relatively constant in normal

vessels, as the cellular composition of the wall does not vary extensively. How-

ever, its value has been observed to be slightly increased in the intima of vessels

having high fat and calcium content, i.e. a typical condition that occurs in the

presence of a plaque lesion [99]. While this situation is not likely to happen in

healthy vessels, increased oxygen solubility in the wall has a dramatic effect on

the transport, lowering the wall-side oxygen transport resistance. However, as

Murphy et al. observed, the presence of a plaque also causes lower values of

wall oxygen diffusivity and thicker walls, which have been shown to have adverse

effects on oxygen transport [11].

The oxygen diffusivity in arterial tissue, DT , does not show large variability

[99]. This parameter has a modest but not negligible effect on wall transport, as a

lower DT increases the wall-side oxygen transport resistance. However, according

to Richardson, DT is fairly constant in the arteries of healthy adults, as the lower

value of DT that has been used here, have been only reported in the intima of

newborn babies [99]

As for the half-maximum oxygen consumption tension, several values have

been reported in previous studies [146, 125]. A lower value of PO2 -M has the

effect of shifting the Michaelis-Menten reaction rate curve to the left, slightly
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Figure 3.11: Deviation of the minimum oxygen tension from reference case, ex-
pressed in mmHg. Minimum and maximum parameter values in blue and red,
respectively (see Table 3.3).

increasing the oxygen consumption in the wall. This, however, has only a modest

effect on wall oxygen transport.

By contrast, oxygen tension in the wall appears to be very sensitive to changes

in the maximum oxygen consumption rate - a ±50% variation was considered for

q̇max. This is particularly significant, as this parameter exhibts a large physiolog-

ical range. Schneiderman and Goldstick estimated values of 2.1 and 3.5mlO2/

(ml tissue s) respectively for the media and the intima of the human thoracic

aorta [142], while Richardson measured values of 1.2 and 2.4mlO2/(ml tissue s),

respectively for the intima and media of healthy coronary arteries [99]. In periph-

eral veins this parameter assumes larger values, as measured by Piola et al. in

human saphenous veins (q̇max = 4.4 ml O2/(ml tissue s)) [126]. This large variabil-

ity can be attributed to the difference in metabolic demand that exists between
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tissues presenting different cellular composition. In particular, the higher oxy-

gen consumption of peripheral veins can be explained by the larger presence of

SMCs, that are known to have a higher metabolic demand than ECs and fibrob-

lasts. Further, Hill observed significant differences between the consumption rate

of muscle cells that are active or at rest [137].

To analyse the effect of the VV oxygen source, Sw, on the oxygen transport,

two additional parameters were tested, namely the volume fraction of microves-

sels, Vf , and the depth to which the VV penetrates in the wall, VV-depth. A

±50% variation was considered for Vf , while a vascular region corresponding to

two thirds of the wall and no VV perfusion were considered for VV-depth. Both

parameters appear to have a significant effect on wall oxygen tension, particu-

larly, VV-depth. This can be explained by the fact that changes in VV-depth

not only affect the total amount of oxygen supplied to the wall, but also modify

the thickness of the avascular wall. In fact, the oxygen tension in the vascular

portion of the wall is the result of the balance between VV oxygen supply and

consumption rate.

Finally, two additional values of inflow Re were tested to assess the sensitivity

of oxygen transport to haemodynamics. As expected, changes in inflow Re have

a significant effect on oxygen transfer. Results in Table 3.3 seem to partially

contradict the findings of Moore and Ethier [5], who argue that oxygen transport

is almost only dominated by the wall-side mass transfer resistance. This can be

attributed to the balance between wall oxygen consumption and oxygen supply

by the blood-side through the oxygen boundary layer resistance and by the VV.

For instance, thick-walled vessels, like those used in Moore and Ethier’s work,

have an overall greater oxygen consumption and a thicker avascular wall, which

offers a greater resistance to oxygen transport. This means that haemodynamic

effects have only secondary importance in determining the wall oxygen tension.

By contrast, in thinner vessels, oxygen transport is dominated by the oxygen
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boundary layer resistance [147].

3.3.2 Grid Convergence

Grid convergence of the prism boundary layer mesh was assessed by running

simulations of the straight vessel model on four successively finer discretisations,

using Star-CCM+ v11.02.11. For each mesh, the number of prismatic layers,

the overall number of elements in the prismatic layer Nelem and the first element

thickness ∆x are given in Table 3.4. A fixed total boundary layer thickness of

4.0×10−4m, a geometric progression expansion and a fixed expansion rate of 1.15

were used throughout the convergence study. Also, a fixed number of prismatic

layers (35) was used for the wall-side mesh, with the first element thickness (on the

endothelium side) equal to its respective ∆x on the blood-side mesh. A geometric

progression expansion and a fixed expansion rate of 1.15 were also used for the

wall-side mesh.

Mesh Prismatic Layers Nelem ∆x f = min(PO2)

0 15 6.0E4 7.2× 10−6m 35.67 mmHg

1 25 1.0E5 1.8× 10−6m 33.37 mmHg

2 35 1.4E5 4.4× 10−7m 32.45 mmHg

3 45 1.8E5 1.1× 10−7m 32.09 mmHg

ε10 = 0.043 E10 = 0.064 GCI10 = 5.41% GCI21r
p
21/GCI10 = 1.03

ε21 = 0.017 E21 = 0.027 GCI21 = 2.13% GCI32r
p
32/GCI21 = 1.05

ε32 = 0.006 E32 = 0.011 GCI32 = 0.86% -

Table 3.4: Grid convegence study.



3.3. Oxygen Transport In A Straight Vessel 89

Grid convergence was tested for the minimum PO2, using the grid convergence

index (GCI) method, which is based on Richardson extrapolation [148]. For each

grid refinement, the following fractional error was estimated:

Ei,j = εi,j
rpi,j − 1 (3.18)

where p is the convergence order, ri,j = ∆xi/∆xj is the refinement ratio and εi,j

is the relative error, which is defined as

εi,j = fi − fj
fi

(3.19)

with f = min(PO2). Then, the grid convergence index can be defined as:

GCIi,j = Fa |Ei,j| (3.20)

for a factor of safety Fa = 1.25 [148]. For a fixed refinement ratio r ∼ 4, p can

be estimated as follow,

p = ln
(
f2 − f1

f3 − f2

)
/ln(r). (3.21)

The asymptotic value of f for a grid spacing equal to zero can be estimated as

fexact ≈ f3 −
f3 − f2

rp − 1 (3.22)

and percentage errors from f asymptotic, calculated as Eexact = (fi−fexact)/fexact,

are shown in Figure 3.12. A p of about 0.65 was calculated; this slow order of

convergence reflects the stiff nature of the mass-transport equation. Based on the

results presented in Table 3.4 and Figure 3.12, it was decided to use the prismatic

layer from Mesh 2, for the simulations in this Chapter and in Chapter 5.
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Figure 3.12: Percentage errors from Eexact plotted against Nelem.



Chapter 4

Developing a Model of

Arterio-Venous Fistulae Surgery

As discussed in Chapter 3, the wall of medium and large blood vessels receives

oxygen both from luminal blood and the VV network. While oxygen supplied by

the luminal side depends on local features of the blood flow, adventitial oxygena-

tion can be affected by inadequate VV perfusion [127].

Several studies speculate that VV perfusion can vary in response to external

mechanical forces [128, 3, 19]. The formation of AVF exposes the local circula-

tory system, particularly the vein, to highly non-physiological conditions, such as

increased flow rates, pressures and mechanical deformation [2]. To the author’s

knowledge, of all the studies that investigated vascular access from a mechanical

standpoint, none has attempted to characterise VV perfusion, in relation to solid

stress and deformation.

For this reason, an idealised FE model of AVF surgery was developed to

determine wall stress and deformation and estimate wall perfusion. These wall

perfusion fields will be then used in conjunction with the oxygen transport model

described in Chapter 3, to define an oxygen source in the vascular portion of

91
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the vascular wall and to calculate wall oxygenation. In the next section, a brief

overview on microvascular perfusion and flow regulation is provided, and the

major challenges associated with developing models of microvascular perfusion

are highlighted.

4.1 Microvascular Perfusion

Blood flow in the microcirculation is controlled to meet the tissue metabolic de-

mand and is achieved through the integration of multiple interacting mechanisms,

including sensitivity to pressure, flow rate, metabolic levels and other chemical

mediators [149].

Flow in a particular region of the body is regulated by modulating the number

of recruited capillaries. The microvasculature plays an important role in regulat-

ing flows as 70% of flow resistance resides at the arteriolar level [45]. The number

and location of recruited capillaries is controlled by terminal arterioles, which can

modulate their muscle tone and in turn their vascular resistance, to control the

flow to the capillary district they feed [150]. EC and SMC are thought to be

the site of autoregulation, as they can sense and modulate their function when

exposed to changes in the local biomechanical and chemical environment.

The myogenic response is a regulatory response of these arterioles, which can

contract to counteract an increased luminal pressure that would overly distend

the vessel lumen [151, 152]. Flow-mediated vasodilation is another potent au-

toregulatory mechanism, mediated by a local release of nitric oxide (NO), which

occurs when the endothelium senses an increased WSS. Among all microvessels,

large arterioles are most sensitive to this control mechanism [153, 152]. The third

mechanism is a homeostatic response which modulates microvascular blood flow

to meet the local metabolic demand. Although, it was initially thought to be me-

diated by adenosine, now it is widely accepted that a broad spectrum of metabolic

mediators participate in the response [152].
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4.1.1 Microvascular Perfusion in Response to

Mechanical Forces

The physiology of microvascular perfusion has been the object of study for almost

a century, and to this date, no model capable of predicting microvascular perfusion

in response to mechanical forces can be found in the literature. However, there

is substantial evidence suggesting that particular solid stress and deformation

patterns can result in collapsed or poorly perfused microvessels.

4.1.1.1 Coronary Circulation

Coronary perfusion is, perhaps, one of the most well-studied physiological mech-

anisms. Myocardial contraction was first proposed as an impeding factor to

coronary flow by Scaramucci in 1695 and Sabiston and Gregg were the first to

observe coronary flow reduction in response to intramural stress, in 1957 [154].

Following these findings, a number of models sought to explain the link be-

tween myocardial contraction and reduced coronary flow [155, 156, 157, 158]. In

the “vascular waterfall model”, proposed by Downey and Kirk, the compression

effects of intramyocardial pressure were assumed to be equal to ventricular pres-

sure at the endocardium and to decrease linearly to zero at the epicardium. When

tissue pressure exceeds the coronary luminal pressure, blood flow would cease. At

lower pressures, only veins, which have a lower luminal pressure, are expected to

be collapsed [155].

While the waterfall model is able to explain an overall increased vascular

resistance and reduced coronary inflow, it fails to explain why venous outflow

is increased during systole. Subsequent models, such as the “Intramyocardial

Pump model” proposed by Spaan et al. in 1981, showed that vessel compliance

is important to model this behavior, as compliant vessels appear to be filled in

diastole and discharged in systole through the low-pressure venous side [156].
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4.1.1.2 Compartment Syndrome

Compartment Syndrome (CS) is a condition that affects tissue blood supply of

a body compartment. CS occurs in compartments enclosed by a non-elastic

structure, i.e. osseus and connective tissue, where optimal perfusion can be

compromised by the increase of tissue pressure.

Although tissue solid stress and pressure in CS have a different origin - a

passive stress rather than an active contraction - in-vivo experiments show a

reduction in blood flow correlated with increasingly high external pressures. This

is also followed by an increase in venous pressure [159], which is thought to

be a consequence of an increased interstitial fluid pressure (IFP). Elevated IFP

is normally caused by high capillary filtration, as well as the inability of the

lymphatics to drain interstitial fluid effectively.

The exact aetiology is still not clear, however evidence obtained in animal

models indicates that whereas compressive solid stress can collapse fragile blood

and lymphatic vessels, elevated IFP cannot [160]. Reneman et al. speculated

that arterioles and venules are not the site where the cessation of blood flow

occurs. In fact, blood flow is still present in most arterioles and venules [159].

Vollmar et al. observed that capillaries collapse at much lower pressures than

venules and arterioles, and thus are thought to be the limiting factor for perfusion.

Furthermore, upon capillary and venular collapse, flow in large arterioles did not

cease, but was largely diverted along arteriole-venule shunts [160].

4.1.1.3 Tumor Perfusion

Changes in perfusion were also linked by several authors to mechanical conditions

in human tumors [161, 162, 163]. Stylianopoulos et al. observed growth-induced

solid stress in in-vivo murine tumors, which appears to compress microvessels,

hinder tissue perfusion, and in turn, oxygen supply and therapy [161]. In par-

ticular, collapsed microvessels were found only in the periphery of tumors, where
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radial stress is compressive and circumferential stress is tensile. In the interior,

both stresses were compressive, leading to isotropic stress patterns, that do not

appear to deform microvessels [161].

4.1.2 Vasa Vasorum Structure and Function

The vasa vasorum are the microvascular network that feeds the wall of medium

and large blood vessels. Their function is strongly determined by their anatomy

and structure. Arterial vasa vasorum (AVV) and venous vasa vasorum (VVV)

show distinctive morphological features. AVV originate from the abluminal sur-

face (VV externa) of a proximal artery or from the luminal surface (VV interna)

of the main artery and then arborize in the adventitia and outer media [164, 19],

where they feed a network of capillaries. These capillaries are drained by VVV

laid down around the outer media, into veins that runs in close proximity to the

host vessel [19]. These veins known as “companion veins” (venae comitantes) run

parallel to the AVV feeder or to the largest branches of a main vein, where they

penetrate every 5 to 15 mm [165, 166].

AVV are fewer in number, with smaller diameters (11.6 to 36.6 µm), compared

to VVV (11.1 to 200.3 µm) [166]. Two anatomically distinct patterns of VV can

be observed: first order VV run longitudinally to the host vessel centreline, while

second order VV are arranged circumferentially [167]. AVV consist of layers of

SMC laid around a single layer of EC, and as other resistance arterioles, that can

regulate their tone, are neuronally innervated by sympathetic fibres [167].

Most large muscular arteries exhibit a dense network of vasa in the adventitia

and outer media, which is likely to be related to the wall nutritional needs. When

host vessel thickness exceeds the ability of nutrients to simply diffuse from the

lumen, VV become more dense and penetrate more deeply in the wall [168]. This

observation is in line with the findings that large veins, which have thin walls,

but transport deoxygenated blood, are surrounded by an extensive VV.
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In the past, VV have been described by several authors as a plexus or a

network [169, 170]. However, more recent studies of Gossl et al. and Herbst et

al. have shown using various techniques including micro-CT, micro-embolization

and Scanning Electron Microscopy, that VV show a tree-like structure, and their

function is similar to end arteries [164, 140]. This morphological feature is critical,

as plexi can maintain perfusion of a district, even in the presence of an obstruction,

through shunting and retrograde flow. Conversely, in a tree-like structure, the

occlusion or compression of a proximal segment leads to a stopping of perfusion

in more distal segments [164].

4.1.3 Perfusion Models

The microvascular circulation represents one of the most complex physiological

system in terms of autoregulation and biomechanical interaction. Faithful mod-

elling of tissue perfusion and mass transport is a challenging problem, due to

its inherently integrative nature. Waters et al., in their review on mathematical

methods for coronary vascular biomechanics, highlight the different challenges

faced in developing such models to investigate blood flow and mass transport

in myocardial tissue [171]. Many of these hold true for other organ systems,

including the VV circulation.

First of all, it has to be noted that a wide range of interacting spatial scales

are involved in the modelling, e.g. from micro-scale transport processes to macro-

scale mechanical interactions. When doing so, a further challenge is to embed

the necessary micro-scale information into the larger scale model, without mak-

ing the problems computationally intractable [171]. Lumped parameter models

are a computationally convenient approach, as small-scale structures are repre-

sented by single compartments having average properties. However, they have the

limitation of not representing any significant spatial variation. In homogenised

models, fine-scale properties are spatially-averaged to obtain tissue-scale proper-
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ties; this still represent a computationally efficient method, while retaining most

of the local spatial variations [171].

Chapman and Shipley [172] and Shipley et al. [173] used homogenisation

to study tumor circulation. Stokes flow is prescribed in the capillaries, which

are assumed to form a periodic microstructure, whereas Darcy flow is assumed

in the interstitium and microvasculature, which are treated as a double porous

medium. The Darcy permeability tensors are estimated through canonical ho-

mogenisation from the micro-scale transport. As pointed out by Waters et al.,

significant challenges arise, when the microvasculature needs to be represented

in a physiologically realistic way [171]. The coronary circulation and similarly

the VV are strongly hierarchical structures, arranged in a complex 3D topology,

and exhibit a large spatial heterogeneity of structural and functional parame-

ters. This makes simple homogenised models practically unusable to model VV

circulation. A possible way to overcome this limitation is by dividing the mi-

crovasculature into compartments having similar properties. However, gathering

information about VV network is challenging and a complete description of the

complex topology and geometry of these vascular district is still outstanding.

4.1.4 Vasa Vasorum Perfusion

An aim of this study was to assess the relative importance of luminal and wall

oxygen transport on the onset of hypoxia, rather than to model oxygen transport

at a microscopic level as realistically as possible. For this and the reasons outlined

above, particularly the lack of readily available VV morphological data, it was

decided to use a simplified model of perfusion.

As introduced in Section 3.2.3.1 of Chapter 3, oxygen is assumed to be ex-

changed at a tissue level, between recruited microvessels and the interstitium,

according to Eq. 3.16. The total volume fraction of recruited microvessels is

modulated in response to the local stress/strain conditions.
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Gossl et al. observed that VV present a tree-like structure and therefore, upon

collapse of a proximal microvessel, distal segments are not perfused and blood

flow is diverted towards low-resistance side branches [164]. While there is general

agreement among researchers that VV perfusion can be affected by changes in

wall mechanical conditions, e.g. hypertension, it is still not clear whether VV

compression is driven by intramural stress or deformation/strain, and the problem

deserves further in-vivo and in-vitro studies to clarify this [3, 164, 168, 19].

According to Ritman and Lerman, the branching architecture and anatomical

location of VV determine how VV are perfused. In pressurized vessels, radial

stress is compressive and equal to luminal blood pressure at the endothelium,

while it falls off to zero towards the outer adventitia. As a result, they speculate

that at the radial location where radial stress exceeds the VV perfusion pressure,

no perfusion can be possible [19].

Conversely, Atta et al., who studied vascular remodelling in lower extremity

veins under elevated venous pressure, hypothesize that VV collapse could be

attributed to increased circumferential stretch in the wall. This, in turn, can have

a twofold effect: it activates, via mechanotransduction, pathways responsible for

the the remodelling of the wall and it distorts the wall vasa vasorum, causing an

increase in hydraulic resistance, which reduces the flow. This last effect, along

with an increased metabolic demand could be responsible for wall hypoxia [174].

Furthmore, to support this hypothesis, several studies have shown that the use

of an external support device in coronary artery bypass grafting surgery (CABG)

can potentially increase patency [175]. This is clearly in contrast with the hy-

pothesis that radial compression alone causes hypoxia, as such a device would

expose the wall to even higher compression. However, an external support would

limit the circumferential stretch experienced by VV, maintaining the hydraulic

resistance in a normal range.

To account for both possible collapse mechanisms two distinct models are
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proposed. The stress-based model rests on Ritman and Lerman’s observation

that VV collapse is caused by local radial stress exceeding the microvascular

luminal pressure [19]. Figure 4.1 show typical microvascular pressures collected

in different tissues. While the arteriolar side presents a large spread, the pressure

in capillaries and venules appears to be always below 30 mmHg.
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Figure 4.1: Microvascular luminal pressures from Bohlen et al. [176], Bohlen et
al. [177], Gore et al. [178] and Joyner et al. [179].

Therefore, assuming that no flow is possible in capillaries and arteries, drained

by a specific venule, when that venule is collapsed, a threshold pressure is chosen,

above which the local tissue is not perfused. Specifically, this yields

if − σrr > Pthres then: V f = 0,

else: V f = 1,
(4.1)

where σrr is the Cauchy stress in the radial direction, Pthres is the threshold
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pressure and V f is the normalized VV volume fraction.

The stretch-based model, on other hand, relies on the Atta et al. and Ben-Gal

et al. hypothesis that wall deformation is responsible of VV distortion and their

increase in hydraulic resistance [174, 175]. In particular, these observations are

in line with those of Stylianopoulos et al. that collapsed microvessels are only

found in regions where the circumferential stress is tensile and radial stress is

compressive, and consequently deformation is strongly anisotropic. To quantify

the degree of anisotropy in a deformed body, the following continuum mechanics

definitions are introduced. These will be treated in greater detail in Section 4.4.

The deformation gradient F describes the continuum deformation of a body

in the material description X into the deformed configuration x = χχχ(X), and can

be decomposed through a polar decomposition into the right stretch tensor U

and the orthogonal rotation tensor R:

F = ∂x
∂X

= RU. (4.2)

Information on the stretch tensor can be obtained through eigen-decomposition

of the right Cauchy-Green tensor C (note that both C and U are symmetric and

positive definite) which is defined as follow

C = FTF = UTRTRU = UTU = U2. (4.3)

C can be decomposed in its eigenvectors N1, N2 and N3 and their corresponding

eigenvalues λ2
1, λ2

2 and λ2
3.

C = NΛ2NT = N


λ2

1 0 0

0 λ2
2 0

0 0 λ2
3

NT , U = NΛNT = N


λ1 0 0

0 λ2 0

0 0 λ3

NT .

(4.4)
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Then, the principal stretches of U, λ1, λ2 and λ3 (ordered as λ1 > λ2 > λ3) can

be simply calculated.

An intuitive way to measure the degree of anisotropic distortion was suggested

by Cao, who defined the Distortion Index (DI) to quantify anisotropic expansion

in lungs [180]. DI is defined as twice the ratio of maximum principal stretch λ1

over the sum of the medium λ2 and minimum principal stretch λ3,

DI = 2 λ1

λ2 + λ3
. (4.5)

DI is always larger than or equal to 1, which in incompressible materials such

as arteries (where λ1λ2λ3 = 1) corresponds to no defomation, while large values of

DI indicate an anisotropic deformation. Assuming that the hydraulic resistance
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Figure 4.2: The normalized volume fraction V f is assumed to be inversely pro-
portional to the distortion index, according to Eq. 4.6. Higher values of DI
corresponds to higher degrees of anisotropic deformation. Eq. 4.6 is shown for
increasing values of κ.

in the VV is directly proportional to wall distortion, and that the volume fraction
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of perfused microvessels inversely proportional to local hydraulic resistance, the

following perfusion model is proposed:

V f =
( 1
DI

)κ
, (4.6)

where the exponent κ is arbitrarily chosen to modulate the response of V f to DI.
P

th
re

s σrr

σθθ

σrr

σθθ

(a) Stress-based Model (b) Stretch-based Model

λ1

λ2

λ3

Phyd

Vasa
Vasorum

Figure 4.3: Schematic illustration of the two proposed perfusion models: (a)
Stress-based and (b) Stretch-based. According to the Stress-based model, VV
collapse due to the imbalance between compressive wall radial stress and VV
luminal pressure. On the other hand, according to the Stretch-based model, VV
collapse as an effect of the anisotropic distortion of the wall.

4.2 AVF Surgical Procedure

The intramural stress and strain, to which the wall of an AVF is exposed upon

its formation, are calculated through an idealised numerical framework, using FE
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analysis. The work presented in this chapter was mostly built on that of Gu et al.

and of Cacho et al., who employed FE to study the slit arteriotomy procedure, the

surgical technique used to form AVF [103, 105]. However, considerable differences

can be found between the two studies.

First of all, in the work by Gu et al., shell elements were used to approximate

the wall, under a thin-wall assumption. While this approach can represent a valid

modelling strategy to assess as to whether the slit opens to a width sufficient for

blood supply, to calculate through-the-wall stress and deformation, the vascular

wall has to be modelled as a thick structure, using 3D elements, as in [105].

(a) (b)

(c) (d)

Figure 4.4: Slit arteriotomy procedure: (a) Step 1-2, (b) Step 3, (c) Step 4, (d)
Step 5. Courtesy of Mr. Jeremy Crane.
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Brachial Artery
Cephalic Vein

(a)

(b)

(c)

(d)

Figure 4.5: Slit arteriotomy procedure: (a) An incision is performed at the ante-
cubital fossa to expose the brachial artery and cephalic vein. (b) The vein and
artery are mobilised and clamped to interrupt blood flow. An arteriotomy is
created in the artery. (c) The vein margins are stitched to the recipient artery,
along the margins of the arteriotomy. (d) The clamps are released and blood flow
is restored.
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Furthermore, an isotropic hyperelastic constitutive law was used to model

arterial tissue. However, this material fails to represent the typical stress stiffening

observed in healthy blood vessels [104]. To overcome this limitation, Cacho et

al. employed the hyperelastic anisotropic material proposed by Gasser et al.

[106], which represents the state-of-the-art in vascular biomechanics, allowing to

capture the typical stress stiffening due to the embedded collagen fibres.

Finally, the work of Cacho et al. presents a further improvement over that

of Gu et al., as residual stresses were included in the simulation. In Gu’s model,

residual stresses are considered to be negligible, however, several authors have

shown that including them is essential, for realistic modelling of the wall me-

chanics [181, 182].

From a mechanical standpoint, the surgical procedure can be divided in the

following steps:

1. The brachial artery and cephalic vein are compressed by vascular clamps,

to temporarily interrupt blood flow;

2. A section of the vein is mobilised and cut transversely;

3. An arteriotomy is created on the recipient artery over a length that slightly

exceeds the diameter of the cephalic vein;

4. The vein is stretched and stitched onto the recipient artery along the mar-

gins of the arteriotomy;

5. Clamps are released and blood flow is restored.

4.3 Governing Equations

For a given deformable body Ω, having surface Γ, conservation of momentum

states that the time rate of change of the total linear momentum equates to the
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vector sum of all the external forces acting on the body, which in Lagrangian

form can be expressed as:

∫
Γ

T(n)dΓ +
∫

Ω
ρbdΩ = D

Dt

∫
Ω
ρvdΩ, (4.7)

where ρ is the material density, T(n) is the traction vector, which represents the

external surface forces per unit area, b represents the body forces per unit volume,

D/Dt is the material derivative and v the velocity vector.

The traction vector T(n), which acts in the direction n, can be expressed in

terms of the Cauchy stress tensor σσσ, according to Cauchy’s theorem T(n) = σσσ ·n.

This formula can be substituted back in Eq. 4.7, and under the assumption of

constant density, it yields

∫
Γ
σσσ · ndΓ +

∫
Ω
ρ
(
b− Dv

Dt

)
dΩ = 0. (4.8)

Applying the divergence theorem to Eq. 4.8 it yields:

∫
Ω

[
∇ · σσσ + ρb− ρDv

Dt

]
dΩ = 0. (4.9)

Finally, localizing the integral yields Cauchy’s first equation of motion for a

generic body in material description:

∇ · σσσ + ρb− ρDv
Dt

= 0, (4.10)

which assuming no body forces and static equilibrium (i.e. no accelerations),

reduces to

∇ · σσσ = 0. (4.11)

Equation 4.11 is solved in Abaqus/Standard, in a weak form, using the virtual

work principle, under compatible boundary conditions. As the virtual work equa-
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tion is a non linear function of the displacement field, it is solved by iteration,

using a Newton-Raphson method.

4.4 Constitutive Law

Healthy vessels are highly deformable structures, having a non-linear stress-strain

response with a typical stiffening at physiological strain levels, due to the en-

gagement of anisotropically distributed wavy collagen fibrils, embedded inside an

unstructured mesh of elastin fibres [102, 104, 183]. Their walls are composed of

three distinct concentric layers, the intima, the media and the adventitia [106].

As observed by Gasser et al., each layer presents a complex organization of

fibroblasts, smooth muscle cells, water, different families of collagen fibrils and a

network of elastin fibres [106]. Based on the histology, blood vessels are mechan-

ically classified as ‘mixture composites’, having solid components immersed in a

fluid matrix, but for many problems of interest, the wall is commonly regarded

as a homogenised solid [184].

Collagen fibres are undulated, or crimped, in their natural state and, in blood

vessels, anisotropically distributed about two principal directions forming a dou-

ble helix [184, 182]. Elastin fibres are straight in their unstressed state and

less stiff than collagen fibres, being able to withstand large stretches and re-

versibly recoil in their original shape. Conversely, collagen is not engaged at small

stretches, but becomes the predominant stress-bearing component of tissues at

high stretches [184]. In addition, given the high water content, at physiological

loads, blood vessels are normally modelled as nearly-incompressible solids [185].

Testing of vascular tissue exhibits a pronounced visco-elastic response under

high strain-rate, and a stress-softening hysteresis within the first few cycles of

loading. The visco-elastic effect was first included by Fung, in his model of

arterial tissue [186], but can be normally neglected when modelling materials

in the low strain-rate regime. In addition, once the tissue is ‘pre-conditioned’
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through a few initial cycles of loading, it may be treated as pseudo-elastic and all

inelastic phenomena can be neglected [106].

A large number of constitutive models exist in the literature. These can be

classified into models based on a purely phenomenological approach and struc-

tural models, based on the underlying histology. In [106], Gasser et al. offer

an exhaustive overview of the principal models. While purely phenomenological

models [182, 106, 187, 188] often provide good fit to experimental data, a major

limitation is that their constitutive parameters do not bear any physical meaning

and thus have limited predictive capabilities [184].

Structural models [189, 190, 191, 192, 193], on the contrary, are based on

parameters that can potentially all be measured experimentally. However, the

unavailability of these micro-structural properties, e.g. fibre undulation and ori-

entation, makes these models not readily available for use. Furthermore, no agree-

ment can be found in the literature on the mechanism underlying the crimped

fibre recruitment [184]. Finally, these models often present formulations that

are not suitable for an convenient FE implementation, to investigate clinically

relevant problems.

Simpler phenomenological models include exponential, Truesdell-like models

for neo-Hookean and Mooney-Rivlin materials [194]. In these models, the strain

energy function is a linear combination of the invariants of the left Cauchy-Green

deformation tensor, which allows for a simple implementation and parameter esti-

mation. This class of models, originally developed to study plastic and rubber-like

materials, is still used extensively to predict the behaviour of biological tissues.

However, experimental work shows that they might not be suitable for modelling

anisotropic tissues such as arteries [195].

Early work on biological tissues carried out by Fung [196] showed that the

stress in rabbit mesentery under uniaxial tension appears to increase exponen-

tially as a function of increasing stretch. Based on these results, Fung et al.
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suggested several forms of an exponential strain energy function, as a function

of the Green-Lagrange strain [197]. This stress-strain relationship appears to

approximate the behaviour of many biological soft tissues well, but only in a

phenomenological sense, as there is no microstructural basis for the choice of the

exponential function. In addition, while this is a widely adopted constitutive law,

the convexity of these Fung-type potential depends on the choice of its parame-

ters and a simple fitting of the model can result in non-convexity of the potential

[182].

In 2001, Holzapfel et al. introduced a more general fibre-reinforced consti-

tutive material, often referred to as the Holzapfel-Gasser-Ogden (HGO) model,

which was developed to model concentric arterial layers [182]. Two families of col-

lagen fibres are embedded in an isotropic non-collagenous matrix and subjected to

uniaxial strain, resulting from the macroscopic strain tensor, and perfect matrix-

fibre bonding is assumed. Collagen fibres have no response to compressive loading

as they would buckle under compression and the stress-stretch law is described in

a phenomenological sense. Arguably, this strain energy function represents one of

the most significant developments in soft tissue biomechanics in the last 20 years.

This model, in fact, has the clear advantage of retaining mathematical simplicity,

whilst providing the required anisotropic and ‘exponential-shaped’ stress-strain

behaviour, common to many biological materials. More recently, the HGO model

have been further developed to account for dispersion of the collagen fibres about

their principal direction [106]. For the above mentioned reasons, it was decided to

adopt a strain energy function of the HGO family, for the simulations presented

in this chapter. The main features of the model will be discussed in the next

section.
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4.4.1 Hyperelastic Strain Energy Function

Let Ω0 ⊂ R3 be the reference configuration of a continuous body and χχχ : Ω0 →

Ω the deformation field that transforms the material point X ∈ Ω0 into the

deformed configuration x = χχχ(X) ∈ Ω with Ω ⊂ R3. Let F(X) = ∂x/∂X

be the the deformation gradient and J(X) = det(F(X)) the local volume ratio.

The deformation gradient, using the multiplicative decomposition, can be divided

F = (J1/3I)F̄ into a spherical J1/3I and a distortional part F̄. Right and left

Cauchy-Green tensors (respectively C and B), and the modified counterparts

(respectively C̄ and B̄) are defined as

C = FTF = J2/3C̄, C̄ = F̄T F̄,

B = FFT = J2/3B̄, B̄ = F̄F̄T .
(4.12)

Two families of fibres are embedded in the continuum, and their directions are

described by the referential vectors a1, a2 and the relative second order tensors

A1 = a1 ⊗ a1,A2 = a2 ⊗ a2 which characterize the tissue structure. Also, the

unimodular push-forward of each fibre direction can be calculated as āi = F̄ai.

For a material with two reinforcing fibres, the following invariants exist:

Ī1 = tr(C̄), Ī2 = 1
2

[
Ī1

2 − tr(C̄2)
]
, Ī3 = det(C̄),

Ī4 = a1 · C̄ · a1 = C̄ : A1, Ī5 = a1 · C̄2 · a1 = C̄2 : A1,

Ī6 = a2 · C̄ · a2 = C̄ : A2, Ī7 = a2 · C̄2 · a2 = C̄2 : A2,

Ī8 = [a1 · a2] a1 · C̄ · a2, Ī9 = [a1 · a2]2 .

(4.13)

Then, let Ψ(C,A1,A2) be a Helmholtz free-energy function, defined per unit

reference volume. Its decoupled form is adopted, and Ψ is divided into U(J) and

Ψ̄(C̄,A1,A2), respectively the purely volumetric and purely isochoric contribu-

tions.

An energy conjugate pair of objective tensors, such as P and F, is chosen,
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where P is the first Piola-Kirchhoff stress tensor. In pure deformation processes,

which do not involve thermodynamic changes, internal energy dissipation is equal

to zero, which describes a reversible process. Under this condition, the well-known

Clausius-Planck inequality, becomes:

Dint = P : Ḟ− ∂Ψ
∂t

= σσσ : D− ∂Ψ
∂t

= 1
2S : Ċ− ∂Ψ

∂t
= 0, (4.14)

where Dint denotes the internal dissipation, Ḟ the material time derivative of the

deformation gradient, Ḟ the material time derivative of the deformation gradi-

ent, D the rate of deformation tensor, σσσ the Cauchy stress, S the second Piola-

Kirchhoff stress tensor and P : Ḟ, σσσ : D, 1/2 S : Ċ the stress powers. This means

that the rate of change of the strain energy density can be expressed as the stress

power
∂Ψ(F)
∂t

= P : Ḟ = σσσ : D = 1/2 S : Ċ. (4.15)

The rate of change of Ψ(F) can be evaluated also as:

∂Ψ(F)
∂t

= ∂Ψ(F)
∂F

: ∂F
∂t

= ∂Ψ(F)
∂F

: Ḟ, (4.16)

and subsituting 4.16 in 4.15 yields

P : Ḟ = ∂Ψ(F)
∂F

: Ḟ. (4.17)

As 4.17 must be true for a generic Ḟ, then

P = ∂Ψ
∂F

, (4.18)

and choosing the pair of objective tensors S and E, respectively the second Piola-
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Kirchhoff stress tensor and the Lagrangian finite strain tensor,

S = ∂Ψ
∂E

, (4.19)

and as C = 2E + 1,

S = 2∂Ψ
∂C

. (4.20)

The second Piola-Kirchhoff stress S = 2∂Ψ(C,A1,A2)/∂C can now be de-

coupled into S = Svol + S̄ with Svol = 2∂U(J)/∂C and S̄ = 2∂Ψ̄(C̄,A1,A2)/∂C.

The following standard results can also be required:

∂J

∂C
= 1

2JC−1,
∂C̄
∂C

= J−2/3
(
I− 1

3C̄⊗ C̄−1
)
, (4.21)

with I, the fourth-order identity tensor, defined as

Ii,j,k,l = δi,kδj,l + δi,lδj,k
2 , (4.22)

being δi,j the Kronecker delta. After some manipulations, Equation 4.22 becomes

Svol = pJC−1, S̄ = J−2/3P̄ : S̃, (4.23)

with p = ∂U/∂J hydrostatic pressure, the isochoric contribution S̃ = 2∂Ψ̄/∂C̄

and the fourth-order projection tensor P̄ = I − 1
3C̄ ⊗ C̄−1, which represents the

deviatoric operator in Lagrangian description. When the material is incompress-

ible, p = ∂U/∂J becomes a Langrange multiplier and is indeterminate from the

deformation alone. The Kirchhoff stress tensor τττ = Jσσσ can be defined through a

push forward of S ,

τττ vol = pJI, τ̄ττ = P : τ̃ττ (4.24)

with τ̃ττ = 2F̄(∂Ψ̄/∂C̄)F̄T and P = I− 1
3 Ī⊗ Ī the deviatoric operator in Eulerian

description. The following strain energy function proposed by Gasser et al. [106]
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is used. It is assumed that the isochoric part Ψ̄ of the strain energy function can

be obtained by superposition of an isotropic and anisotropic contribution,

Ψ̄(C̄,A1,A2) = Ψ̄iso(C̄) + Ψ̄aniso(C̄,A1,A2). (4.25)

The well-known incompressible isotropic Neo-Hookean model is used to model

the non-collagenous groundmatrix,

Ψ̄iso(C̄) = C10

2
(
Ī1 − 3

)
, (4.26)

where C10 denotes the Neo-Hooken parameter. For a given fibre direction, Gasser

et al. define a generalized structure tensor Hi = kI+(1−3k)ai⊗ai and its push-

forward h̄i = kB̄ + (1 − 3k)āi ⊗ āi which represent the fibre dispersion in an

‘integral sense’ and describe the degree of anisotropy.

In order to model the transversely isotropic contribution of the i-th family of

embedded collagen fibres, Gasser et al. assumes the following exponential law,

Ψ̄aniso(C̄,A1,A2) =
∑
i=1,2

Ψ̄f i(C̄,Hi), (4.27)

where

Ψ̄f i(C̄,Hi) = k1

2k2
{exp

[
k2(Ei)2

]
− 1}, (4.28)

and Ei = tr(h̄i) − 1. Parameters k1 > 0 and C10 > 0 are stress-like, while

k2 > 0 and k ∈ [0, 1/3] are dimensionless. Particularly, k represents the fibre

dispersion; when k = 1/3 the material can be considered isotropic (as the fibres

are completely dispersed) while for k = 0 no fibre dispersion is present, meaning

that the fibres are perfectly aligned.

As already introduced in 4.24, the Kirchhoff stress tensor τττ can be obtained as

the deviatoric part of τ̃ττ . The isochoric Neo-Hookean part of τ̃ττ can be determined

as τ̃ττ iso = C10B̄, a well-known result from the literature. The transversely isotropic
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contribution can be determined for each i-th fibre as S̃f i = 2∂ Ψ̄f i/∂C̄ = 2Ψ̄′f iHi.

The Kirchhoff stress, calculated as the push-forward of second Piola Kirchhoff

tensor, is ˜τττ f i = 2Ψ̄′f ihi, where Ψ̄′ = k1Eiexp(k2Ei
2) [106]. A convenient approach

to enforce the incompressibility constraint is based on a ‘penalty method’. In this

approach, a penalty term, Ψvol(J), associated to the volumetric strain is added

to the strain energy function

Ψvol(J) = B
(J2 − 1)

2 , (4.29)

where B is the material bulk modulus. Full incompressibility is enforced asymp-

totically for B →∞ which corresponds to a Poisson’s ratio ν → 0.5.

4.4.2 Tangent Modulus Calculation

The anisotropic hyperelastic law, presented in the previous section, was imple-

mented into the commercial implicit FE code Abaqus/Standard 6.13-2, via a

customised Fortran User-Material (UMAT) subroutine. Abaqus 6.13-2 provides

an implementation of the HGO material. However, in this implementation the

structure cannot be pre-loaded with residual strains, thus it cannot be used to

model residual stresses.

Non-linear initial boundary-value problems are usually solved using a Newton-

iterative method. The tangent modulus tensor, which is used as an iterative

operator in the Newton scheme, needs to be calculated for each integration point,

to ensure fast convergence of the solver. Analytical determination of this fourth-

order tensor is non-trivial.

Sun et al. determined an efficient numerical approximation that can be eas-

ily implemented in FE codes, regardless of the chosen material model [198].

Abaqus/Standard, as many other implicit FE softwares, requires to define the

tangent modulus tensor in a corotational, or Jaumann, reference frame. This
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tensor representation can be derived from the Jaumann rate of Kirchhoff stress,

written as:
O
τττ = τ̇ττ −Wτττ − τττWT = Cτ J : DDD, (4.30)

where WWW and DDD are respectively the symmetric and antisymmetric part of LLL

the spatial velocity gradient and Cτ J is the Jaumann tangent modulus tensor.

Following Miehe [199], a linearised incremental form of 4.30 can be written as:

∆τττ −∆Wτττ − τττ∆WT = Cτ J : ∆DDD, (4.31)

where
∆DDD = ∆FFFFFF−1 + (∆FFFFFF−1)T

2 ,

∆WWW = ∆FFFFFF−1 − (∆FFFFFF−1)T
2 .

(4.32)

The (i,j) component of ∆DDD corresponds to

∆DDD(i,j) = ∆FFF (i,j)FFF−1 + (∆FFF (i,j)FFF−1)T
2 . (4.33)

∆FFF (i,j) is the perturbation of FFF on its (i,j) component:

∆FFF (i,j) = ε
ei ⊗ ejFFF + ej ⊗ eiFFF

2 (4.34)

and from 4.34 and 4.32:

∆DDD(i,j) = ε
ei ⊗ ej + ej ⊗ ei

2 ,

∆WWW (i,j) = 0.
(4.35)

Then the perturbed gradient is F̂FF
(i,j)

= FFF + ∆FFF (i,j) and the perturbed Kirchhoff

stress is ∆τττ ≈ τττ(F̂FF
(i,j)

)− τττ(FFF ) and from 4.31 we obtain τττ(F̂FF
(i,j)

)− τττ(FFF ) ≈ Cτ J :

ε ei⊗ej+ej⊗ei2 . The components of Cτ J obtained from a perturbation ∆FFF (i,j) are
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calculated as

Cτ J (i,j) ≈ τττ(F̂FF
(i,j)

)− τττ(FFF )
ε

. (4.36)

Therefore, to calculate the 21 components of the 6×6 symmetric tangent mod-

ulus tensor, the deformation gradient has be to perturbed 6 times. Sun et al.

determined an optimal value for ε = 10−8, resulting in the minimum number of

increments [198]. This numerical approximation was adopted to calculate the

tangent modulus tensor, in the Fortran UMAT implementation.

4.5 Residual Stress

At the unloaded state - when all external loads acting on vascular tissues are

removed - blood vessels are not stress-free. In fact, experimental evidence suggests

the existence of residual stresses within the wall [200]. Transversally cutting a

blood vessel causes it to spring back along its axial direction,revealing the presence

of an internal axial stress field, while longitudinal cuts release circumferential

stress, making the ring of tissue open up. Furthermore, it has been shown that

residual stresses may play an important role on the stress distribution within the

arterial wall [201], thus, including them in the analysis is essential for realistic

modelling of the wall mechanics

A widely used method to obtain information about the stress-free configu-

ration is the so-called “opening angle method”. The experiment consists in two

parallel cuts, to obtain a thin ring of vascular tissue, and a longitudinal cut, made

through the ring. Typically, the ring opens up releasing almost all the residual

stress in the artery. In previous numerical analyses, residual stresses have been

included in FE analysis, by applying suitable boundary conditions, starting from

the opened up configuration, and displacing all the nodes along the cut edges, to

obtain the closed configuration [105]. However, this method is impractical and

presents various limitations, especially on patient-specific 3-D geometries. To
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overcome this problems in the present study, it was decided to use the approach

described by Alastrué et al [181].

σ = 0σ = 0σ = 0

Ωsf

σσσ = σσσ(FFF 0)

Ω′lf

σσσ = σσσ(FFFOA)Ωlf

FFF 0 = FFFCOMPFFFOA

FFFOA FFFCOMP

Figure 4.6: Pre-strain is included in the reference closed configuration Ωlf , to
account for the residual stresses due to the opening angle experiment. Enforcing
equilibrium, a compatible deformation tensor FCOMP , that maps Ωlf in Ω′lf , can
be found.

This method is based on the work of Chuong and Fung [202], who assumed

that the deformation from the open to the closed configuration was a plane strain

deformation, particularly pure bending. Let Ωsf be the initial stress-free state,

and Ωlf a successive state, that can be reached through a non-compatible de-

formation tensor FOA that enforces residual stresses. Since FOA may lead to an

unbalanced situation, a third state Ω′lf enforcing equilibrium is required, with

FCOMP a compatible deformation tensor that maps Ωlf in Ω′lf . These two con-

figurations should be similar, and thus FCOMP ∼ I (see Fig. 4.6).

An analytical approximation of FOA can be calculated pointwise, using the

work of Chuong and Fung. A bending moment is applied to the open configuration

Ωsf to get the closed configuration Ωlf (see Fig. 4.7). The cylindrical coordinate

system identified by {ER,EΘ,EZ} is defined for Ωsf and {er, eθ, ez} for Ωlf .

Assuming material incompressibility, the transformation that takes {R,Θ, Z} into
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{r, θ, z} is:

r =

√√√√R2 −R2
i

βλz
+ r2

i , θ = βΘ, z = λzZ, (4.37)

where β = 2π/(2π−α) is a measure of the opening angle, α is the opening angle,

and λz, assumed constant, is the axial stretch. Also, the other two principal

stretches can be determined,

λr = ∂r

∂R
= R

rβλz
, λθ = r

R

∂θ

∂Θ = βr

R
. (4.38)

The incompressibility restriction prescribes that λrλθλz = 1 and thus FOA can

be written as:

FOA = (λθλz)−1er ⊗ ER + λθeθ ⊗ EΘ + λzez ⊗ EZ , (4.39)

FOA is implemented in Abaqus, through a Python macro. The stretches are

calculated analytically and written to a file, for each Gauss point of the grid. At

the beginning of the analysis, the residual stress deformation gradient is loaded in

the Fortran UMAT and the deformation gradient is pre-multiplied by FOA. Then,

a static equilibrium step is solved, and a compatible pre-stressed configuration is

found.

Θ

 α

L

R

Ro

Ri

Z
Ωsf

θ

l

r

ro

ri

z
Ωlf

FOA

Figure 4.7: Open Ωsf and closed Ωlf configurations. FOA can be analytically
estimated assuming pure bending and plane strain, from [202].
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4.6 Benchmarks

4.6.1 UMAT Benchmark

To verify the UMAT subroutine implemented in Fortran, it was decided to repli-

cate the uniaxial tensile tests on adventitial strips, carried out by Gasser et al.

in [106]. Abaqus 6.13-2 provides an implementation of the model of Gasser et

al., which was used as a benchmark. For the tests, circumferential and axial

specimens were considered. It was assumed that the mean orientations of the

families of collagen fibres a1 and a2 have no radial component, and the following

material parameters C10 = 7.64 kPa, k1 = 996.6 kPa, k2 = 524.6 and struc-

ture parameters γ = 49.98◦, k = 0 and k = 0.226 were chosen. The angle γ

represents the angle between the circumferential direction and the fibres mean

orientation. Adventitial strips of length L = 10.0 mm, width W = 3.0 mm and

thickness T = 0.5 mm are considered throughout this test. Results for the 4

different cases are shown in Figure 4.8. Figure 4.9 illustrates the predicted ten-

sile load/displacement (T/u) response. Here u and T denote the displacement

between the two strips ends, and the force acting there. As noted by Gasser, in

case of perfect alignment (k = 0, Figure 4.8(a)-(c)), the collagen fibres need to

rotate nearly into the loading direction before they can carry load [106], which

causes a large extension in the radial direction. In turn, the incompressibility

constraint causes a decrease in width of the specimens. By contrast, for the ma-

terial presenting fibre dispersion (k = 0.226, Figure 4.8(b)-(d)), less rotation of

the collagen fibres is required before they carry load, which results in a stiffer

response of the specimens. Good agreement between the Abaqus HGO material

and the implemented User Material is shown in Figures 4.8 and 4.9.
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UMAT

Subroutine

Abaqus-6.13

HGO-Material

(a) (b) (c) (d)

Cauchy Stress (Pa)

0.5× 106 1.5× 106

Figure 4.8: Cauchy stress in the direction of the applied load in an iliac adventitial
strip in the axial (a-b) and circumferential (c-d) directions. Results are shown for
1.0 N tensile load and for different values of dispersion (k = 0.0 in (a) and (c),
k = 0.226 in (b) and (d)). Results on the top half are obtained using the Abaqus
HGO material, on the bottom half using the UMAT subroutine.
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Figure 4.9: Computed tensile load/displacement (T/u) response of the circum-
ferential and axial specimens. Dashed and dotted curves are with (k = 0.266)
and without (k = 0) dispersion of the collagen fibres. Results obtained using the
implemented UMAT subroutine are in solid lines, using Abaqus HGO material
are in dots.

4.6.2 Residual Stress Benchmark

A simple two-dimensional benchmark was conducted to assess, on a ring of vas-

cular tissue, the effectiveness of the method proposed by Alastruè et al. [181] .

A ring of adventitial tissue, with material parameters chosen to test the UMAT

subroutine, is initially pre-stressed. An initial closed configuration having outer

radius ro = 0.00243 m and wall thickness T = 0.00043 m is used. The residual

stress field is then defined by means of an opening angle α = 110◦, an outer

radius Ro = 0.0036 m and longitudinal stretch λz = 1.0. Residual stress is ini-

tially applied to a thin ring of adventitial tissue. Subsequently, after the ring is

cut longitudinally, it opens up, releasing almost entirely the residual stresses (see

Fig.4.10). Further, it can be noted that the measured opening angle in Fig.4.10-

(c) (112◦) is very close to the initial α used to compute the residual deformation

gradient.
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112deg

(a) (b) (c)

−1.5× 103 3.0× 103

Figure 4.10: Circumferential stress in a ring of venous tissue, after the applica-
tion of residual strain (a), at 50% of the equilibrium step (b) and for the open
configuration (c). When the ring is opened, residual stresses are almost entirely
released.
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Figure 4.11: Radial σrr, circumferential σθθ and axial σzz stress in a ring of
adventitial tissue, after the application of residual stress. Solid line: applied
residual stress; dashed line: 50% of the equilibrium step; dotted line: end of the
equilibrium step.

4.7 Reference Configuration for the FE Model

For the sake of simplicity, it was assumed that both the host artery and vein

run parallel and are located in the same plane. Their geometry was created by

sweeping a circular cross-section of constant radius, along the straight vessel cen-

treline. This assumption clearly does not allow one to fully represent the totality
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of brachio-cephalic AVF configurations, some of which exhibit non-planarity and

a large spectrum of geometric features, such as curvature and taper. However,

such an assumption was assumed to be as a good first approximation of the initial

geometry, to characterise the state of stress and strain, in newly formed AVF.

Artery Vein

Parameter Value Reference Value Reference Units

R 2 [203] 2 [204] mm

T 0.43 [203] 0.2 [204] mm

Tv 0.3TA [164] 0.5TV [140] -

L
60

(15×2RA) - 52
(13×2RV ) - mm

AVF Dimensions

Parameter Value Units

a 3.2 mm

b 0.8 mm

da - v 25 mm

Lm 20 mm

Table 4.1: Geometric parameters used to construct the FE model, shown in
Figure 4.12.

A value of 2.0 mm was used for the radii of both vessels, at the unloaded state.

Constant wall thicknesses of 0.43 mm and 0.2 mm were chosen respectively for the

artery and the vein, in line with in-vivo measurements [203, 204]. The wall was

divided into two layers of constant thickness, corresponding to the intima-media

and adventitia layers, which represent respectively the avascular and vascular

portion of the wall. The vascular layer was assumed to occupy the external third
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of the host artery wall (Tv -A = 0.3 TA) [164, 205], and the external half of the

vein wall (Tv -V = 0.5 TV ) [140].

z

y ∗

da - v

LA/2 LA/2

LV

Lm

xPAI

DVO

DAO

A

(a)

R TTv

Θ
γγ

Z a1a2

(b)

∗

a
b

(c)

Figure 4.12: (a) Schematic illustration of the idealised model of native brachial
artery and cephalic vein, used to form the AVF; (b) diagram showing the mean
orientation of two families of collagen fibres a1 and a2 and the vascular and
avascular layers; (c) close-up view of the anastomosis site on the artery: in dark
gray, the elements removed to form the elliptical arteriotomy.
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This represents a common practice in several numerical studies [105, 5, 11],

as healthy blood vessels normally show constant wall thickness. In addition the

current imaging resolution of MRI and CT scans, does not allow to distinguish

the wall and more importantly the layers from the vessel lumen. More invasive

techniques, such as intravascular ultrasound, would be required to obtain an exact

wall characterization.

The distance da - v, between the brachial artery and cephalic vein centrelines,

was chosen to be 25 mm, in line with geometries reconstructed from patient

specific MRI scans [44]. To ensure the reduction of any boundary effect, artery

and vein length, LA and LV , were chosen, respectively, to be equal to 15 and

13 diameters, and the centre of anastomosis is located in the middle of the host

artery. The goodness of this assumption was checked a-posteriori, by verifying

that no stress concentration appears near the domain boundaries.

The autogenous brachio-cephalic access is normally formed in the upper arm

across the antecubital fossa, along the cephalic/median antecubital vein. The

vein is dissected free from the surrounding tissue for approximately 3-4 cm [206].

The vein must be mobilised sufficiently to deliver it medially, into the deeper

plane where the artery resides. Depending on the local vascular anatomy, the

length of available vein can vary, producing tighter and loopier geometries [51].

In the idealised model shown in Figure 4.12, the length of mobilised vein Lm = 20

mm identifies the excess of vein from the anastomosis centre, projected onto the

vein centreline.

Two main types of arteriotomy, slit and elliptical/oval, are reported in the

literature for end-to-side anastomosis. While no significant difference in patency

rates were observed by Zoubos et al. between the two procedures, the elliptical

arteriotomy appears to facilitate suture placement and overall leads to lower

aneurysm formation [207]. Scheltes et al. speculate that this better outcome

could be attributable to the reduction of stress concentration, in comparison



126 Chapter 4. Developing a Model of Arterio-Venous Fistulae Surgery

with the slit arteriotomy, which can reduce the risk of tearing and endothelial

damage [208].

An ellipse, having semi-minor axis b = 0.8 mm and semi-major axis a =

4b = 3.2 mm, was projected onto the vein surface (see Figure 4.12) and used

to model an elliptical arteriotomy. Parameters a and b were chosen so that the

ellipse perimeter matched the vein perimeter, to ensure proper contact between

the faces and avoid kinking.

4.7.1 Boundary Conditions

A local cylindrical reference frame is defined for each of the PAI, DAO and DVO

faces (see Figure 4.12). The displacement of the nodes on these faces is fixed in

the local longitudinal and angular direction, which corresponds to the following

boundary conditions

dθ = 0 , dz = 0, (4.40)

with dθ = 0 and dz = 0 displacements in the longitudinal and angular directions,

respectively.

A uniform pressure load is applied to the elements on the luminal surface

which corresponds to the following equation

σσσ · n = pdiast, (4.41)

where σσσ is the Cauchy stress tensor, n the local surface normal and pdiast the

applied diastolic pressure.

4.8 Mechanical Parameters

Due to the lack of readily available mechanical properties in the literature for

brachial arteries and cephalic veins, the values of the material parameters used
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in the HGO constitutive model, shown in Table 4.2, were determined based on

measurements available for blood vessels, that have similar size and properties.

Furthermore, due to the lack of layer specific tensile tests measurements, each

vessel was treated as a single layer of homogenous material, having average me-

chanical properties.

Specifically, parameters for the brachial artery (BA) were calculated based on

uniaxial tensile tests of common carotid arteries (CCA) [209], by fitting the HGO

constitutive model to axial and circumferential stress-stretch curves, according

to the method described by Holzapfel et al. in [143]. In fact, BA and CCA have

similar diameter and thickness, are exposed to similar pressures and located close

in the circulatory system, and show similar stiffness.

Saphenous veins (SV) were used as a surrogate for the cephalic veins (CV).

CV and SV are both superficial, peripheral veins that have similar dimensions and

have been used interchangeably, depending on the availability, as bypass grafts

[210, 211]. The main difference between the two vessels resides in the different

hydrostatic pressure acting on them - due to the erect posture, lower limb veins

are exposed to high transmural pressures than arm vessels. Eiken et al. observed

that CV exhibit similar distensibility to SV and are only slightly more distensible

at higher pressures, probably due to the thinner wall [212]. Parameters for the CV

were taken from the work of Vesely et al., who studied the mechanical properties

of SV used for CABG [213]. The mean collagen fibre orientations a1 and a2 were

defined in a local element basis (see Figure 4.12-(b)), as forming an angle of γ

and π − γ, with the local circumferential direction ΘΘΘ.

In order to reliably predict the stress state in the wall, residual stresses were

included in the simulation, according to the method proposed by Alastruè et al.

and described in Section 4.5 [181]. An opening angle of 110◦ and axial pre-stretch

od λz = 1.05 were used for the brachial artery, based on the measurements of

Delfino et al. [214], and an opening angle of 120◦ and axial pre-stretch od λz = 1.0
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were used for the cephalic vein, based on the measurements of Vesely et al. [213].

Artery Vein

Parameter Value Reference Value Reference Units

C10 88.5 [209] 5.3 [213] kPa

k1 490 [209] 2.5 [213] kPa

k2 33.2 [209] 31 [213] -

k 0.1 [209] 0.01 [213] -

γ 42.5 [209] 41 [213] deg

Table 4.2: Material parameters for the HGO strain energy function.

4.9 Computational Grid

The geometry of the reference configuration, shown in Figure 4.12, was discre-

tised using ∼ 420K elements, ∼ 164K in the artery and ∼ 256K in the vein.

Three-dimensional, first-order, reduced-integration, hexahedral elements (Abaqus

- Standard C3D8R brick elements) were used to mesh the structure [215]. The

use of such elements is motivated by the fact that first-order fully-integrated el-

ements, under bending-dominated problems, experience overly stiff behaviour.

This effect is called “shear locking” and is caused by energy going into shearing

the element rather than bending it.

Reduced-integration elements, having less integration points, exhibit lower

stiffness than fully-integrated elements, but are more prone to “hourglassing”, a

spurious deformation mode, resulting from the excitation of zero-energy degrees

of freedom. Typically, it manifests as a patchwork of zig-zag or hourglass like

element shapes, where individual elements are severely deformed, while the overall
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mesh section is undeformed. Hourglassing can be evaluated in terms of energy

and generally be reduced by having a minimum number of elements, through

the section experiencing bending. To reduce hourglassing, in all simultions, eight

elements were used through the wall thickness.

Reduced-integration elements also helps to reduce volumetric-locking. The

incompressibility restriction would be numerically ill-posed, if discretised using a

classical formulation. Spurious pressure stresses develop at the integration points,

causing an element to behave too stiffly for almost isochoric deformations [215].

4.10 Simulation Procedure

A series of non-linear static and quasi-static equilibrium steps were used to model

the surgical procedure. Prior to anastomosis, the cephalic vein was mobilised

and cut transversally at 90◦, with respect to the vessel axis. The artery and the

vein, initially unloaded at the beginning of the analysis, were pre-stressed, by

applying the opening angle deformation gradient FOA, calculated from opening

angle parameters and local Gauss point coordinates. Then, a displacement field is

applied to the nodes located on the newly cut distal vein end, so that they match

the margins of the anastomosis opening (see Figure 4.13(b)). The displacement

field was determined by mapping the nodes on the vein end over the arterial wall,

using the Laplacian mesh deformation proposed by Sorkine [216].

Once this is achieved the host artery and the vein were mechanically attached

and the anastomosis was created, by removing elements contained in the ellipse

shown in Figure 4.12-(c) and 4.13. This mechanical tie was modelled as a hard

contact with a surface-to-surface formulation and solved using Lagrange multi-

pliers. After contact between the parts was established, normal and tangential

relative motion between the faces was prohibited.

This mechanical attachment mimics the effect of the suture, with the exception

that the vein and host artery material are not pressed together by the stitches.
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(a) (b) (c) (d)

Figure 4.13: In dark gray, elements on the newly cut distal vein end, in light
gray, brachial artery. (a) Reference configuration; (b) nodes on the vein end are
mapped and tied to the arterial wall; (c) elements on the artery wall are removed
to form an elliptical arteriotomy; (d) loaded configuration.

In addition, during the actual surgical operation, depending on the geometries

and material properties of the vessels, this step may lead to vessel injury, and

consequently to anastomotic remodelling or healing, which contributes to peri-

anastomotic IH formation [2].

After the vessels are connected, a static step was used to allow the structure

to reach equilibrium (Figure 4.13-(c)). Then all the wet internal surfaces were

pressurised to the arterial systolic pressure, which was assumed to be 16 kPa

(120 mmHg). Finally the distal vein end (DVO) was brought to its final position,

shown in Figure 4.14-(e), and the internal pressure lowered to 13.33 kPa (100

mmHg). This sequence of steps was chosen, rather than the actual surgery,

to speed-up convergence. In fact, bending the thin unloaded vein can lead to

buckling, which is known to sensibly slow down convergence. In all the steps,

nodes on the PAI, DAO and DVO faces were simply supported and only radial

displacement, with respect to the vessel centreline, was allowed.

The numerical framework here described was developed through a set of

Python macros, to automate the geometry/mesh creation and solution, and allow
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to easily vary geometric and mechanical parameters. Each simulation was carried

out on 8 cores of a Dell AMD Opteron 64-core server with 512 GB RAM, and

required approximately 6 hours to complete.

4.11 Results

Figure 4.14 shows side-on views of the simulation steps outlined in the previous

section, coloured by σθθ. The distribution of the residual stresses at the unloaded

state is shown in Figure 4.14-(b) . In the circumferential direction, the artery has

a compressive residual stress of 18 kPa at the inner wall and a tensile stress of

29 kPa at the outer wall. In the vein, the compressive and tensile circumferential

stresses are 0.5 kPa and 0.4 kPa, respectively.

These values of stress, especially in the vein, are small compared with stresses

at loaded states, shown in Figures 4.14-(e) and (f). However, their presence ap-

pears to have a large effect on the stress conditions of the wall and is thought

to help maintaining blood vessels in a state of homogeneous strain at the loaded

state. Figure 4.16 shows circumferential Cauchy stress at the loaded state, with

and without residual strains applied. It is apparent that including residual de-

formation in the analysis reduces stress concentration and normalize transmural

stress, lowering the maximum σθθ in the vein, from ≈ 370 kPa to ≈ 220 kPa.
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Figure 4.14: FE model of the AVF surgery, coloured by σθθ, in kPa: (a) initial
geometry; (b) residual stress is loaded; (c) the nodes on the cut vein end are
connected to the arterial outer wall; (d) the elliptical arteriotomy is formed and
an internal pressure of 120 mmHg is applied; (e) DVO is moved to its final position
(according to Figure 4.12); (f) the internal pressure is lowered to 100 mmHg.
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Figure 4.15: Close-up distributions of radial stress (σrr) in kPa, shown at two
locations, at the end of the loading cycle (Fig. 4.14-f)



134 Chapter 4. Developing a Model of Arterio-Venous Fistulae Surgery

Furthermore, it causes inversion of the stress distribution in the artery. This has

been hypothesized to have a protective effect on the endothelium, shifting the

maximum stress from the inner to the outer wall surface [217].

The high stress in the cephalic vein under arterial pressure is to be expected,

given its smaller thickness and lower stiffness. The average venous pressure mea-

sured in healthy CVs is reported to be 7 mmHg [218], about fourteen times

smaller than the diastolic pressure, applied in the simulations. As a result, the

vein diameter undergoes a significant expansion, (≈ 30%), much larger than that

experienced by the artery (≈ 5%).
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(a) Residual Stress (b) No Residual Stress

Figure 4.16: Distributions of σθθ (in kPa), at the loaded state, with (a) and
without (b) residual stress. Including residual stress reduces stress concentration
at the endothelium and normalize transmural stress.

Severe changes in the mechanical environment appear along the transitions

between arterial and venous tissue, and in particular stress concentration can be

observed at the incision ends. These sharp mechanical discontinuities have been

hypothesized to contribute to IH, as observed by Trubel et al. and Perktold et

al. in regions of compliance mismatch and elevated mechanical stress [101, 219].

However, whether their importance in inducing vascular disease is comparable to

haemodynamic factors, hypoxia or other inflammatory responses, is still an open

question, that deserves further research.

Previous studies have shown that geometric parameters, such as blood vessel
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sizes, incision length and insertion angle can play a significant role in the mechan-

ics of an anastomosis [103, 105]. Figures 4.17-(a),(b) and (c) show three different

AVF geometries, obtained from varying Lm to 1, 2 and 3 cm. For comparison,

Figure 4.17-(d) shows brachio-cephalic AVF geometries, reconstructed from MRI

scan images of haemodialysis patients’at St.Mary’s Hospital. Good visual agree-

ment can be observed between the geometries produced with the idealised FE

model and the reconstructed AVF. Also, it appears that shorter mobilised veins

are more common among the patients with brachio-cephalic AVFs.

PAT 1 PAT 2 PAT 3 PAT 4 PAT 5 PAT 6 PAT 7 PAT 8 PAT 9

PAT 10 PAT 11 PAT 12 PAT 13 PAT 14 PAT 15 PAT 16 PAT 17 PAT 18

PAT 19 PAT 20 PAT 21 PAT 22 PAT 23 PAT 24 PAT 25 PAT 26 PAT 27

PAT 28 PAT 29 PAT 30 PAT 31 PAT 32 PAT 33 PAT 34 PAT 35 PAT 36

PAT 37 PAT 38 PAT 39

(a) Lm = 1 cm (b) Lm = 2 cm (c) Lm = 3 cm

(d)

Figure 4.17: AVF configurations obtained from varying Lm to 1, 2 and 3 cm,
respectively (a), (b) and (c). (d) shows brachio-cephalic AVF geometries, recon-
structed from MRI scan images of haemodialysis patients at St.Mary’s Hospital
(courtesy of Lorenza Grechy and Richard Corbett); in red, primary failures.

The length of mobilised vein is a parameter arbitrarily chosen by the vascular

surgeon, during the intervention, determined by the patient’s anatomy. In gen-
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eral, it is preferred to cut the vein short to avoid kinking; long cephalic veins are

also not usually available.

Figure 4.18 shows the maximal principal stress, σ1, in three AVF configura-

tions, with increasing values of Lm.

0

50

100

150

200

250

(a) Lm = 1cm (b) Lm = 2cm (c) Lm = 3cm

Figure 4.18: Distribution of maximal principal stress σ1 (in kPa), with increasing
values of Lm to 1, 2 and 3 cm, respectively (a), (b) and (c).

It is apparent that bending of the vein has the effect of concentrating stresses

around the site of bend and in particular, longer veins lead to more severe stress

concentration (Fig. 4.18-(c)). In addition, in the straight lengths of the artery

and vein, the maximal principal stress is equal to the circumferential stress (Fig.

4.14-(f) and Fig. 4.18-(b)). This is to be expected, as for both vessels, the

collagen fibres, are mainly oriented in the circumferential direction, to maximise

the vessel load-bearing capacity.

4.11.1 Perfusion Field

From the FE model, distributions of VV perfusion in the vascular wall were

calculated, through Equation 4.1 and 4.6, respectively for the stress- and stretch-

based model. Figure 4.19-(a) shows radial stress in the loaded state. Radial stress

is compressive and equal to the applied internal pressure, 13.33 kPa (100 mmHg)

at the inner wall, and curvilinearly goes to zero, at the outer wall.



4.11. Results 137

−14

−12

−10

−8

−6

−4

−2

0

0

1

(a) σrr (b) V f

Figure 4.19: Distributions of (a) radial Cauchy stress, σrr (in kPa) and (b) nor-
malized volume fraction of perfused VV, V f , calculated assuming Pthres = 30
mmHg.

In the stress-based model, the normalized volume fraction of perfused VV,

V f , is calculated from σrr, through Equation 4.1, (Figure 4.19-(b) shows V f ,

assuming a pressure threshold, Pthres = 30 mmHg). This results in perfused VV

that are only located in a thin external layer of the adventitia. To facilitate the

visualization of such a field, V f was averaged over the wall thickness, for each

point of the endothelial surface. Results of this operation are shown in Figure

4.20. Specifically, Figure 4.20-(i) shows the AVF configuration having Lm = 2 cm,

for different values of Pthres (15, 30 and 45 mmHg), while Figure 4.20-(ii) shows

configurations with increasing values of Lm and constant Pthres = 30 mmHg.

From Figure 4.20-(i), it is clear that V f is very sensitive to changes in Pthres.

When Pthres = 45 mmHg, the depth-average V f is equal to 0.3 and 0.5 in the

artery and in the vein, respectively. This result corresponds to perfectly perfused

adventitial layers - the vascular adventitia occupies the external third of the artery

wall and the external half of the vein wall.

Lower values of Pthres result in a reduction in wall perfusion, especially in

the vein. Conversely, the artery, having a thicker wall and more superficial VV,

appears to be less sensitive to changes in Pthres. Stress concentration in the vein

also causes a reduction in wall perfusion on the inside of the bend (see Figure

4.20-(i)-V2).
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Figure 4.20: Distribution of normalized volume fraction of perfused VV, V f ,
averaged over the wall thickness and plotted at the endothelium. (i) AVF con-
figuration having Lm = 2 and Pthres = (a) 15, (b) 30 and (c) 45 mmHg; (ii)
Pthres = 30 mmHg and Lm = (a) 1, (b) 2 and (c) 3 cm.

Changes in Lm do not appear to affect the arterial perfusion. However, an

even shorter vein could distort the artery, inducing kinking in the structure. On
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the other hand, a longer vein accentuates stress concentration, further reducing

perfusion at the site of bend (see Figure 4.20-(i)-V2).
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(d) DI = 2
λ1

λ2 + λ3
.

Figure 4.21: Distributions of principal stresses (a) λ1, (b) λ2, (c) λ3 and (d)
Distortion Index, DI.

Figures 4.21-(a), (b) and (c) illustrate principal stretches λ1, λ2 and λ3, respec-

tively, which were used to calculate DI, shown in Figure 4.21-(d). In the loaded

state, the vein wall is exposed, especially on the inside of the bend, to large val-

ues of distortion, whereas, in the artery, modest wall deformation translates into

values of DI close to 1.

In the stretch-based model, the normalized volume fraction of perfused VV,

V f , was calculated from the Distortion Index, DI, through Equation 4.6. Trans-

mural distributions of DI are uniform across the wall - again, only the external

third of the artery wall and the external half of the vein wall are assumed to con-

tain VV. Hence, distributions of V f are presented in Figure 4.22, for the entire

wall.

The parameter κ was included in the stretch-based model to allow to modulate

the response of V f to DI. From Figure 4.22-(i), it is clear that changing varying

κ has a major effect on V f . When κ = 0.5, V f is between to 0.8 and 0.9 in
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the vein and about 0.95 in the artery, which corresponds to well perfused VV.

Higher values of κ, however, induce a reduction in wall perfusion, particularly

in the vein. Again, regions of the venous wall, exposed to stress concentration,

experience a reduced wall perfusion (see Figure 4.20-(i)). Arterial perfusion also

appears not to be altered by changes in Lm.
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Figure 4.22: Distribution of normalized volume fraction of perfused VV, V f . (i)
AVF configuration having Lm = 2 and κ = (a) 2, (b) 1 and (c) 0.5; (ii) κ = 1
and Lm = (a) 1, (b) 2 and (c) 3 cm.

4.11.2 Grid Independence

Grid independence of the FE mesh was assessed by running simulations of the

configuration with Lm = 2 cm, on five successively finer discretisations. Conver-

gence was verified for transmural distributions of radial stress (σrr) and Distortion

Index (DI), which are the two quantities used to calculate V f , in the two perfusion

models. Plots showing transmural σrr and DI in three locations, are presented in
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Figure 4.23. Based on these results, meshes with resolutions similar to Mesh 4

were employed for all FE simulations.
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Figure 4.23: Grid independence study: transmural distributions of radial stress
(σrr) and Distortion Index (DI), are shown at three different locations, for in-
creasingly finer meshes.

4.12 Discussion

In this chapter, a structural FE model of the AVF surgery was developed. Solid

stress and deformation fields from the FE simulations were used to calculate VV

perfusion, according the two models (stress-based and stretch-based) introduced

in section 4.1.4. The AVF geometries obtained from the FE simulations bear a

good resemblance with those extracted from patients MRI scan images [44]. The

vein, due to its thinner, less stiff wall undergoes a larger deformation and circum-

ferential stress, compared to the artery, when pressurised to a reference arterial

pressure of 100 mmHg. Stress concentration, due to bending the vein from its
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normally straight configurations, appears in the vein at the site of bend. In addi-

tion, stress concentration can also be observed in the artery, at the incision ends.

Changes in the normal wall mechanical environment, which occur in various loca-

tions of the vein, distal artery, and floor of the anastomosis, have been suggested

in several studies to contribute to IH [68, 67]. However, other studies argue that

increased wall stretch is associated with the upregulation of hypoxia inducible

factors [69, 39, 70], which are transcriptor factors released during tissue hypoxia.

Therefore, it is unclear whether mechanical risk factors act as a primary cause of

IH, or the correlation between them and IH is indirectly due to suboptimal VV

perfusion and wall hypoxia.

One limitation of this study is related to the choice of material properties. The

main puropose of this chapter was to develop a numerical framework to study the

AVF surgical procedure and quantify stress and deformation. However, material

properties and vessel dimensions have an intrinsic variability from patient to

patient. Hence, it is important that further work is done to assess the sensitivity

of these results to changes in geometric parameters and mechanical properties.

Sutures are unavoidable sources of trauma to the tissue, and promote scar

tissue growth, along the suture line [105]. Determining stresses induced by in-

dividual sutures was considered beyond the scope of this study. Therefore, a

detailed stress analysis of the individual stitches was deliberately omitted, and

sutures were modelled in a “global sense”.

Another limitation is represented by the lack of interaction with surrounding

tissue, and the cardiac-induced blood vessel motion. The relatively large disten-

sion of the vein observed in the simulation and in the surgery, is mostly due to

the vein filling up with blood at arterial pressure, a situation that occurs im-

mediately after the clamps are released by the surgeon, while wall displacement

induced by pulsating pressure is normally much smaller [107, 108]. In addition,

the cephalic vein, is located near the surface of the arm and normally connected
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to the brachial artery, in the antecubital fossa, a region where the artery is more

superficial and there is little or no muscular tissue. However, the surrounding

tissue could represent anatomical constraints when forming an AVF, and their

role in determining the AVF shape. Finally, it is possible that the morphology of

an AVF changes when a patient moves or bends their arm.

Future work should be done to address shortcomings of the current mod-

elling approach. Both bench-top, in-vivo and ex-vivo experiments, are needed

to validate the computational results. In spite of the mentioned limitations, the

proposed methodology represents a novel computational approach to analyse a

clinically relevant problem, in order to quantify the role of mechanical factors in

the development of IH, particularly in relation to VV perfusion and hypoxia.



Chapter 5

Simulating Oxygen Transport in

Arterio-Venous Fistulae

In the previous Chapter, FE simulations were used to calculate wall stress and

deformation and estimate wall perfusion, in an idealised AVF. The resulting wall

geometry and perfusion fields are used in the present Chapter, to solve for blood

flow (Eq. 3.1) and oxygen transport (Eq. 3.3).

As discussed in Section 2.4.1.3, when dealing with biological systems, idealised

and patient-specific modelling approches are possible, both of which exhibit ad-

vantages and drawbacks. In the present study, given the model complexity and

lack of readily available patient-specific blood and wall properties, it was chosen

to initially undertake an idealised study, to assess the model performance in a

controlled setting.

The oxygen transport model described in Chapter 3 requires a number of pa-

rameters, which have been extracted from the existing literature, and exhibit a

strong inter- and intra-patient variability and can vary in response to external

stimuli. Oxygen transport and wall oxygenation have been shown to be sensitive

to changes in blood and wall properties [5, 11]. Therefore, instead of using popu-

144
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lation mean values, it was decided to analyse these model uncertainties, through

a parametric study. The aim of this study was to assess, under different haemo-

dynamic and perfusion conditions, whether oxygen transport is affected by local

changes in vasa vasorum perfusion or dominated by haemodynamic forces.

5.1 Parameter Space

As shown in Section 3.3.1, oxygen transport appears to be sensitive to changes

in wall parameters. Specifically, among all the properties considered, oxygen

solubility in the wall, αT , maximum oxygen consumption rate, q̇max, and VV

perfusion have the largest impact on oxygen transport (see Figure 3.11).

Oxygen solubility in the wall remains relatively constant in healthy vessels, as

the cellular composition of the wall does not vary extensively, thus, is assumed not

to change in the parametric study. By contrast, maximum oxygen consumption

rate exhibts a large physiological range, which is to be attributed to the different

metabolic demands, existing in tissues with different cellular composition [142,

99, 126]. Significant differences are also observed between the consumption rate

of active or resting SMC [137]. Hence, three values of oxygen consumption, q̇max,

(the average population value, as well as ±50% variation) were considered.

VV perfusion, and lack thereof, has also been proposed as a cause of wall hy-

poxia and IH development [19]. However the mechanism underlying microvascular

collapse is not yet fully understood. To account for this, in the previous chapter,

two distinct perfusion models were proposed: a stress-based and a stretch-based

model (Section 4.1.4). In addition, given the highly speculative nature of the

perfusion models, three different values of Pthres and κ were considered in the

analysis.

Haemodynamic forces are expected to have a significant effect on blood-side

oxygen transport mainly for two reasons. Firstly, oxygen transport is highly

convective (the Peclet number for oxygen transport has values of≈ 106); secondly,
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haemoglobin diffusivity in blood Dc, is assumed to be a function of the shear rate

γ̇, in line with Murphy’s model [11]. To elicit different haemodynamic responses,

three flow splits were included in the analysis, a 20:80, 50:50, and 80:20 flow-split

between the DAI and DVO, while the inflow Reynolds number at the PAI was

fixed at 800.

A total number of 54 cases were considered for the parametric study (see

Table 5.1). Three supplementary cases - one for each flow split - with medium

q̇max and zero perfusion were also included in the analysis.

q̇max Perfusion Model Perfusion Coefficient Flow Split

Art - 1.05
Vein - 2.2 ×10−5 [ ml O2

ml tissue s

]
Pthres = 15mmHg / κ = 0.5 20:80

Art - 2.10
Vein - 4.4 ×10−5 [ ml O2

ml tissue s

] Stress-based
model

Stretch-based
model

Pthres = 30mmHg / κ = 1.0 50:50

Art - 3.15
Vein - 6.6 ×10−5 [ ml O2

ml tissue s

]
Pthres = 45mmHg / κ = 2.0 80:20

3X 2X 3X 3X

Total Cases = 54

Table 5.1: Parameter space used in the study.

5.2 Methods

The blood flow and oxygen transport equations, described in Chapter 3, were used

throughout this study to investigate wall oxygenation. The geometry, resulting

from the idealised AVF surgical procedure, developed in Chapter 4, was employed

in all simulations. Specifically, the configuration with vein length Lv = 2 cm, was

taken as the reference case and used throughout this chapter.
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5.2.1 Discretisation Of Computational Domain

A polyhedral unstructured volume mesh, with a prismatic boundary layer mesh

adjacent to the wall, was constructed for the fluid-domain. The mesh was refined

near the anastomosis.

PAI

DAI

DVO

x
y

z

PAI

DAI

DVO

x
y

z

PAI

DAI

DVO

x
y

z

FE Mesh

Wall-side CFD Mesh Blood-side CFD Mesh

Figure 5.1: Mesh and Computational Domain: the geometry is obtained from
the FE model in Chapter 4. The blood-side part of the CFD domain was meshed
using polyhedral cells, and a prismatic boundary layer mesh adjacent to the
wall. The wall was meshed with prismatic polygonal cells. The final mesh had
≈ 12.5× 106 cells in total, ≈ 3.7× 106 in the wall and ≈ 8.8× 106 in the fluid.

Specifically, cells near the anastomosis had an average size of ≈ 8 × 10−5 m,



148 Chapter 5. Simulating Oxygen Transport in Arterio-Venous Fistulae

expanding progressively to ≈ 1.5 × 10−4 m beyond a distance of ≈ 0.05 m from

the anastomosis. The prismatic boundary layer mesh were 28 elements thick, with

the first element having a thickness of less than ≈ 3 × 10−6 m in line with the

mesh convergence study in Chapter 3 - Section 3.3.2 and with meshes employed in

previous numerical studies [8, 15, 110]. A posteriori verification of the resolution

criteria set out by Valen-Sendstad, was required to ensure appropriate spatial and

temporal resolutions. [85].

A prismatic polygonal unstructured mesh, with a prismatic boundary layer

mesh adjacent to the endothelial and adventitial surface, and having a number

of cells of ≈ 1.5 × 10−4 m, was constructed for the wall-domain. The prismatic

boundary layer mesh was 15 elements thick, with the first element having a

thickness of less than ≈ 3 × 10−6 m. The final mesh had ≈ 12.5 × 106 cells in

total - ≈ 3.7× 106 in the wall and ≈ 8.8× 106 in the fluid.

5.2.2 Governing Equations

For all configurations blood was treated as an incompressible Newtonian fluid.

Specifically, blood flow was modelled using the time-dependent incompressible

3D Navier-Stokes equations for a fluid with constant viscosity (Eq. 3.1). For all

cases, values of µ = 3.5× 10−3Pa · s and ρ = 1060kg ·m−3 were employed.

Blood-side oxygen transport was modelled using the time-dependent modified

advection diffusion equation developed by Moore and Ethier [5] (Eq. 3.3), which

accounts for oxygen binding to haemoglobin. The model introduced by Murphy

et al. was adopted (Eq. 3.7), to take into account changes in the haemoglobin

dispersion coefficient, due to shear-augmented dispersion of RBCs in the flow.

Blood-side oxygen transport was coupled to wall-side oxygen transport and con-

sumption.

Wall transport of oxygen was modelled through a time dependent reaction-

diffusion equation (Eq. 3.8), as convection can be neglected in the wall [5]. In
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line with previous studies, a first order Michaelis-Menten kinetics was adopted to

model the wall reaction rate (Eq. 3.9). Parameters listed in Table 3.1 were used

for the fluid-wall coupled oxygen transport model.

5.2.3 Boundary Conditions

A steady-state parabolic velocity profile was applied at the PAI with an average

velocity of 0.62 m/s into the configuration (equivalent to 502 ml/min), which

resulted in a Reynolds number of 800. At the DAO, steady state parabolic velocity

profiles with average velocities of 0.54 - 0.34 - 0.13 m/s out of the domain

(equivalent to 402 - 251 - 100 ml/min, respectively), corresponding to flow splits

between the DVO and the DAO of 20:80 - 50:50 and 80:20, respectively. Finally, a

constant (and arbitrary) pressure was applied at the DVO, and a zero-velocity no-

slip condition was applied at the arterial and venous walls, which were assumed

to be rigid.

A steady-state spatially-constant oxygen concentration of 90 mmHg, was ap-

plied at the PAI, in line with the assumption that oxygen is “well-mixed” up-

stream of the domain. A zero boundary-normal oxygen concentration gradient

was prescribed at the two outlets (DAO and DVO): ∂PO2/∂n|Γ=DAO,DV O = 0. At

the wall-lumen interface, continuity of oxygen concentration PO2f |f = PO2w|w
and oxygen flux DF∂PO2/∂n|f = Dw∂PO2/∂n|w were required. Coupling be-

tween fluid and wall oxygen transport was satisfied using an explicit scheme: at

each inner iteration, the oxygen concentration field was mapped from the fluid

to the wall domain, and the oxygen concentration gradient was mapped from the

wall to the fluid domain. Zero boundary-normal oxygen concentration gradients

were applied at all the remaining surfaces of the wall-domain.

According to the literature, in healthy vessels, VV are exclusively contained in

the adventitial layer, thus the VV oxygen source Sw (Eq. 3.16) is only prescribed

within this region [164, 168]. The ratio of adventitia thickness to total wall
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thickness is normally reported as 0.33 for medium size arteries and as 0.5 for

medium size veins [143]. For an in-depth discussion on the modelling assumptions

and the choice of boundary conditions, see Chapter 3.

5.2.4 Computational Method

Solutions for the blood velocity field and the oxygen concentration were obtained

using Star-CCM+ v12.02.011-R8 via the following procedure:

• Three preliminary simulations were used to determine average velocity and

pressure fields. These simulations were initialised with zero velocity and

pressure and run with a segregated steady solver, until momentum and

continuity residuals fell below 10−9. Each simulation was then used as the

initial condition for a segregated implicit unsteady solver, which advanced

solutions 0.1 s in time. A time step of 0.0005 s was used. After the end

of the initial transient, the simulations were then advanced further 0.4 s,

during which velocity and pressure were time-averaged.

• For each of the 57 cases, time-averaged velocity and pressure, calculated in

the previous step, were used to solve for oxygen transport. A segregated

steady solver was run until the oxygen transport residuals fell below 10−9.

Then each simulation was advanced for a total of 0.3 s in time, using a

segregated unsteady solver, with a time step of 0.0005 s. The inital 0.1 s

was discarded, and data were exported for analysis, only during the last 0.2

s.

Each simulation was carried out on Cx1, one of Imperial College HPC, on two

nodes, each having 20 cores 22GB of RAM, and required approximately 3 days

to complete.
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5.3 Results

5.3.1 Blood Flow and Wall Shear Stress

Figure 5.2 shows time snapshots of velocity magnitude and plane-normal vorticity

on the AVF symmetry. Unsteady flow can be observed for the 50:50 and 80:20 flow

split, despite the steady inflow conditions, while flow in the 20:80 case appears

to be completely steady.

0 0.2 0.4 0.6 0.8 1 1.2 −2,000−1,000 0 1,000 2,000

Velocity Magnitude (m/s) Vorticity (1/s)

(a)

(b)

(c)

Figure 5.2: Snapshots of velocity magnitude and plane-normal vorticity on the
AVF symmetry plane, for different flow splits: (a) 20:80, (b) 50:50, (c) 80:20.
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Specifically, for a 50:50 flow split, unsteady vortex shedding can be observed

only in the arterial section, while for a 80:20 flow split, the velocity and vorticity

fields appear to be disrupted also in the venous section. This result is in line with

previous simulations of Iori et al., in which unsteady venous flow was predicted

for arteries and veins of equal diameter for an 80:20 flow split [15].

Whilst the causes leading to venous flow instabilities are not clear, arterial

vortex shedding can be explained by the mechanism outlined in [15]. For a

straight vessel, the bulk of the axial arterial blood flow (the high speed region of

the flow) is within the center of the artery. Consequently, it must traverse the

artery laterally in order to enter the vein. This process causes the shear layer on

the wall opposite the anastomosis to detach, leading to a free-shear layer in the

artery that induces unsteadiness [15].

As discussed in Chapter 2, there is substantial evidence in the literature sug-

gesting that unsteady blood flow patterns can disturb the normal vascular phys-

iology, leading to vascular diseases [220, 61]. In the next section, quantitative

assessment of the degree of unsteadiness was undertaken using snapshot Proper

Orthogonal Decomposition (POD) [221, 222, 223, 15, 110] and Fourier analysis

of the wall shear stress (WSS) and oxygen field at the endothelial surface.

5.3.2 Frequency Analysis

Snapshot POD and Fourier Transform were employed to analyse oxygen con-

centration and WSS vector at the endothelium. POD is a statistical procedure,

similar to Principal Component Analysis, that uses an orthogonal projection to

convert a space-time field into a summation of orthonormal spatial POD modes,

each modulated by an associated temporal POD mode. POD was originally used

in the context of fluid dynamics by Lumley et al. for identification of coherent

structures in turbulent flow [221].

Classical POD is computationally expensive, hence it was seldom applied to
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large CFD datasets, until Sirovich, in 1987 [222], proposed the snapshot POD

method, This technique was used by Iori et al. [15] to analyse WSS vectors

in quasi-steady simulations of blood flow in idealised models of AVF, and by

Grinberg et al. [223] and Grechy et al. [110] to assess unsteadiness in pulsatile

transient flows, respectively in a stenosed carotid artery and a brachio-cephalic

AVF. See Appendix A.1 for a detailed description of snapshot POD.

In terms of Fourier analysis, the Spectral Power Index, introduced by Khan

et al. [79], was used to analyse oxygen and flow temporal fluctuations. Given a

Fourier-transformed signal Y (nω0), the SPI is defined as,

SPI =
∑+ inf
n=nc |Y (nω0)|2∑+ inf
n=0 |Y (nω0)|2

(5.1)

where ω0 is the fundamental angular frequency, and nc is harmonic corresponding

to the cut-off frequency considered. Effectively, this index calculates the energy

content in the power spectra for harmonics above nc, normalized by the total

energy content. As inflow and outflow boundary conditions are stationary, the

cut-off frequency harmonic nc was set to 1, to determine the relative importance

of any flow instability, with respect to the time averaged flow.

The WSS vector, www, is the tangential component of the viscous stress vector

t, and is defined as

www = t− (t · n)n (5.2)

where
t = TTT · n

TTT = µ(∇u + (∇u)T )
(5.3)

and n is the outward facing wall normal.

Figures 5.3-(a), 5.4-(a) and 5.5-(a) show the five most energetic POD temporal

modes, a1(t), .., a5(t), for WSS and oxygen concentration fields, and 20:80, 50:50

and 80:20 flow-splits, respectively. Results are shown for the three supplementary
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cases, with shut-off perfusion. Figures 5.3-(c), 5.4-(c) and 5.5-(c) show the five

most energetic POD spatial modes, Φ1(t), ..,Φ5(t), for WSS, and 20:80, 50:50 and

80:20 flow-splits, respectively POD modes are hierarchical, with the first mode

representing the main features of the decomposed field, and the higher order

modes containing finer spatial and temporal features [223].

Figures 5.3-(b), 5.4-(b) and 5.5-(b) contain the eigenspectra computed for

the different flow splits. The spectrum slope provides an indication of the flow

regime: fast decay is associated with a laminar regime, while slow decay features

a transitional/turbulent regime.

In line with previous qualitative observations, WSS eigenspectra and tempo-

ral modes extracted from the 50:50 and 80:20 flow splits both exhibit a clear

transitional regime (slow eigenspectra decay and fluctuations in higher temporal

modes), while the 20:80 case appears to be completely laminar. Conversely, oxy-

gen concentration in all cases does not seem to be affected by flow fluctuations.

This is in line with previous observations by Tada and Tarbell [7], who undertook

oxygen transport simulations in a compliant carotid bifurcation model. In their

model, large temporal differences in Sherwood number (Sh) - the non-dimensional

oxygen flux into the wall - were observed during the cardiac cycle, which how-

ever did not translate into significant differences in the time-averaged Sh, when

compared with steady BC model, with rigid walls [7].

Finally, Figures 5.3-(d)-(e), 5.4-(d)-(e) and 5.5-(d)-(e) show the SPI for |www|

and PO2, in the three analysed cases. In particular, 5.4-(d) and 5.5-(d) highlight

the regions of artery and vein that are exposed to oscillatory flow. Dominant

frequencies up to ≈ 40 Hz for the 50:50 case and up to ≈ 60 Hz for the 80:20

case can be observed on the toe of the anastomosis. The frequency and vortex

shedding structure found in the 80:20 case appear to be in line with previous

work done in [15].
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Figure 5.3: (a) the five most energetic POD temporal modes (a1(t), .., a5(t)),
calculated on the endothelium for |www| and oxygen concentration, PO2. (b) POD
energy spectra distribution (λk is energy content of the k-th mode, normalized
by the total energy content E1,M = ∑M

k=1 λk). (c) Distributions of the five most
energetic spatial POD modes Φ of |www|. (d)-(e) distributions of the SPI. Results
are shown for a 20-80 flow split.



156 Chapter 5. Simulating Oxygen Transport in Arterio-Venous Fistulae

−0.15
0.15

a
1
(t
)

|www |

−0.15
0.15

a
2
(t
)

−0.15
0.15

a
3
(t
)

−0.15
0.15

a
4
(t
)

0.00 0.10 0.20
−0.15
0.15

t (s)

a
5
(t
)

0.00
1.00
2.00

PO2

0.00
1.00
2.00

0.00
1.00
2.00

0.00
1.00
2.00

0.00 0.10 0.20
0.00
1.00
2.00

t (s)
10 20 30 40 50

10−8

10−7

10−6

10−5

10−4

10−3

10−2

10−1

100

|www |

PO2

k
λ
k
/E

1
,M

Φ1(x) Φ2(x) Φ3(x)

Φ4(x) Φ5(x)

0 20 40 60 80 100

0 5 · 10−2 0.1 0.15 0.2 0.25 0.3

(a) (b)

(c)

(d) |www | (e) PO2
SPI (-)

Figure 5.4: (a) the five most energetic POD temporal modes (a1(t), .., a5(t)),
calculated on the endothelium for |www| and oxygen concentration, PO2. (b) POD
energy spectra distribution (λk is energy content of the k-th mode, normalized
by the total energy content E1,M = ∑M

k=1 λk). (c) Distributions of the five most
energetic spatial POD modes Φ of |www|. (d)-(e) distributions of the SPI. Results
are shown for a 50-50 flow split.
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Figure 5.5: (a) the five most energetic POD temporal modes (a1(t), .., a5(t)),
calculated on the endothelium for |www| and oxygen concentration, PO2. (b) POD
energy spectra distribution (λk is energy content of the k-th mode, normalized
by the total energy content E1,M = ∑M

k=1 λk). (c) Distributions of the five most
energetic spatial POD modes Φ of |www|. (d)-(e) distributions of the SPI. Results
are shown for a 80-20 flow split.
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5.3.3 Wall Shear Stress

Figure 5.6 shows temporal averages of the WSS magnitude, |www|, for the three

different flow splits considered. In all three cases, a large recirculation zone is

evident in the floor of the anastomosis - i.e. the area on the arterial wall opposite

to where the vein is connected - a site where IH formation is often observed.

Artery Vein

(a) Flow Split 20:80

Artery Vein

(b) Flow Split 50:50

Artery Vein

(c) Flow Split 80:20

|www | (Pa)

0 0.5 1 1.5 2 2.5 3

(i)

(ii)

Figure 5.6: Time Averaged WSS magnitude, |www|, in excised and flattened views
for different flow splits: (a) 20:80, (b) 50:50, (c) 80:20. The arrows indicate the
bulk flow direction. Blue and green lines, show the excision sites.
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The three flow splits elicit, especially in the artery, different WSS magnitude

patterns. WSS patterns in the vein are more consistent: high WSS is found on

the outside of the bend, while a large recirculation zone and low WSS can be

observed for the entire vein length, on the inside of the bend. A 20:80 flow split

is obviously an extreme, undesirable situation. Upon AVF formation, the baseline

flow in the feeding brachial artery increases, to accomodate for the extra blood

that is shunted to the venous system [1]. Clinical evidence shows a correlation

between primary failure at 4-8 weeks, and the lack of increase in baseline blood

flow in the feeding artery and in the venous segment, at day 0 [1].

According to several authors, the main failure mechanism is stenosis due to the

development of IH, in response to disturbed flow and abnormal shear stress [1, 2].

Previous studies on atherosclerosis and arterial bypass grafts have found a positive

correlation between the development of IH and the presence of low and oscillating

WSS [220, 61, 224]. This could explain IH formation in the anastomotic “toe”

and floor. However, the abnormal shear stress and oscillatory pattern rapidly

disappear beyond 1 cm of the anastomosis and may not explain areas of venous

stenosis found further downstream [1].

5.3.4 Depth-Averaged Oxygen Concentration

Variations of the oxygen concentration field are all concentrated in a thin mass

transport boundary layer and the wall. Thus, to facilitate its visualization, for

each point of the endothelial surface mesh, the time averaged oxygen field, PO2,

was depth-averaged over the wall thickness. Figures 5.7, 5.8 and 5.9 shows excised

and flattened views of the 57 cases of the parametric study set out in 5.1, coloured

by, P̂O2, the depth-averaged of PO2.

Direct qualitative comparison of depth-integrated O2 concentration and WSS

field 5.6 reveals significant spatial correlation between oxygen transport and flow.
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However, while spatial patterns are similar, the actual P̂O2 values also de-

pends on other oxygen transport wall parameters, i.e. the oxygen consumption

rate and VV perfusion. Specifically, increasingly high levels of oxygen consump-

tion rate have the effect of shifting the baseline oxygen field down.

Wall oxygenation also appears to be a function of VV perfusion. Particu-

larly, completely switching off any VV perfusion has dramatic effects on wall

oxygenation, as it leaves the wall to rely solely on fluid-phase oxygen transport.

Conversely, normally perfused VV are able to meet the wall metabolic needs,

even at locations where the fluid-phase transport is sub-optimal.

Bar charts showing the percentage area of endothelium surface exposed to low

(orange - 10mmHg ≤ P̂O2 < 30mmHg) and hypoxic (red - P̂O2 < 10mmHg)

oxygen levels are shown in Figure 5.10. Excised and flattened tri-color maps of

normal (green - P̂O2 ≥ 30mmHg), low (orange - 10mmHg ≤ P̂O2 < 30mmHg)

and hypoxic (red - P̂O2 < 10mmHg) oxygen levels are included for reference in

the Appendix (see A.4).

As expected and in agreement with qualitative observation drawn from Fig.5.7-

5.8-5.9, two trends can be observed: first, increasing the oxygen consumption rate,

exposes both the artery and vein to higher levels of low and hypoxic oxygen con-

centration; secondly, decreasing VV perfusion also increases, albeit to a lesser

extent, the percentage of wall exposed to low and hypoxic oxygen levels. How-

ever, the largest effect, especially on the vein oxygenation, can be attributed to

changes in flow patterns. At flow splits of 20:80 and 50:50, the vein is exposed

to hypoxic levels up to ≈ 90% of the total surface. With an 80:20 flow split, this

value is less than a half, and interestingly, lowering the flow in the distal arterial

segment, does not seem to affect negatively arterial wall oxygenation to the same

extent. This is likely due to the vein geometry: on the inside of the bend, shear

layer separation in the vein, coupled with low, fully laminar flow, creates a barrier

to oxygen diffusion.
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(b) Flow Split: 50:50
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(c) Flow Split: 80:20
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Figure 5.10: Bar charts showing the percentage of endothelium surface exposed
to low (orange - 10mmHg ≤ P̂O2 < 30mmHg) and hypoxic (red - P̂O2 <
10mmHg) oxygen levels for two different perfusion models (Stretch, Stress), three
perfusion levels and three oxygen consumption rates. The cases with shut-off
perfusion (NoVV) is also included in the analysis. Please refer to Figures 5.7, 5.8
and 5.9, for the abbreviations.

On the other hand, transitional flow appears to improve oxygen transport, as it
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increases mixing through stirring. Further quantitative assessment of the obser-

vations drawn in this section is undertaken using sensitivity analysis.

5.4 Sensitivity Analysis

Sensitivity analysis (SA) is a class of methods widely used in engineering design.

Using SA, model outcomes can be recalculated under alternative assumptions, to

determine the impact of each input variable. This technique has proven to be

useful for a range of purposes. These include model simplification and uncertainty

reduction, which allow one to identify and prioritize the most influential inputs,

and identify non-influential inputs in order to fix them to nominal values.

These methods may take a local or global approach. Local SA techniques aim

to determine how small variations of the model inputs around a nominal point

affect the value of the output. Therefore, the calculated sensitivities depend

on the choice of the nominal point, around which the model is perturbed. If

the output has strong non-linear dependence on the inputs, local methods can

produce misleading results [225]. Conversely, global SA takes into account the

uncertainty space on model predictions and measures how the output variation

can be apportioned to variation in the input parameters.

A widely used class of global SA methods is Variance-based SA, proposed by

Sobol in 1993 [226]. This technique is based on the analysis of variance (ANOVA)

and allows one to decompose the variance of the model output into fractions,

called Sensitivity or Sobol indices, which can attributed to simple inputs or sets

of them. See Appendix A.2 for a detailed description of Sobol’s method.

Sobol’s method allows accurate estimation of the sensitivity indices, but comes

at a high computational cost. A number of approaches have been devised to

reduce the computational cost of the estimator, including High-dimensional model

representations (HDMR) and Fourier Amplitude Sensitivity Test (FAST) [225].

However, the main source of computational expense comes from the sampling.
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Sobol’s original method uses Monte Carlo sampling, requiring a large number

of samples to converge, which prohibits its application to complex 3D numerical

simulations.

A widely used technique to reduce computational cost is using meta-models,

also known as surrogate models or emulators [71, 227]. The idea behind this

approach is to use a drastically simplified surrogate model, which is able to rep-

resent the model within an acceptable margin of error. Once the metamodel is

fitted, or trained, sensitivity measures can be directly calculated from it. In fact,

given that the surrogate model is much less computationally expensive, Sobol

samples can be efficiently generated.

5.4.1 Surrogate Model

A large spectrum of surrogate models have been used in the past, including clas-

sical polynomial and spline interpolation, traditional non-parametric regression,

such as Locally Weighted Scatterplot Smoothing (LOWESS) and additive models

(GAMs) and more recent ones, such as Gaussian Process Regression, Artificial

Neural Network (ANN), Random Forest (RF) and Gradient Boosting Machine

(GBM) [228, 227, 229]

Following the work of Wang et al. [228], a Stochastic ordinary Kriging-based

surrogate model was used as predictor in the sensitivity analysis. Kriging mod-

elling, also known as Gaussian Process Regression, is an non-parametric regres-

sion technique that has its origins in the field of geo-statistics and is now very

popular in many engineering fields. This approach presents many desirable prop-

erties. Kriging models consist of a sum of a regression model and a realization

of a zero-mean Gaussian process, and implicitly provide a predictor error, quan-

tified as MSE, allowing the user to gain insight about the model’s reliability.

In addition, the hyperparameters for the predictor can be determined without

user input by using Maximum Likelihood Estimation. A detailed description of
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Kriging modelling, is given in Appendix A.3.

5.4.2 Model Inputs and Output

In order to quantify the relative importance of luminal and wall oxygen transport

on the onset of hypoxia, time averaged WSS magnitude |www| and depth-integrated

VV perfusion V̂f were chosen as inputs, while depth-averaged oxygen concen-

tration, P̂O2, was chosen as ouput of the sensitivity analysis. WSS magnitude

acts as a proxy for the flow-mediated oxygen supply to the endothelium, while

depth-integrated VV perfusion measures the VV oxygen supply. Depth-averaged

oxygen concentration is an average measure of wall oxygenation. This choice of

inputs/output provides three scalar fields that are all available at the endothe-

lium.

5.4.3 Sampling Procedure

The first step in the sensitivity analysis procedure described here, is to train a

Kriging predictor, based on model inputs and outputs. Training samples for the

predictor were extracted from 54 of parametric study cases. The three shut-off

perfusion cases were left out as they contain no information on the VV perfusion

field.

To ensure uniform representation of the extracted sample, the Vascular Mod-

elling Tool Kit (VMTK) [230] was used to discretise each case’s surface into a

finite number of contiguous patches, inside which the fields are spatially averaged,

as in [231]. Figures 5.11-(a) and (b) show the AVF endothelial surface mapping,

while Figures 5.11-(c),(d) and (e) show the patched WSS field for the 80:20 flow

split, with an increasing number of patches. A number of 2645 patches were

produced for each case, with 23 patches distributed circumferentially and 115

patches distributed in the direction of the vessel axis (Fig. 5.11-(e)).

The datasets resulting from this process exhibit a clear tendency to clustering.
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This property can make the corresponding correlation matrix ill-conditioned and

affect accuracy of the Kriging predictor [232, 233, 234]. Using a subset of the

training data can avoid this and speed up the fitting and prediction process [232].

(a)

(b)

(c)

155 Patches
nθ = 5
nz = 31

(d)

649 Patches
nθ = 11
nz = 59

(e)

2645 Patches
nθ = 23
nz = 115

0

2

4

6

|www | (Pa)

Figure 5.11: Figures (a) and (b) show the AVF endothelial surface mapping;
Figures 5.11-(c),(d) and (e) show the patched |www| field for the 80:20 flow split,
with an increasing number of patches.
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Figure 5.12 shows the declustering procedure, applied to one of the 54 cases:

an increasingly finer, uniform grid is overimposed; for each bin in the grid the

closest point to the bin centroid is extracted. A grid of 30×30 bins was estimated

to produce convergent sensitivity indices and was used throughout the analysis.
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Figure 5.12: Declustering procedure for one case, with increasingly finer grids
spacing: in gray, original dataset; in black, the extracted subset. The grey lines
show the bins.

5.4.3.1 Sensitivity Indices

Samples, extracted according to the procedure outlined in the previous section,

were used to train Stochastic Ordinary Kriging surrogate models, on which Sobol

indices were calculated. The Kriging predictors were calculated using the Matlab

ooDACE Toolbox [235], while Sobol indices were calculated using the Matlab

GSAT Toolbox [236]. A total number of 4000 Sobol samples were used to calculate

the sensitivity indices.

Initially, the 54 cases were analysed in an aggregated form. Figure 5.13 shows

the training samples, in black, and Kriging predictors, light gray surface, for the

full dataset and four different subsets, two of which consider only samples from

the artery or from the vein, and other two which consider only Stretch-based

perfusion or Stress-based perfusion models.

Main effects Si, first-order interactions Si,j and total ST i sensitivity indices
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and their associated Standard Error, for each of the 5 datasets considered, are

shown in Table 5.2. Results show that most of the variance in P̂O2 can be

explained by spatial variations of WSS. Wall perfusion has only weak effects, when

considering samples extracted from the artery, and with Stretch-based perfusion

model. Overall, this means that flow-mediated effects, measured through |www|, are

consistently more important than VV perfusion effects, in determining spatial

oxygen distributions.

For comparison, Spearman rank correlation coefficients ρ were computed be-

tween the pairs |www| and P̂O2, and V̂f and P̂O2. Spearman correlation was cho-

sen because the variables considered are not normally distributed. Following

Evans’ indications, the strength of a correlation can be interpreted as very weak

for ρ ∈ [0, 0.2), weak for ρ ∈ [0.2, 0.4), moderate for ρ ∈ [0.4, 0.6), strong for

ρ ∈ [0.6, 0.8), and very strong for ρ ∈ [0.8, 1] [237].

Spearman correlation coefficients were calculated in Matlab for the 5 aggre-

gated datasets and are shown in Table 5.3. All of them are statistically signif-

icant, with associated p-values below the 5% level. Overall, results appear to

be in agreement with Sobol indices, as the WSS exhibits moderate to strong

correlation, while V̂f appear only to be weakly correlated with P̂O2.

For the sake of completeness, the sensitivity analysis was also undertaken

separately, on each of the 54 cases: a Kriging predictor was constructed and sen-

sitivities were calculated using Sobol’s method. Figure 5.14 shows the sensitivity

indices S|www|, SV̂f and S|www|,V̂f calculated over each of the 54 cases. Please refer to

Figures 5.7, 5.8 and 5.9, for the abbreviations on the footer. No clear trend can

be identified from the distribution of sensitivities and, overall, similar conclusions

can be drawn from analysing the aggregated dataset. On average, local oxygen

patterns exhibit high sensitivity to WSS patterns, while spatial distributions of

VV perfusion seems to have only a minor effect on wall oxygen concentration.
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Figure 5.13: Kriging predictors, light gray surface, and training samples, in black,
shown for the full aggregated dataset (a) and for different subsets: (b) Artery,
(c) Vein, (d) Stretch-Based Perfusion, (e) Stress-Based Perfusion.
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Table 5.2: Main effects Si, first-order interactions Si,j and total ST i Sobol sen-
sitivity indices, and their associated Standard Error (SE), for |www| and V̂f . Ssum
represents the sum of all effects.

Dataset S|www| ± SE S
V̂f
± SE S|www|,V̂f

± SE Ssum ± SE

Full 0.935 ± 0.045 0.031 ± 0.001 0.035 ± 0.002 1.001 ± 0.048

Artery 0.704 ± 0.015 0.164 ± 0.003 0.132 ± 0.005 1.000 ± 0.023

Vein 0.969 ± 0.052 0.002 ± 0.001 0.033 ± 0.003 1.000 ± 0.055

Stretch-Based Model 0.762 ± 0.023 0.186 ± 0.003 0.052 ± 0.002 0.999 ± 0.028

Stress-Based Model 0.961 ± 0.041 0.028 ± 0.001 0.010 ± 0.001 1.001 ± 0.042

ST |www| ± SE S
T V̂f
± SE

Full 0.969 ±0.001 0.065 ±0.045

Artery 0.835 ±0.003 0.296 ±0.015

Vein 1.002 ±0.001 0.031 ±0.052

Stretch-Based Model 0.814 ±0.003 0.238 ±0.023

Stress-Based Model 0.972 ±0.001 0.039 ±0.041

Table 5.3: Spearman rank correlation coefficients calculated for the 5 aggregated
datasets, between P̂O2 and |www| / V̂f . 95% confidence intervals are shown in
brackets.

Set ρ|www| ρ
V̂f

Full 0.664 [0.666, 0.661] -0.043 [−0.039,−0.048]

Artery 0.470 [0.475, 0.465] 0.205 [0.21, 0.199]

Vein 0.710 [0.713, 0.707] 0.144 [0.15, 0.138]

Stretch-Based Model 0.716 [0.721, 0.712] -0.354 [−0.346,−0.361]

Stress-Based Model 0.704 [0.709, 0.700] -0.039 [−0.030,−0.048]
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Figure 5.14: Sensitivity indices S|www|, SV̂f and S|www|,V̂f calculated, separately, on
each of the 54 cases. Please refer to Fig. 5.7, 5.8 and 5.9, for the abbreviations.

5.4.3.2 Sample Size

The analysis procedure described in the previous sections requires the user to

adequately size the training sample, as well the Sobol sample. To ensure inde-

pendence of the sensitivities from the sampling procedure, convergence of Sobol

sensitivity indices with increasingly large sample sizes is needed.
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Figure 5.15 shows sensitivity indices and their associated error bars, calculated

on one of the 54 cases, for increasingly finer patches extracted with VMTK (see

Fig: 5.11 for reference). Convergence is obtained with a number of 2645 patches,

with 23 circumferential divisions and 115 axial divisions.

Figure 5.16 shows sensitivity indices and their associated error bars, calculated

on the full aggregated dataset, for successively larger numbers of Kriging training

points, (see Fig: 5.12 for reference). Convergence is obtained with a 30 × 30

declustering grid, corresponding to 620 training points. The same declustering

grid was used throughout the study.

Finally, the convergence of the Sobol method is tested on an increasing number

of Sobol sampling points. Converged sensitivity indices are achieved for sample

sizes above 2000, as shown in Figure 5.17. A number of 4000 Sobol samples was

used throughout the study, to further reduce the estimation error.
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Figure 5.15: Sensitivity indices S|www|, SV̂f and S|www|,V̂f and their associated error
bars, calculated on one of the 54 cases, for increasingly finer VMTK patches.
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Figure 5.16: Sensitivity indices S|www|, SV̂f and S|www|,V̂f and their associated error
bars, calculated on the full aggregated dataset, for successively larger numbers of
Kriging training points.
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5.5 Discussion

In this chapter, a model of oxygen transport, capable of accounting for VV per-

fusion, was developed. Vessel geometry and wall perfusion fields obtained from

mechanical simulations shown in Chapter 4, were used to prescribe a VV oxygen

source in the adventitial layer, according to Eq. 3.16. Two different VV perfu-

sion mechanism, a stress-based and a stretch-based models, are included in the

study, to account for the different microvascular collapse mechanisms, that are

postulated in the literature. To test the effect of varying flow conditions and bulk

wall parameters, a parametric study was undertaken.

The present study was the first to solve oxygen transport also in the ad-

ventitial layer. In previous studies, oxygen transport was either solved only

in the lumen, neglecting wall diffusion/reaction (Tarbell’s model [6]), or in the

wall, assuming constant oxygen concentration in the adventitial layer (Moore’s

model [5]). Both approaches have been shown to produce physiologically rele-

vant results, when studying healthy vessels, allowing to predict potential regions

of wall hypoxia. However, evidence suggests that adverse wall mechanical condi-

tions, which commonly occur in a number of vascular interventions (intra-vascular

stents, arterio-venous fistulae and grafts and coronary artery bypass grafts) af-

fected by IH [174, 17, 18, 19], can negatively affect VV perfusion and hinder

optimal adventitial oxygen supply [127, 17, 18]. For these problems, omitting

adventitial oxygen supply could represent an inadequate modelling assumption.

In newly formed AVF, oxygen transport can be influenced by changes in the

native blood vessels 3-D geometry, which can negatively affect the haemodynam-

ics and cause an altered wall-mechanics, that can prevent adequate VV perfusion

[6, 10, 19, 3]. Despite the abundant literature documenting oxygen transport

in blood vessels, it is still uncertain which between fluid-side or wall-side trans-

port has the greatest relative importance, on the onset of hypoxia. In particular,
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the aim of this work was to ascertain what is most important in determining

wall-oxygen levels: (i) modified luminal flow field; (ii) mechanically-modified VV

perfusion.

In the following paragraphs, the terms local and overall wall-oxygen levels are

used to refer to spatial distributions and to average values of oxygen in the wall,

respectively. Results suggest that for a given set of wall parameters, the local

wall-oxygen levels are governed by the flow field, while spatial distributions of

mechanically-modified VV perfusion are shown to have negligible effects on the

local wall-oxygen levels. Qualitative visual comparison of P̂O2 and WSS mag-

nitude, which is used as a proxy of the flow, suggests strong spatial correlation

between flow and O2 transport. This finding is in agreement with Tarbell’s ob-

servation that oxygen transport is fluid-phase limited. Global SA and Spearman

rank correlation were used to quantify this link. Both separate and aggregated

analysis show that spatial distributions of P̂O2 are almost exclusively sensitive

to local patterns of WSS.

However, overall wall-oxygen levels are highly sensitive to changes in bulk

wall parameters. Specifically, at increased oxygen consumption rates, switching-

off completely VV perfusion results in critically low overall wall oxygen levels, as

the wall can only rely on luminal transport to supply O2 to the entire wall.

This means that the local variability in the VV perfusion field does not trans-

late significantly into changes of wall oxygenation, which are mostly explained

by local WSS patterns. In contrast, overall wall oxygen levels depend on the

balance between luminal and VV oxygen supplies, and wall oxygen consumption.

This means that if one is interested in determining the actual oxygen concentra-

tion within the wall, a more physiological model of wall-side oxygen transport is

needed. Therefore, further experimental work is necessary to determine better

estimates of parameters, such as oxygen consumption rate and VV microvascular

density and to clarify the role of the biomechanical forces in the mechanism of
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microvascular perfusion.



Chapter 6

Reducing Hypoxia in

Arterio-Venous Fistulae

6.1 Introduction

Results from the previous Chapter show that local wall oxygen levels are deter-

mined in the most part by flow patterns. For a given set of wall parameters, e.g.

oxygen consumption rate, the mechanically-modified VV perfusion have negligi-

ble effects on local wall oxygen levels. This suggest that while forming an AVF

exposes the artery and vein to an altered haemodynamics and oxygen transport,

the altered biomechanics does not appear to translate into significant spatial

variations in wall oxygen levels. In this chapter, these observations were used

to develop a simplified oxygen transport model, that is combined with a Mesh

Adaptive Direct Search (MADS) optimisation framework to identify an optimal

AVF configuration with reduced hypoxia levels. In the simplified model, spatially

constant VV perfusion in the adventitial layer was assumed. Additionally, it was

shown in the previous chapter that the oxygen concentration field is not affected

by temporal fluctuations in the flow field. For this reason, average steady-state

179
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inflow and outflow conditions were used to reduce the cost of each cost function

evaluation, and oxygen transport was solved using the procedure described in

Section 6.2.3.2.

6.2 Optimisation

6.2.1 Overview

The optimisation approach presented in this chapter is rooted in the work of

Grechy et al. [111], and uses the MADS method, proposed by Audet and Dennis

[238, 239], and Kriging surrogate models to reduce the optimisation cost. The

optimization procedure was fully automated, to include parametrisation and gen-

eration of three-dimensional solid geometries and meshes, CFD simulation and

post-processing. Similar methods have been recently used by Marsden et al. and

Yang et al. to optimise Y-grafts for Fontan procedures [240, 241, 242], and by by

Gundert et al. and Bressloff et al. to design cardiovascular stents [243, 244].

6.2.2 Parametrisation

Both vessel geometries were constructed by sweeping circular sections of diameter

DA = 6mm, along the vessel centreline. Brachial arteries exhibit an inherently

curved geometry in the ante-cubital fossa, the site where BC-AVF are normally

formed [1], which can potentially be leveraged during the surgery. The curved

arterial section xA is based on the recent work of Iori et al. [15] and Grechy et

al. [111] and defined as

xA = [0, 20DAcos(β), 20− 20DAsin(β)] (6.1)
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with β ∈ [−π/6,+π/6]. The vein centreline, xV, was constructed using a two-

piece cubic hermitian spline of the form

hi(s) = (2s3−3s2+1)pi+(s3−2s2+s)mi+(−2s3+3s2)pi+1+(s3−s2)mi+1 (6.2)

with s ∈ [0, 1]. The vein centreline is defined as

xV = h0(s) ∪ h1(s). (6.3)

with p0 = O, the intersection between the venous and arterial centrelines, for

construction, origin of the reference system, p1 = [xp1, yp1, zp1], the mid-point

of the venous centreline, p2 = [davsin(ξ),−10DA, davcos(ξ)], the DVO location.

The parameters mi identify the cubic spline tangents and are set as: m0 =

[10DAsin(θ)sin(φ), 10DAcos(θ), 10DAsin(θ)cos(φ)], the vein direction where the

arterial and venous centrelines meet, m1 = 3((p2 − p0) − (m2 + m0))/4, the

tangent at the venous mid-point, defined such that xV is C2-continuous and

finally m2 = [0,−10DA, 0], the tangent at the DVO.

The resulting idealised AVF geometry is parametrised by a set of six param-

eters [xp1, yp1, zp1, θ, φ, ξ], which are constrained such that xp1 ∈ [−5DA, 5DA],

yp1 ∈ [−5DA, 5DA], zp1 ∈ [−5DA, 5DA], θ ∈ [0, π], φ ∈ [0, π] and ξ ∈ [0, 2π]

[111]. The parameters were chosen to ensure clinical and anatomical relevance

to the geometry. In addition, during the geometry generation, the variables were

constrained such that self-intersection was avoided, venous length did not ex-

ceed 20DA, the maximum venous curvature did not exceed 1.5/DA and the whole

geometry fitted within an infinitely long cylinder, aligned with the y-axis, hav-

ing radius of 7.5DA [111]. A schematic illustration of the arterial and venous

centrelines is shown in Figure 6.1.
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Figure 6.1: Schematic illustration of arterial and venous centrelines, xa and xv
respectively, along with their associated parametrisation. Courtesy of Dr. Grechy
[111].

6.2.3 Optimisation Framework

MADS optimisation framework was used to identify the optimal AVF configura-

tion. MADS is a pattern search algorithm, a type of derivative-free optimisation

methods, which have a well established convergence theory [245]. When per-

forming optimisation, the number of samples required to survey the cost function

space grows exponentially with the dimensionality of the parameter space. On

top of that, each cost function call requires the solution of a computationally

expensive CFD simulation, making direct evaluations of the cost function infeasi-

ble, for large parameter spaces. Using a surrogate model improves the efficiency

of the optimisation process, as the cost function is not directly evaluated. The

MADS algorithm is comprised of two parts: a first exploratory search step, which

employs a surrogate model, in this case ordinary Kriging, to select points that are

likely to minimise the cost function, and a poll step, in which points neighboring
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the current optimum, are evaluated, in a set of directions, to check whether the

current optimum is a local optimiser for the cost function [245, 239, 238].

6.2.3.1 Cost Function

As pointed out by Marsden, the choice of an appropriate cost function to min-

imise is highly problem specific and one of the most critical aspect of applying

optimisation to mechanobiological systems [245]. In the context of reducing areas

of low oxygen transport, a simple cost function that evaluates the percentage of

vascular wall, exposed to critical values of PO2, is proposed. Specifically, the cost

function is defined as

Ψ =
(

1/V
∫

Ω
ψ(x)dΩ

)
× 100, (6.4)

where Ω is the vascular wall and V is the wall volume and

ψ =

 1 : PO2 < 15mmHg

0 : elsewhere.
(6.5)

6.2.3.2 Computational Method

Star-CCM+ v12.02.011-R8 (Siemens PLM, Plano, TX USA) was used to solve

Equations 3.1-3.3-3.8 to determine blood velocity field and the oxygen concen-

tration, for a given AVF configuration.

In the previous chapter, it was shown that the oxygen field does not appear

to be affected by flow temporal fluctuations. For this reason, to produce cheaper

simulations, the following procedure was used to solve oxygen trasport. Initially,

1000 iterations of the segregated steady-state solver were used to solve Navier-

Stokes equations, and then the segregated implicit unsteady solver was run with

a time-step dt = 0.0005 s, for 300 time-steps, corresponding to a total time of

0.15 s. The first 50 time-steps (0.025 s) were discarded, and the remaining 250
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(0.125 s) were used to calculate the time average velocity vector. Considering flow

fluctuations have frequencies of about 60-100 Hz, 0.125 s was deemed sufficient to

allow the flow to develop and produce a good estimate of the average flow field.

Subsequently, the average velocity field was used to solve oxygen transport.

A segregated steady solver was run until the oxygen transport residuals fell be-

low 10−9. For each configuration, polyhedral unstructured volume meshes were

generated, with prismatic boundary layer meshes adjacent to the wall, similar to

that used in Chapter 5. Each mesh had ≈ 6 × 106 cells in total (≈ 3 × 106 in

the fluid and ≈ 3× 106 in the wall). Wall and prismatic boundary layers having

similar size to those used in the previous chapter were generated while, in the

fluid, significant lower spatial resolution was used. Performance of the optimal

configuration, with respect to the simplifying assumptions, will be assessed with

a higher-resolution pulsatile simulation, in Section 6.4.

6.2.3.3 Initial Seeding

The Kriging surrogate model was initially trained on a set of samples gener-

ated using Latin Hypercube Sampling (LHS). Specifically, 600 LHS samples

were generated, constrained such that xp1 ∈ [−5DA, 5DA], yp1 ∈ [−5DA, 5DA],

zp1 ∈ [−5DA, 5DA], θ ∈ [0, π], φ ∈ [0, π] and ξ ∈ [0, 2π]. Of these 600 con-

figurations, 475 were rejected, because they did not satisfy the imposed con-

straints on maximum venous curvature and length, overall size, or because of

self-intersections. The first 100 of the remaining 125 feasible AVF configurations,

were run and for each of them the cost function Ψ was calculated. Figure 6.2

shows the 100 LHS samples and their relative cost function.
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Figure 6.2: Values of xp1 , yp1 , zp1 , θ, φ, ξ and Ψ, for the 100 initial training points
used to seed the Kriging-based surrogate.
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6.2.3.4 Mesh Adaptive Direct Search

The MADS method is a derivative-free, pattern search family, optimisation al-

gorithm, introduced by Dennis and Audet [238, 239]. Given the cost function

Ψ and its Kriging-based surrogate Ψe, MADS was used to search for the sample

point s∗ that minimises the cost function

s∗ = minimise
s∈S

Ψ(s) (6.6)

with S, set of all feasible configurations.

MADS is an iterative method divided into two main steps: SEARCH and

POLL. Figure 6.3 shows the block diagram of the MADS method. During the

SEARCH step, the surrogate model Ψe is calculated on a finite set of trial points.

The set, S̃k, represents the set of parameters tried during the optimisation, which

led to feasible geometries and is defined as

S̃k = Sk −W (Sk) (6.7)

where Sk is the full set of tried parameters, and W (Sk) is a subset of Sk, which

contains simulation that could not be solved, e.g. because of violating one or

more constraints. At k = 0, the set S̃0 is the initial dataset, generated during

LHS.



6.2. Optimisation 187

Ψ evaluated on
LHS seeding

k = 0, ∆k = 1

Update Kriging Surrogate Function Ψek + +

∆k ≤ 1/4?

Evaluate Ψe on M̃k Evaluate Ψe on M̃k

LHS

Evaluate Ψ on ηk

New Ψ
minimum?∆k = min(1, 4∆k)

Identify feasible POLL points

Evaluate Ψ on a feasible POLL point

New Ψ
minimum?

Last feasible
POLL point?

∆k > 1/64?∆k = ∆k/4

Stop

no

yes

no

yes

yes

no

no

yes

yesno
SEARCH

POLL

Figure 6.3: Block diagram of the MADS method; courtesy of Dr. Lorenza Grechy.
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At each iteration k, the surrogate model, Ψe, was built over the already tested

samples, S̃k, and evaluated on a grid M̃k defined as follows,

M̃k = Mk − Γ(Mk)− Π(Mk), (6.8)

where Γ(Mk) is the set of Mk configurations, which violate the geometry con-

straint, and Π(Mk) is the set of Mk configurations, which have venous centrelines

within 1 mm of venous centrelines, associate with all previous tried Sk configu-

rations. The grid Mk is defined as follows

Mk =
⋃

s∈Sk
{s + ∆m

k Dz : z ∈ NnD}, (6.9)

where n is the parameter space dimension, nD is 2n, D is an n × nD positive

spanning matrix, z is a vector of integers of length 2n and ∆m
k is the mesh

spacing at iteration k. The grid is defined as the union of sets over Sk. In this

way, it is ensured that all previously visited points lie on the mesh, and the new

trial points can be selected around any of them using the directions in D. In line

with [111], it was chosen to use D = [In,−In], with In, the identity matrix of

dimension n.

For a mesh spacing ∆m
k ≤ 1/4, Ψe is evaluated over the entire M̃k, otherwise,

Ψe is evaluated on a subset of M̃k, calculated from LHS of Mk, and containing

104 points, which will be called M̃LHS
k .

The set of four configurations, ηk, that have the lowest Ψe, are extracted from

M̃k or M̃LHS
k . To ensure good parameter space exploration, only configurations

which have venous centrelines, that depart from each other by at least 1 mm are

chosen.

At iteration k, the point, sk, represents the current optimal configuration,

that minimises Ψ. At this point, a CFD simulation is run for each predicted

trial point in ηk. If Ψ assumes a smaller value at any of the newly tested points,
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the current optimum, sk, is updated, the grid is coarsened ∆m
k+1 = min(4∆m

k , 1),

k = k + 1 and the SEARCH step is repeated, with updated Ψe and S̃k. On the

other hand, if no trial point improves the cost function, the algorithm enters the

POLL step.
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Figure 6.4: Values of objective function Ψ and parameters xp1 , yp1 , zp1 , θ, φ, ξ
against the number of the feasible simulations during the MADS optimisation.
In black, bars corresponding to potential minima, predicted during the SEARCH
step; hatched bars correspond to feasible simulation runs, tried during the POLL
step. A dashed line indicates the optimum of Ψ. The optimal geometry was
found during a POLL step.
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During the POLL, the cost function is evaluated on a set of points Pk defined

as

Pk = {sk + ∆m
k d : d ∈ Dk} ⊂Mk, (6.10)

where Dk is a positive spanning set of n+ 1 dimension, with ∆m
k ‖d‖∞ ≤ ∆p

k and

∆p
k, the poll size parameter.

Following [111], the poll size parameter is defined as ∆p
k = n

√
∆m
k . Generation

of the basis of directions, Dk, follows the rules described in [239]. Given that

strong geometric constraint on the vein, it is required that the POLL step has to

find at least one feasible configuration, otherwise a new poll set is recomputed.

As ∆m
k and ∆p

k goes to zero, the number of POLL points increases.

If during the POLL step, an improved mesh point is found, sk is updated,

the grid is coarsened ∆m
k+1 = min(4∆m

k , 1), k = k + 1, otherwise, sk+1 = sk,

the grid is refined ∆m
k+1 = ∆m

k /4, k = k + 1. Then the optimisation framework

returns to the SEARCH step, and newly evaluated trial points, Pk, added to Sk.

SEARCH and POLL are repeated until the convergence criteria, ∆m
k < ∆m

k min is

met (∆m
k min = 1/64).

Figure 6.4 shows new samples Sk and their relative cost function, tried during

the SEARCH and POLL steps. During the optimisation, Ψ was evaluated in 70

new samples, and the optimal geometry was found at the 44th simulation, leading

to Ψ = 7.58%. The optimal geometry was found during a POLL step.

The geometry of the 100 LHS and subsequent 70 MADS samples are omitted

in the discussion, but shown in the Appendix A.5. The richness of the parameter

space is apparent.

6.3 Results

The minimum value of Ψ obtained from the optimisation was 7.58%. The optimal

AVF configuration is shown in Figure 6.5 and the associated geometric parameters
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are reported in Table 6.5-(d). a The angle ξ = 149.06◦, along with the position

of p1 produces a venous geometry, resambling a section of helix. Secondary

flows and swirling, induced by helical-shaped vessels, are well-known to enhance

mixing, and thus mass transport, by reducing areas of potential flow stagnation

[8, 9, 246].
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Figure 6.5: Orthogonal side-on (a), end-on (b) and top-on (c) views of the opti-
mal AVF configuration. Salient aspects include an out-of-plane anastomosis, on
the side of the arterial bend and an inherently non-planar venous section. The
endothelial surface is colored by PO2. Table (d) contains the optimal design
parameters.

In order to assess the effectiveness of the surrogate optimisation framework
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to determine improved designs, cost functions evaluations of the first 100 latin

hypercube samples are comparated with the successive 70 MADS samples. Figure

6.6 plots median, inter-quartile range, and range of Ψ, for the two groups.

LHS MADS

10

15

20
Ψ

(%
)

Figure 6.6: Box plots of the median (horizontal black line), inter-quartile range
(white box), and range (whiskers) of Ψ, for the first 100 LHS and the successive
70 MADS samples. The black star indicate Ψ for the optimal configuration.

The MADS produces a reduction in Ψ, with respect to the LHS configurations,

of 13.8% from the group minimum (Ψ = 8.80%). In addition, a 40.3% reduction

from the group median (Ψ = 12.71%) and 56.7% reduction from the maximum

(Ψ = 17.51%) can be observed, with respect to randomly generated LHS designs,

which shows the effectiveness of the MADS in finding improved designs.

6.3.1 Sensitivity

Having identified an optimal configuration, it is useful to assess the sensitiv-

ity of Ψ to each of the six geometric parameters. Figure 6.7 plots the median,

inter-quartile range, and range, of parameters associated with good design con-

figurations, that achieve Ψ < median(Ψ). Three parameters, in particular, θ, φ

and ξ vary little during the optimisation and remain close to the optimal values.
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The other three parameters show a larger variability, meaning that the position

of P1 is not as critical in producing optimal AVF configurations.

This can be explained by two observations. First of all, the anastomosis angles,

in particular φ, produce an out of plane connection that breaks the symmetry

of the Dean flow, inducing rotation and swirling flow in the distal section of the

artery.
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Figure 6.7: Box plots of the median (horizontal black line), inter-quartile range
(white box), and range (whiskers), of parameters associated with configurations
that achieve Ψ < median(Ψ). Black stars indicate the parameter values of the
optimal set.

Secondly, oxygen transport appears to be improved by the inherent non-

planarity of the vein, which, as already mentioned, may induce secondary flows

and swirling. In particular, with the given optimal θ and φ, the position of the

final end of the anastomosis, P2, which is a function of ξ, appears more important

in determining an helical venous shape, than the location of the middle point P1,

determined by xp1 , yp1 , zp1 . In both cases, swirling helps reducing flow stagnation

and enhancing mixing, both of which have a positive effect on oxygen transport.
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6.3.2 Local Normalized Helicity and Oxygen Transport

Molecular diffusion of low-molecular-weight species between the blood and the

arterial wall is a slow process, especially considering the distance over which

mass transport must occur [247, 6]. Several authors found a correlation between

WSS and mass transport of such species. In particular, it has been observed that

hypoxia often occurs in regions of low WSS [48, 247, 6].

Secondary flow and cross mixing can induce relatively uniform distributions

of WSS, by suppressing flow stagnation/separation, that normally occur in vas-

cular bends and bifurcations. Therefore, mixing can be expected to enhance the

transport of oxygen between the blood and the vessel wall [8, 247, 9].

In previous studies, swirling flows have been quantified using helicity density,

a flow property introduced by Shtilman [248]. Helicity density measures the

potential of a moving fluid to evolve into a helical flow, and is defined as follows

h = u · (∇× u), (6.11)

where the curl of the velocity field, ∇× u, is the vorticity vector.

Based on Shtilman’s h, Grigioni et al. [249] defined the Local Normalized

Helicity (LNH) as

LNH = u · (∇× u)
|u||∇ × u)| . (6.12)

LNH is a non-dimensional quantity that measures the alignment between the

velocity and the vorticity vector, and can be used as an indicator of flow rotation

[250].

Figure 6.8 shows iso-surfaces of LNH, in blue LNH=-0.7 and in red LNH=0.7,

within the four best (i)-(ii)-(iii)-(iv) and the four worst (1)-(2)-(3)-(4) AVF con-

figurations.
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(i) MADS 44, Ψ=0.0758, ˜|LNH|=0.3008 (1) LHS 83, Ψ=0.1751, ˜|LNH|=0.2399

(ii) MADS 57, Ψ=0.0774, ˜|LNH|=0.3106 (2) LHS 81, Ψ=0.1738, ˜|LNH|=0.2510

(iii) MADS 22, Ψ=0.0780, ˜|LNH|=0.3056 (3) LHS 11, Ψ=0.1634, ˜|LNH|=0.2586

(iv) MADS 45, Ψ=0.0784, ˜|LNH|=0.3094 (4) LHS 99, Ψ=0.1623, ˜|LNH|=0.2549

Figure 6.8: Iso-surfaces of LNH (blue LNH=-0.7 and red LNH=0.7) within the
four best (i)-(ii)-(iii)-(iv) and the four worst (1)-(2)-(3)-(4) AVF configurations.

The four worst AVF configurations (which have the highest Ψ) were randomly

generated during LHS. For all of them, the vein is connected on the outside of the

arterial bend. Conversely, the four best AVF configurations were all generated

during MADS, and for all of them, the vein is connected laterally to the arterial

bend. This generates rotating flow in the distal arterial section, which is high-
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lighted by the presence of helical structures, which are not present in the worst

configurations.

Lower values of, ˜|LNH|, the spatially-averaged absolute value of LNH, can

be observed in worst AVF configurations. In particular, a significant, negative

correlation, with Pearson’s correlation index of R=-0.58, exists between the cost

function Ψ and ˜|LNH| (see Figure 6.9).
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Figure 6.9: Scatter plot of Ψ against ˜|LNH|, for the 170 AVF configurations,
generated during the LHS and MADS. A significant, negative correlation, with
Pearson’s correlation index of R=-0.58, is observed. In black the fitted linear
regression.

6.4 Pulsatile Simulation

A high resolution pulsatile simulation was undertaken to verify that the opti-

mal configuration behaves broadly as the simplified model, used to reduce the

optimisation cost.

Patient-specific proximal inflow and and distal outflows Ultrasound measur-

ments were performed by Dr. Richard Corbett, at the time of the AVF surgery,

on a sample of 49 patients [44]. From these, population average waveforms were

extracted and used to prescribe realistic boundary conditions.
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6.4.1 Boundary Conditions

Modelling the pulsatile behaviour of blood requires a proper description of the

time-dependent effects of the up and downstream vasculature. At the PAI, a time-

varying, spatially-constant velocity boundary condition was imposed, having an

average velocity of 0.31 m/s (equivalent to 8.82 ml/min), which resulted in an

average Reynolds number of 567. The PAI inflow rate QPAI is shown in Figure

6.12-(b). The velocity was prescribed normal to the PAI inflow plane.

The distal vascular bed was modelled by means of a 3-elements Windkessel

model (Fig. 6.10), which was deemed to be appropriate to capture the effect of

the proximal and peripheral vascular resistance and compliance [251].

R2i

R1i

Ci

Pi

Qi

Figure 6.10: Three elements RCR Windkessel model. The series resistor (R1i)
represent proximal vascular resistances, while the parallel resistor-capacitor (R2i
- Ci) describes peripheral vessels resistance and compliance.

At each outlet, a Resistor-Capacitor-Resistor (RCR) Windkessel model was

applied, resulting in the following ordinary differential equations:

PDAO = QDAOR1DAO −R2DAOCDAO
d
dt(PDAO −R1DAOQDAO), (6.13)

and

PDV O = QDV OR1DV O −R2DV OCDV O
d
dt(PDV O −R1DV OQDV O), (6.14)

where PDAO and PDV O are spatially averaged pressures at the DAO and DVO,
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QDAO and QDV O are the outflow rates at the DAO and DVO, and R1DAO, R2DAO,

CDAO R1DV O, R2DV O, CDV O are the relevant Windkessel parameters, that needs

to be determined.

Specifically, at each time-step, the pressure outlet boundary conditions, PDAO
and PDV O were updated and mass-flow rates QDAO and QDV O calculated from

the CFD solver. Equations 6.13 and 6.14 were explicitly coupled with the CFD

solver and solved using an implicit Euler method.

The RCR parameters were estimated using the approach outlined by Grechy

et al. in [110, 111], such that the pressure at the PAI had a physiological range of

80-125 mmHg, and the outflows matched the AVF population average flow rates

(shown in Fig. 6.11), measured by Dr. Corbett [44].
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Figure 6.11: AVF population average inflow and outflow rates, measured by Dr.
Corbett [44].

Values for the RCR parameters were obtained using an iterative approach

that aimed to minimise

Φ =
(
|max(PPAI)− PRS|

PRS

)2

+
(
|min(PPAI)− PRD|

PRD

)2

+(∫
|QDV O −QDV O -R|dt∫
|QDV O -R|dt

)2 (6.15)

where PPAI is the pressure waveform calculated at the PAI, PRS = 125mmHg and
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PRD = 80mmHg are the reference systolic and dyastolic pressures, and QDV O -R

is the reference outflow rate waveform, measured at the DVO [44]. The integrals

are calculated over a single pulse period, when the solution has become period

independent.

The iterative process combined a 0D lumped parameter model, with a low-

resolution 3D CFD model. The 0D model, shown in Figure 6.12, is a reduced

order representation of the 3D model: each of the three vascular segments is

represented in terms of an inductor and a quadratically non-linear resistor.
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Figure 6.12: Schematic illustration of the 0D model used in the Windkessel pa-
rameter estimation process. Gray components represents an approximation of
the low-resolution 3D model.

At the beginning of the iteration, the 0D lumped parameters were initially es-

timated and the 0D reduced-order model was used to identify Windkessel param-

eters that minimise Φ, using the Nelder-Mead simplex algorithm, implemented in

the fminsearch Matlab function. Then, the Windkessel parameters were used to

prescribe outflow boundary conditions to the 3D model, which was solved with

until the solution reached period independence. From the 3D solution, pressure

losses, (PPAI − PMID), (PMID − PDAO) and (PMID − PDV O) and the relative
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flow-rates were extracted, and improved estimates for the 0D parameters were

calculated. The process repeated until the Windkessel parameters were seen to

converge.

Parameter Value
R1DAO 8.63 (mmHg ml−1 s)
R2DAO 45.51(mmHg ml−1 s)
CDAO 0.02 (mmHg−1 ml)
R1DV O 8.13 (mmHg ml−1 s)
R2DV O 0.67 (mmHg ml−1 s)
CDV O 0.51 (mmHg−1 ml)

Table 6.1: Estimated Windkessel parameters, used in the pulsatile simulation.

6.4.2 Computational Method

Initially, zero flow, constant PO2 = 90mmHg and a reference pressure of 80

mmHg were set as initial conditions for the coupled steady-state solver, imple-

mented in Star-CCM+ v12.02.011-R8, which was used to solve Navier-Stokes and

oxygen transport equations (Eq. 3.1 - 3.3 and 3.8), until momentum, oxygen and

mass continuity residuals fell below 10−9.

The resulting initial steady-state solution was then set as the initial condition

for the coupled implicit unsteady solver, implemented in Star-CCM+ v12.02.011-

R8. The first pulse period, from 0 to 0.83 s, was run to allow transient “start-up”

phenomena to dissipate.

The subsequent two pulse periods, from 0.83 to 2.49 s, were run and data were

exported for analysis and to verify period convergence. A time-step of 4.15×10−4

s was used and each time-step was run until all residuals fell below 10−9. Coupling

between fluid and wall oxygen transport was satisfied using an explicit scheme,

following the strategy outlined in 5.2.3.

A polyhedral unstructured volume mesh was generated, with prismatic bound-
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ary layer mesh adjacent to the wall, similar to that used in the optimisation. A

total of ≈ 11.3 × 106 (≈ 5.2 × 106 in the fluid and ≈ 6.1 × 106 in the wall) cells

were used to discretise the domain.

Prismatic boundary layers, with same number of elements and first element

thickness as that used in the optimisation were constructed, while significantly

higher spatial resolution was used to generate the polyhedral meshes of the wall

and fluid. Cells having an average size of 1 × 10−4 m were used to mesh the

anastomosis, where the flow is expected to be more complex, and expanding

progressively to 2 × 10−4 m, were used beyond a distance of 3 × 10−2 m, away

from the anastomosis.

6.4.3 Results

6.4.3.1 Flow

Figure 6.13 shows inlet and outlet pressure and flow-rate waveforms from the

high-resolution pulsatile simulation. The estimated Windkessel parameters pro-

duce boundary conditions that are in line with the pressure and flow conditions,

that were required in the Windkessel parameter estimation. Specifically, the

maximum and minimum inlet pressure, PPAI , match the physiological range of

80-125 mmHg, and the outflow rates, QDAO and QDV O, also follows the measured

outflow rates, QDAO -R and QDV O -R.

The simulation was initialised from a steady state solution, as per Section

6.4.2, and advanced 2.49 s in time (3 pulse periods, T=0.83 s). The first period,

t ∈ [0, 0.83] s, was discarded, to allow to the transient phenomena to disappear,

and period convergence was assessed on the second and third pulse periods. Fig-

ure 6.14 shows the magnitude of the velocity vector extracted at different points,

along the arterial and venous centrelines. Visually, it appears that good period

independence is attained during the second and third period.
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Figure 6.13: Pressure (a) and flow-rate (b) waveforms from the high-resolution
pulsatile simulation. The horizontal dashed lines show the physiological range of
80-125 mmHg, used to estimate Windkessel parameters for the outflow conditions.
QPAI was imposed at PAI, QDAO and QDV O are the outflow rates obtained at the
DAO and DVO, respectively. QDAO -R and QDV O -R are the measured outflows
from [44].
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Figure 6.14: Temporal traces of the velocity vector magnitude extracted at dif-
ferent points, along the arterial (a) and venous (c) centrelines. The location of
the extracted velocities are shown in (b). Good period independence is attained
during the second and third period.
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Despite the lower average Reynolds number at the inlet, compared with previ-

ous simulations of Iori and Grechy [15, 110, 111], transitional flow can be observed

in the distal artery and the vein, from the temporal traces of the velocity mag-

nitude, shown in Fig. 6.14. In particular, the largest fluctuations appear in the

deceleration phase of the diastole, right after the end of the systole.

To measure how these flow instabilities translate into oxygen transport, Snap-

shot POD and SPI of oxygen concentration and WSS vector were compared at

the endothelium. The five most energetic POD temporal modes, a1(t), .., a5(t),

for WSS and oxygen concentration fields, are shown in Figure 6.15-(a), while

Figure 6.15-(b) contains the POD eigenspectra.

Figures 5.3-(c)-(d) shows the SPI for |www| and PO2, calculated with a harmonic

threshold of ncω0/(2π) >10 Hz. This value was chosen based on the prescribed in-

flow QPAI , such that the signal reconstructed with harmonics up to nc, contained

99% of the energy in the driving flow rate.

In line with previous observations made in Section 5.3.2 and by Tada and

Tarbell [7], oxygen concentration does not appear to be affected by the flow

fluctuations. A large change in the order of magnitude can be observed between

the first temporal mode, a1(t), which essentially contains average spatial and

temporal features of the field, and the subsequent ones. This can be also observed

as a fast decay of the energy distribution, E1,M = ∑M
k=1 λk.

Finally, the SPI, calculated on |www| with a cut-off frequency of 10 Hz, con-

firms the presence of diastolic instabilities - with frequencies of about 20 Hz -

in the distal artery and proximal vein section. These finer temporal features are

completely filtered in the oxygen concentration field (Figure 6.15-(d)), as only

temporal features, having frequencies lower than 10 Hz are retained.
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Figure 6.15: (a) the five most energetic POD temporal modes (a1(t), .., a5(t)),
calculated on the endothelium for |www| and oxygen concentration, PO2. (b) POD
energy spectra distribution (λk is energy content of the k-th mode, normalized
by the total energy content E1,M = ∑M

k=1 λk). (c)-(d) spatial distributions of the
SPI.

6.4.3.2 Pulsatile vs Steady Boundary Conditions

The high-resolution, pulsatile simulation presented in the previous sections, was

compared to a lower resolution, steady-state simulation, similar to those used

to reduce the optimisation cost, to assess the adequacy of the chosen simplified

assumptions. Specifically, average inflow and outflow rates, calculated from the

measured proximal and distal flow rates in Figure 6.12, were used to prescribe

matching boundary conditions to the Low-Res simulation.
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In Figure 6.16, the time-averaged PO2 field obtained from the pulsatile sim-

ulation were compared to the PO2 field resulting from the simplified, steady

model. Figure 6.16 presents orthogonal top-on (a) and end-on (b) views of the

two models, colored by the time-averaged PO2 and iso-surfaces of low oxygen con-

centration (PO2 = 20 mmHg). Overall, good visual agreement of between the

two models can be observed, for both the distributions of PO2 and the critical

PO2 iso-surfaces.
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Figure 6.16: Orthogonal top-on (a) and end-on (b) views of the optimal AVF
configuration, colored by the time-averaged PO2 (Pulsatile High-Res), and PO2
(Steady Low-Res). In blue, iso-surfaces of critical oxygen concentration (PO2 =
20 mmHg).

In addition, the percentage wall volume of critical oxygen concentration (PO2 <

10, 20 and 30 mmHg, respectively), is presented in Figure 6.17, for both models.

This quantity is essentially the cost function used during the optimisation. Once
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again, good agreement is found between the two models, with a deviations from

the high-res pulsatile model of less than 5%.
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Figure 6.17: Bar chart showing the percentage wall volume of PO2 < 10, 20 and
30 mmHg, for the Steady Low-Res and Pulsatile High-Res models.

6.5 Conclusion

In previous studies, low oxygen transport has been associated with development

of IH [12, 3, 17, 18]. In this Chapter, a MADS optimisation framework along

with CFD simulations were used to design an idealised AVF configuration that

minimises hypoxia [111].

Following findings of Chapter 5, a simplified CFD model of AVF, with steady

boundary conditions, was used during the optimisation process. In addition, the

effect of mechanical stress and deformation on wall perfusion was ignored. A

surrogate model of the cost function was used to further reduce computational

cost, by performing less CFD simulations. The optimisation framework was able

to determine an optimal geometry, which is able to significantly reduce the wall
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volume percentage of critical oxygen concentration, with respect to randomly

generated AVF configurations.

The optimal geometry features an out-of-plane anastomosis, connected later-

ally to one side of the arterial bend, and a non-planar looped vein, resambling a

section of helix. In line with previous studies, it is postulated that mixing, and

thus oxygen transport, is enhanced by the presence of secondary and swirling

flow, induced by the out-of-plane anastomotic angle and the helical-shaped vein

[8, 9, 246]. This is also supported by a significant correlation between the cost

function Ψ and the spatially averaged LNH.

Previous work by Iori et al. and Grechy et al. showed that, if one wants to

suppress unsteady flows, non-planar anastomosis, formed on the outside of an

arterial bend, are preferred [15, 111]. While both the current optimal configura-

tion and the geometry determined by Grechy et al. exhibit high non-planarity,

substantial difference can be observed in the position of the vein with respect of

the artery [111]. In particular, the following observations can be drawn. If one

subscribes to the hypothesis that IH is caused by unsteady disturbed flow, AVF

should be formed via a vein graft onto the outer curvature of a curved artery.

However, if one is interested in maximising oxygen transport, the anastomosis

should be formed laterally, on one side of a curved artery. While IH is likely a

multifactorial process [2], the recommendations in this work and previous studies

by Grechy and Iori [15, 111] are apparently incompatible, which highlights the

importance of ascertaining the exact mechanisms underlying development of IH

in AVF.
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Conclusions

The research presented in this work investigated oxygen transport in idealised

models of AVF, with a focus on the effect of stress and deformation on vasa

vasorum perfusion. In Chapter 4, a structural FE model of the AVF surgery

was developed. The AVF geometries obtained from FE simulations bears a good

resemblance with geometries extracted from patients MRI scan images [44]. Re-

sults show that AVF formed from shorter mobilised veins, are prevalent in the

AVF sample observed in [44]. This is likely attributable to the fact that the

length of vein is arbitrarily chosen by the vascular surgeon, during the inter-

vention, based on the patient’s anatomy. In general, long vein sections are not

available and it is preferable to mobilise shorter veins, to avoid kinking [1]. The

vein, due to its thinner, less stiff wall compared to the artery, undergoes a larger

deformation and circumferential stress, when pressurised to a reference arterial

pressure of 100 mmHg. Bending the vein, from its normally straight configura-

tion, to connect its end to the hole created in the arterial wall, induces stress

concentration at the bend. In addition, stress concentration can also be observed

in the artery, at the incision ends. In line with previous study, the inclusion of

residual stress in the model have the effect of normalizing the stress in the wall

209
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[201]. Dobrin et al. and Bassiouny et al. speculate that changes in the normal

wall mechanical environment, occurring in various locations of the vein, distal

artery, and floor of the anastomosis, may contribute to IH [68, 67]. Other studies

argue that increased wall stretch is associated with the upregulation of hypoxia

inducible factors [69, 39, 70], which are transcriptor factors released during tissue

hypoxia. It is unclear whether the importance of mechanical risk factors, with

respect to IH development, is comparable to haemodynamic factors and hypoxia

or the correlation with IH is indirectly due to VV suboptimal perfusion and thus

hypoxia.

To account for the different microvascular collapse mechanisms, that are pos-

tulated in the literature, two different perfusion mechanism were proposed, a

stress-based and a stretch-based model. In Chapter 5, the perfusion fields ob-

tained from the mechanical simulations in Chapter 4, were used to prescribe a

VV oxygen source in the adventitial layer. This is the first numerical study to

include a VV oxygen source into the model. Previous studies either solved oxy-

gen transport only in the vessel lumen or included the wall but assumed constant

oxygen concentration in the adventitial layer. In Tarbell’s model, oxygen trasport

was solved as a passive scalar specie dissolved in blood, with constant diffusivity

and a spatially constant oxygen concentration applied at the endothelium. This

choice was based on the assumption that oxygen transport is fluid-phase limited,

and hypoxia is assumed to occur in areas of the wall, where the total wall oxygen

consumption exceeds the wall normal oxygen flux into the endothelium [6]. Con-

versely, in studies based on Ethier and Moore’s work, oxygen transport is solved

in the wall but neglected in the adventitia. Instead, a constant oxygen concentra-

tion is prescribed at the interface between the media and adventitia, under the

assumption of optimal VV perfusion [5]. Both modelling approaches have been

shown to produce physiologically relevant results, allowing to predict potential

regions of hypoxia when studying healthy vessels. However, several in-vivo and
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in-vitro studies argue that the perfusion of VV can be negatively affected by ad-

verse wall mechanical conditions [128, 3, 19], which can compromise the optimal

advential oxygen supply [127, 17, 18]. This situation has been hypothesised to

occur in a number vascular conditions affected by IH [174, 17, 18, 19]. These in-

clude intra-vascular stents, arterio-venous fistulae and grafts and coronary artery

bypass grafts, all of which have in common an altered biomechanical environment

[17, 18]. For these problems, neglecting adventitial oxygen supply could represent

an inadequate modelling assumption.

In summary, luminal oxygen supply is affected by a disrupted haemodynamics,

while, altered wall-mechanics can prevent adequate VV perfusion [6, 10, 19, 3].

The principal aim of the work was to ascertain what is most important in de-

termining wall-oxygen levels: (i) modified luminal flow field; (ii) mechanically-

modified VV perfusion. To assess the effect of varying flow conditions and bulk

wall parameters, a parametric study was undertaken. Results suggest that for

a given set of wall parameters, the local wall-oxygen levels are governed by the

flow field, while mechanically-modified VV perfusion is shown to have negligi-

ble effects. Spatial patterns of PO2 exhibit a significant correlation with WSS,

which is used as a proxy of the flow in the boundary layer, in line with Tar-

bell’s observation that oxygen transport is fluid-phase limited. However, overall

wall-oxygen levels appear to be sensitive to changes in bulk wall parameters.

Specifically, at increased oxygen consumption rates, shutting-off completely VV

perfusion results in critically low overall wall oxygen levels. This means that the

local variability in the VV perfusion field does not translate significantly into

changes of wall oxygenation, which are mostly explained by local WSS patterns.

In contrast, overall wall oxygen levels depend on the balance between luminal

and VV oxygen supplies, and wall oxygen consumption. Therefore, further ex-

perimental work is necessary to determine better estimates of parameters, such

as oxygen consumption rate and VV microvascular density and to clarify the role
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of the biomechanical forces in the mechanism of microvascular perfusion.

In Chapter 6, results from Chapter 5 were used to develop a simplified oxygen

transport model, that is combined with a MADS optimisation framework and

Kriging surrogate models to identify an optimal AVF configuration with reduced

hypoxia levels. Specifically, in the simplified model spatially constant VV perfu-

sion in the adventitial layer and steady inflow and outflow conditions are assumed.

The optimal configuration identified by the optimisation framework features an

out-of-plane anastomosis and a helical shaped vein, laterally connected to an ar-

terial bend. Such a geometry is believed to enhance oxygen transport by inducing

swirling/secondary flows, in agreement with observations by Caro and Coppola

[252, 8, 9]. A high resolution pulsatile simulation within the optimal configu-

ration was undertaken to verify that the optimal configuration behaves broadly

as the simplified model, used to reduce the optimisation cost. Good visual and

quantitative agreement was found between the high resolution pulsatile and lower

resolution steady-state simulations.

7.1 Future Work

In summary, the present study provides new evidence suggesting that although

local wall oxygen patterns are primarily governed by the flow field, disrupted

VV perfusion and increased wall oxygen consumption can severely affect the

overall wall oxygen levels. However, future work is needed to address some of

the limitations of this study. In particular, it is necessary to design in-vivo and

in-vitro experiments to quantify the effect of mechanical stretch and/or stress on

the microvasculature of medium and large blood vessels. A deeper insight into

the mechanics of perfusion will allow to develop an improved model of VV oxygen

supply. Subsequently, such an improved model of oxygen transport could be used

to undertake patient specific simulations and correlate wall hypoxia with the

observed clinical outcome. This would allow to validate/disprove the relationship
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between the development IH and hypoxia and quantify its relative importance

in relation to other well-established haemodynamic risk factors, such as low and

unsteady WSS.

The optimal geometry identified through the optimisation framework pre-

sented in Chapter 6, could be used to develop a prototype device to hold an

AVF in the optimal configuration, as proposed by the proof-of-concept study by

Grechy et al. [111]. A device of this type is envisaged to be fabricated from a

bio-compatible material such as a bio-compatible silicone or bio-resorbable hy-

drogel and be slotted/implanted onto the AVF to facilitate the anastomosis for-

mation and hold the newly formed AVF in the proposed optimal configuration

[111]. Whether or not such a device can enhance oxygen transport within AVF,

reducing the prevalence of IH, still remains unknown. In addition, it is still

uncertain whether prescribing such an AVF configuration can produce adverse

(low/oscillatory) WSS patterns, which could lead to unfavourable remodelling

and unintentionally cause IH. Future work, including benchtop and animal mod-

els (porcine/rabbit), is needed to address these questions and clarify whether a

device of this type has the potential to be used in clinical practice to improve

AVF patency rates.
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Appendix A

A.1 Proper Orthogonal Decomposition

The Proper Orthogonal Decomposition (POD) is a numerical technique that al-

lows to process large amounts of high-dimensional data with the aim of obtaining

low-dimensional descriptions that capture much of the phenomena of interest.

POD was already known as Principal Component Analysis and Karhumen-Loéve

expansion, but was first introduced in the fluid-mechanics community by Lumley

in 1967 [221].

Let us consider a random generalized process u(x, ti), with i = 1, ...,M , which

is a sequence of numerical or experimental observations. The time-average of the

sequence is defined by

u(x) = 〈u(x, ti)〉 = 1
M

M∑
i=1

u(x, ti) (A.1)

and assumed to be zero without loss of generality. The POD decomposes the

signal u(x, ti) in a set of time-independent orthonormal basis functions, Φk(x),
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and time-dependent orthonormal amplitude coefficients, ak(ti), such that

u(x, ti) =
M∑
k=1

ak(ti)Φk(x), i = 1, ...,M. (A.2)

The POD is optimal in the sense that the average least-squares truncation error

εm = 〈‖u(x, ti)−
m∑
k=1

ak(ti)Φk(x)‖2〉 (A.3)

is minimum for any given number m of basis functions, where ‖ · ‖ = (·, ·) is the

L2-norm and (·, ·) is the standard inner product. Equation A.3 is equivalent to

finding the set of POD modes Φk(x) that maximise the projection of u onto Φ

max
Φ

〈|(Φ(x), u(x, ti)|2〉
‖Φ(x)‖2 . (A.4)

This corresponds to maximising the following functional:

(R(t, t′),Φ(t)Φ∗(t′))
‖Φ(x)‖2 = λ > 0 (A.5)

where R(t, t′) = 〈u(t)u(t′)〉 is the autocorrelation function of u(t) and u(t′) and

·∗ is the complex conjugate. It can be shown that Eq.A.5 corresponds to solving

the following integral eigenvalue problem

∫
R(t, t′)Φ∗(t′)dt′ = λΦ(t). (A.6)

The solution of this equation produces a set of orthonormal functions Φk(x),

and associated eigenvalues λk. The temporal modes, ak(ti), are calculated by

projecting the data set on the spatial POD modes as

ak(t) = (u(x, ti),Φk(x)). (A.7)
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In addition, it can be shown that temporal and spatial modeds are uncorrelated

and the following orthogonality properties hold,

〈aj(ti)ak(ti)〉 = δjkλj

Φ∗j(x)Φk(x) = δjk
(A.8)

where δjk is the Kronecker delta.

A popular technique for solving the eigenvalue problem in Eq. A.6 is the

Method of Snapshot, developed by Sirovich [222]. This method allows a more effi-

cient solution of the eigenvalue problem when the resolution of the spatial domain

is higher than the number of temporal observations. This method is based on the

fact that POD modes Φk and data vectors ui = [u(x1, ti), u(x2, ti), ...u(xN , ti)]

span the same linear space [222]. Therefore, the POD modes can be written as a

linear combination of the data vectors

Φk =
M∑
i=1

vki ui, k = 1, ...,M. (A.9)

The coefficients vki are obtained from the solution of the following eigenvalue

problem

Cv = λv. (A.10)

where C is a symmetric M×M matrix defined by Cij = 1
N

(ui(x), uj(x)).

A.2 Variance-based Global Sensitivity Analysis

From a black-box perspective any model can be interpreted as a function Y =

f(X), where X is the vector of model inputs {X1, X2, ..., Xn} and Y is a chosen

model output. The inputs, without loss of generality can be considered indepen-
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dently and uniformly distributed in the unit n-dimensional cube

Kn = {X|Xi ∈ [0, 1]; i = 1, 2, ..., n} (A.11)

Consider a group of indices, i1, ..., is where 1 < i1 < ... < is < n and s =

1, ..., n; it is possible to introduce a notation for a sum over all the different

groups of indices:

∑̂
Ti1,...,is =

n∑
i=1

Ti +
n∑

1≤i<j≤n
Ti,j + ...+ T1,...,n. (A.12)

The model function can be decomposed as an expansion into summands of

different dimensions:

Y = f0 +
∑̂
fi1,...,is(Xi1 , ..., Xis) =

n∑
i=1

fi(Xi) +
n∑

1≤i<j≤n
fi,j(Xi, Xj) + ...

+f1,...,n(X1, ..., Xd)
(A.13)

where f0 is a constant, fi(Xi) are referred to as main effects and functions of Xi,

while fi,j(Xi, Xj) are referred to as first-order interactions and are functions of

Xi and Xj and so on. A condition for this decomposition to be valid is that the

integrals of the summands fi1...is , with respect to any of their own variables are

zero: ∫ 1

0
fi1,...,is(Xi1 , ..., Xis)dXik = 0 (A.14)

for 1 ≤ k ≤ s. It follows that

f0 =
∫
Kn

f(X)dX (A.15)

and that all the summands on the right-hand side of Eq. A.13 are orthogonal,
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i.e. for i1, ..., is 6≡ j1, ..., jl

∫
Kn

fi1,...,isfj1,...,jldX = 0. (A.16)

In fact, at least one of the indices i1, ..., is, j1, ..., jl is not repeated and the inte-

gral with respect to that variable is zero because of Eq A.14. The terms if the

decomposition can be written in terms of conditional expected values, as follows:

f0 = E(Y )

fi(Xi) = E(Y |Xi)− f0

fi,j(Xi, Xj) = E(Y |Xi, Xj)− f0 − fi − fj.

(A.17)

Assuming that f(X) is square-integrable, yields

∫ 1

0
f 2(X)dX− f 2

0 =
n∑
s=1

n∑
i1<...<is

∫
fi1,...,isdXi1 ...dXis . (A.18)

The term on the left is the variance of Y , while the terms on the right are variance

terms decomposed with respect to sets of input variables. This leads to

V ar(Y ) =
n∑
i=1

Vi +
n∑

1≤i<j≤n
Vi,j + ...+ V1,...,n (A.19)

with
Vi = V ar(E(Y |Xi))

Vi,j = V ar(E(Y |Xi, Xj))− Vi − Vj.
(A.20)

The above decomposition shows that the input variance can be divided into terms

attributable to each input, as well as the interactions between each input. Input

variances can be converted into proportions, by dividing them by V ar(Y ), as
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follows:
1 =

n∑
i=1

Vi
V ar(Y ) +

n∑
1≤i<j≤n

Vi,j
V ar(Y ) + ...+ V1,...,n

V ar(Y ) =

n∑
i=1

Si +
n∑

1≤i<j≤n
Si,j + ...+ S1,...,n.

(A.21)

Using main effect Si, first-order interactions Si,j and higher-order Sobol indices,

one can build a picture of the inputs relative importance on the output. With

large number of input variables, it requires to evaluate 2n− 1 indices. Therefore,

another useful quantity, called total effect index can be introduced, to measure

the uncertainty remaining in the output, given all inputs, except Xi, as follows

ST i = 1− V ar(E(Y |X∼i))
V ar(Y ) . (A.22)

The notation X∼i denotes the set of all input variables, except Xi. In general,∑n
i=1 ST i ≥ 1, and is equal to 1 only when the model is purely additive.

These sensitivity measures can be computed from the terms of Eq. A.13, in

terms of conditional expected values. A great deal of the work in this field is

done on efficient and accurate ways for estimating these conditional expectations

from data. Sobol indices are estimated using Monte Carlo sampling methods,

which are very computationally expensive requiring several thousands of model

calls. To overcome this shortcoming, the metamodel approach is frequently used

to simulate the behavior of an experimental system or computationally expensive

numerical model. A surrogate model, having much lower computational cost, and

good prediction capabilities, is fit to a set of initial training samples, and then

used to efficiently produce several thousands model calculations.

A.3 Gaussian Process Regression

Gaussian Process Regression, or Kriging as it is known in geostatistics, is a

stochastic regression algorithm, used to approximate noise-free data, that has
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proven to be very versatile for tasks such as optimization, design space explo-

ration and sensitivity analysis.

Given model response y(x) : R → Rn, which is a realisation of a Gaussian

process, having inputs x ∈ Dx ⊂ Rn, with n parameter space dimension, the

Kriging surrogate model, ŷ(x), approximates y(x), through the following equation

ŷ(x) = F(βββ,x) + Z(x). (A.23)

The first part of Eq. A.23 is a global regression term or trend, F(βββ,x) = fTβββ =∑p
j=1 βjfj(x), where βββ is the regression parameters vector and fT is the vector

of basis functions. The second part of Eq. A.23 is a local stochastic Gaussian

process, that is normally distributed Z(x) ∼ N (0, σ2), with zero mean and vari-

ance σ2. This process is defined by the covariance between any couple of domain

inputs,

Cov(Z(x),Z(x′)) = σ2R(x,x′, θθθ) (A.24)

The correlation function R(x,x′, θθθ) describes the spatial similarity between two

samples of the input space, x and x′ and depends on the choice of hyper-

parameters θθθ, that needs to be determined.

Let us suppose that ŷ(x) is a predictor of y, which can be obtained as a linear

combination of m observations in the design data S = [s1, ..., sm] and responses

ys = [y1, ..., ym], as

ŷ(x) = cTys, (A.25)

with c = c(x) ∈ Rm. The error of the predictor is

ŷ(x)− y(x) = cTys − y(x)

= cT (Fβββ + d)− (fTβββ + Z(x))

= cTd−Z(x) + (FTc− f)Tβββ

(A.26)

where d is the vector of deviations from the regression model at design space
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sites. To keep the predictor unbiased, it is required that FTc − f = 0, which

means that the regression does not over or understimate the true process. This

effectively allows to express the predictor error as ŷ(x) − y(x) = cTd − Z(x).

From Eq. A.26, it follows that the Mean Squared Error is

MSE = E[(ŷ(x)− y(x))2] = E[(cTd−Z)2]

= E[Z2 + cTddTc− 2cTdZ]

= σ2(1 + cTRc− 2cT r)

(A.27)

with R the correlation matrix, having components Ri,j = R(si, sj) and r cor-

relation vector between the new prediction point and the design space points

ri = R(si,x).

Equation A.27 can be minimised, under the unbiased constraint (FTc−f = 0),

using a Lagrangian

L(c,λλλ) = σ2(1 + cTRc− 2cT r)− λλλT (FTc− f), (A.28)

where λλλ are the Lagrange multipliers. In order to minimise Eq. A.27, we take

the gradient of L(c,λλλ) with respect to c:

∇cL(c,λλλ) = 2σ2(Rc− r)− Fλλλ = 0. (A.29)

Then the following system of equations needs to be solved

R F

FT 0


 c

λ̃λλ

 =

 r

f

 (A.30)
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with λ̃λλ = λλλ/(2σ2). The system has solutions

λ̃λλ = (FTR−1F)(FTR−1r− f)

c = R−1(r− Fλ̃λλ)
(A.31)

and from Eq. A.25

ŷ(x) = rTR−1ys − (FTR−1r− f)T (FTR−1F)−1FTR−1ys. (A.32)

The predictor can be written as

ŷ(x) = fT β̂ββ + rTR−1(ys − Fβ̂ββ) (A.33)

with regression coefficient β̂ββ = (FTR−1F)−1FTR−1ys.

From Eq. A.27 the prediction variance can be simply calculated as

σ2
ŷ(x) = E[(ŷ(x)− y(x))2] = σ2(1− rTR−1r + uT (FTR−1F)−1u) (A.34)

with u = FTR−1r− f and σ = 1/n(ys−Fβ̂ββ)TR−1(ys−Fβ̂ββ). Note that since the

Kriging predictor is interpolating the data in the experimental design, σ2
ŷ(x) = 0,

∀x ∈ S.

The choice of autocorrelation function is crucial to produce an accurate Krig-

ing Model. A commonly used class of stationary correlation functions is

R(x,x′) = exp

(
−

n∑
i=1

θi|xi − x′i|p
)
. (A.35)

Note that these functions only depend on the distance between the two points,

with higher correlation corresponding to closer points. The parameter p controls

the initial drop in correlation as a function of the distance; often a value of

2 is used (equal to a Gaussian correlation function), which assume a smooth,
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continuous regression surface. The hyper-parameters θi describe the sphere of

influence of a point on nearby points in each direction. As already mentioned,

the hyper-parameters are unknown and needs to be identified using Maximum

Likelihood Estimation (MLE).

While Kriging is useful in many noise-free applications, it might produce unde-

sired results when dealing with stochastic simulations and/or in presence of noise

[235]. Stochastic Kriging, also known as Regression Kriging, extends Kriging for

approximation instead of interpolation. The noise is modeled as separate Gaus-

sian process, with mean 0 and covariance matrix ΣΣΣ, and the predictor becomes

ŷ(x) = fT β̂ββ + rT (R + 1
σ2ΣΣΣ)−1(ys − Fβ̂ββ). (A.36)

Assuming that noise is homogenously distributed across the input space, the

covariance matrix has non zero values on its diagonal, i.e. ΣΣΣ = 10λIn, with In
n × n identity matrix. The variable amount of noise due to λ is also estimated

as part of the MLE optimization.

For all Kriging surrogate models used in Chapter 5 and 6, ordinary Kriging

was chosen and the Matlab ooDace toolbox was used to determine the predictor

[235]. Ordinary Kriging refers to the choice of a constant trend, yet having

unknown value, namely βββT f(x) = βββT (fi(x) = 1)
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A.4 Wall Hypoxia

Stretch-Based

Perfusion Model

Stress-Based

Perfusion Model

No VV

κ

P
th
r
es

Oxygen Consumption Level Oxygen Consumption Level

L
O
W

M
ID

H
IG

H

H
IG

H
M
ID

L
O
W

LOW MID HIGH LOW MID HIGH MID

P̂O2 ≥ 30mmHg 10mmHg ≤ P̂O2 < 30mmHg P̂O2 < 10mmHg

Figure A.1: Tri-color maps of normal (green - Ô2 ≥ 30mmHg), low (orange
- 10mmHg ≤ Ô2 < 30mmHg) and hypoxic (red - Ô2 < 10mmHg) oxygen
levels for two different perfusion models (Strain, Stress), three perfusion levels
and three oxygen consumption rates, in excised and flattened views of depth-
integrated average O2. The case with shut-off perfusion (NoVV) is also included
in the analysis. The results are presented for a 20-80 flow split.



248 Appendix A.

Stretch-Based

Perfusion Model

Stress-Based

Perfusion Model

No VV

κ

P
th
r
es

Oxygen Consumption Level Oxygen Consumption Level

L
O
W

M
ID

H
IG

H

H
IG

H
M
ID

L
O
W

LOW MID HIGH LOW MID HIGH MID

P̂O2 ≥ 30mmHg 10mmHg ≤ P̂O2 < 30mmHg P̂O2 < 10mmHg

Figure A.2: Tri-color maps of normal (green - Ô2 ≥ 30mmHg), low (orange
- 10mmHg ≤ Ô2 < 30mmHg) and hypoxic (red - Ô2 < 10mmHg) oxygen
levels for two different perfusion models (Strain, Stress), three perfusion levels
and three oxygen consumption rates, in excised and flattened views of depth-
integrated average O2. The case with shut-off perfusion (NoVV) is also included
in the analysis. The results are presented for a 50-50 flow split.
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Figure A.3: Tri-color maps of normal (green - Ô2 ≥ 30mmHg), low (orange
- 10mmHg ≤ Ô2 < 30mmHg) and hypoxic (red - Ô2 < 10mmHg) oxygen
levels for two different perfusion models (Strain, Stress), three perfusion levels
and three oxygen consumption rates, in excised and flattened views of depth-
integrated average O2. The case with shut-off perfusion (NoVV) is also included
in the analysis. The results are presented for a 80-20 flow split.
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A.5 AVF Configurations

Case 1 Case 2 Case 3 Case 4 Case 5 Case 6 Case 7

Case 8 Case 9 Case 10 Case 11 Case 12 Case 13 Case 14

Case 15 Case 16 Case 17 Case 18 Case 19 Case 20 Case 21

Case 22 Case 23 Case 24 Case 25 Case 26 Case 27 Case 28

Case 29 Case 30 Case 31 Case 32 Case 33 Case 34 Case 35

Case 36 Case 37 Case 38 Case 39 Case 40 Case 41 Case 42

Case 43 Case 44 Case 45 Case 46 Case 47 Case 48 Case 49

Case 50 Case 51 Case 52 Case 53 Case 54 Case 55 Case 56
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Case 57 Case 58 Case 59 Case 60 Case 61 Case 62 Case 63

Case 64 Case 65 Case 66 Case 67 Case 68 Case 69 Case 70

Case 71 Case 72 Case 73 Case 74 Case 75 Case 76 Case 77

Case 78 Case 79 Case 80 Case 81 Case 82 Case 83 Case 84

Case 85 Case 86 Case 87 Case 88 Case 89 Case 90 Case 91

Case 92 Case 93 Case 94 Case 95 Case 96 Case 97 Case 98

Case 99 Case 100 Case 101 Case 102 Case 103 Case 104 Case 105

Case 106 Case 107 Case 108 Case 109 Case 110 Case 111 Case 112
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Case 113 Case 114 Case 115 Case 116 Case 117 Case 118 Case 119

Case 120 Case 121 Case 122 Case 123 Case 124 Case 125 Case 126

Case 127 Case 128 Case 129 Case 130 Case 131 Case 132 Case 133

Case 134 Case 135 Case 136 Case 137 Case 138 Case 139 Case 140

Case 141 Case 142 Case 143 Case 144 Case 145 Case 146 Case 147

Case 148 Case 149 Case 150 Case 151 Case 152 Case 153 Case 154

Case 155 Case 156 Case 157 Case 158 Case 159 Case 160 Case 161

Case 162 Case 163 Case 164 Case 165 Case 166 Case 167 Case 168

Case 169 Case 170

Figure A.4: The complete AVF configuration sample: cases from 1 to 100 were
used to seed the Kriging-Based surrogate model; cases from 101 to 170 were tried
during the MADS. In dark gray, iso-surfaces of ψ = 1 (see Eq. 6.5).


	Introduction
	Background
	Research Question
	Thesis Overview
	Resulting Publications

	Literature Review
	Arterio-Venous Fistulae
	Treatment of End Stage Renal Disease
	Vascular Access

	AVF Maturation
	Complications And Failure
	Intimal Hyperplasia
	Wall Shear Stress and Flow Disturbances
	Hypoxia
	Mechanical Factors


	Numerical Studies
	Computational Fluid Dynamics in Vascular Access
	Disturbed Flow Metrics
	Numerical issues
	Idealised vs Patient-Specific Models
	Boundary Conditions

	Oxygen Transport In Computational Fluid Dynamics
	Mechanical Modelling Of Vascular Anastomosis


	Developing a Model of Oxygen Transport in Arterio-Venous Fistulae
	Blood Flow
	Governing Equations
	Boundary Conditions

	Oxygen Transport
	Governing Equations
	Blood-side
	Numerical Details
	Dispersion Coefficient
	Wall Transport

	Boundary Conditions
	Tissue Oxygenation
	Vasa Vasorum Oxygen Source


	Oxygen Transport In A Straight Vessel
	Sensitivity to Modelling Parameters
	Grid Convergence


	Developing a Model of Arterio-Venous Fistulae Surgery
	Microvascular Perfusion
	Microvascular Perfusion in Response to Mechanical Forces
	Coronary Circulation
	Compartment Syndrome
	Tumor Perfusion

	Vasa Vasorum Structure and Function
	Perfusion Models
	Vasa Vasorum Perfusion

	AVF Surgical Procedure
	Governing Equations
	Constitutive Law
	Hyperelastic Strain Energy Function
	Tangent Modulus Calculation

	Residual Stress
	Benchmarks
	UMAT Benchmark
	Residual Stress Benchmark

	Reference Configuration for the FE Model
	Boundary Conditions

	Mechanical Parameters
	Computational Grid
	Simulation Procedure
	Results
	Perfusion Field
	Grid Independence

	Discussion

	Simulating Oxygen Transport in Arterio-Venous Fistulae
	Parameter Space
	Methods
	Discretisation Of Computational Domain
	Governing Equations
	Boundary Conditions
	Computational Method

	Results
	Blood Flow and Wall Shear Stress
	Frequency Analysis
	Wall Shear Stress
	Depth-Averaged Oxygen Concentration

	Sensitivity Analysis
	Surrogate Model
	Model Inputs and Output
	Sampling Procedure
	Sensitivity Indices
	Sample Size


	Discussion

	Reducing Hypoxia in Arterio-Venous Fistulae
	Introduction
	Optimisation
	Overview
	Parametrisation
	Optimisation Framework
	Cost Function
	Computational Method
	Initial Seeding
	Mesh Adaptive Direct Search


	Results
	Sensitivity
	Local Normalized Helicity and Oxygen Transport

	Pulsatile Simulation
	Boundary Conditions
	Computational Method
	Results
	Flow
	Pulsatile vs Steady Boundary Conditions


	Conclusion

	Conclusions
	Future Work

	Bibliography
	Appendix 
	Proper Orthogonal Decomposition
	Variance-based Global Sensitivity Analysis
	Gaussian Process Regression
	Wall Hypoxia
	AVF Configurations


