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Abstract 

Small vessel disease is recognised as a major contributor to serious clinical outcomes, 

including ischaemia, stroke, cardiac insufficiency, renal dysfunction and organ 

atrophy, due to the associated disruption in the microvascular blood flow. The precise 

cause-and-effect relationship between localised haemodynamics and clinical outcomes 

in such diseases remains poorly established. For that, it is important to understand the 

underlying mechanisms of blood flow in microvascular networks. Utilising 

Computational Fluid Dynamics (CFD) methods, which help quantify haemodynamic 

parameters not easily measured in vivo, this thesis investigates simplified and 

anatomically correct vessel geometries at various scales.  

A key novelty of this work is the development of a novel multi-phase, multi-

component continuum-based model using the Eulerian Multiphase (EMP) method, 

which treats blood as a suspension of red blood cells (RBCs) in plasma. With this, we 

investigate the behaviour of the cell-free layer (CFL) in arteriolar microvessels, a 

critical plasma-rich lubricating layer adjacent to the vascular wall that is fundamentally 

disrupted at bifurcations. This disruption creates a lasting asymmetric flow profile in 

the daughter vessels that governs overall perfusion in a microvascular network. 

The model was validated using a CFL value specific to the haematocrit and diameter 

of a vessel, to allow assessment of its rheological predictions. The model’s predictions 

were compared with established experimental findings to test its ability to reproduce 

fundamental non-Newtonian blood characteristics, including shear-thinning behaviour 

and the non-linear viscosity–haematocrit relationship. The Power-law, Casson, and 

Carreau–Yasuda models were used as benchmarks, confirming that the EMP approach 

robustly captured the shear-dependent viscosity of blood and its haematocrit 

dependence. 

Parametric investigations then evaluated the model’s robustness, and a range of 

physiological and geometrical conditions were studied. These conditions included 

variations in the feeding haematocrit, inflow rate, biased outflow, and bifurcation 

architecture. The simulations reproduced well-known haemodynamic phenomena in 

arterioles, such as the haematocrit partitioning (the Zweifach–Fung effect), 
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asymmetric CFL profiles, and the downstream recovery of flow symmetry. These 

results provided strong evidence that the EMP model not only reproduces 

physiologically observed phenomena but also offers a mechanistic insight into their 

haemodynamic origins. 

The framework was then extended to realistic arteriolar microvessel network 

reconstructions. The multi-phase, multi-component simulations were conducted in 

testicular bifurcated microvessels with non-planar, tortuous paths. These studies 

revealed how CFL formation and plasma skimming manifest in physiologically 

relevant geometries. This work bridges the gap between idealised bifurcations and real 

vascular architecture, demonstrating the model’s capacity to capture the effects of 

complex geometry on local haemodynamics. 

In network scale, the multi-phase, multi-component model was successfully applied to 

the testicular atrophic network (48 µm). However, its application to the control 

network (89 µm), which features more extensive branching, was omitted due to the 

significant meshing challenges, which would require mesh optimisation. The single-

phase model was instead used, revealing distinct haemodynamic patterns between 

control and atrophic morphologies, which translating into functional deficits in 

perfusion and resistance. To establish a clear contrast with the micro-scale, a separate 

analysis was performed on a large vessel bifurcation, the pulmonary arteries, where 

inertial forces are stronger and the CFL effects are negligible. By establishing this 

macro-scale simulation, the unique and dominant role of multi-phase, multi-

component phenomena in microcirculation becomes clearer. Successfully bridging 

these distinct vascular scales underscores the value of the computational methods 

employed throughout this thesis. 
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Chapter 1 

 1. Introduction 

 

1.1 Motivation 

Microvascular ischaemia, a condition of inadequate blood supply to tissues, is a 

primary driver of organ damage, dysfunction and atrophy, contributing to a substantial 

global health burden. While clinicians can observe outcomes such as elevated blood 

viscosity and haematocrit [1, 2], the specific haemodynamic events that initiate and 

propagate perfusion deficits remain poorly understood. A significant challenge lies in 

understanding how subtle, local changes in flow dynamics accumulate across a 

vascular network to produce a clinically significant deficit. 

The transition from functional to dysfunctional flow is critically influenced by the 

behaviour of blood at bifurcations, the fundamental branching points of the vascular 

network. In straight microvessels, blood into a central core of red blood cells (RBCs) 

surrounded by a lubricating, plasma-rich cell-free layer (CFL) that reduces flow 

resistance. This characteristic is disturbed at bifurcations, where the RBC core 

becomes skewed at inner wall and the enlarged CFL is in the outer wall of the daughter 

entrance. The disrupted RBC core gradually reorganises, allowing the CFL to recover 

and reform, and the flow to regain symmetry at a significant distance downstream [3, 

4]. 

Investigating these phenomena presents significant methodological challenges. Direct 

in vivo observation is restricted by the microscopic scale and optical accessibility, 

preventing detailed measurement of parameters such as CFL thickness and flow 

profiles. Computationally, single-phase models fail to capture the essential particulate 

nature of blood (CFL formation and uneven RBC distribution to daughter branches), 

while high-fidelity particle-resolved simulations, which track individual RBCs, are too 

computationally expensive to model in network-level.  
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Particle-based and hybrid models show that CFL formation results from RBC 

migration driven by haemodynamic forces, with thickness influenced by haematocrit, 

deformability, and aggregation. At bifurcations, symmetry restoration is delayed, 

requiring distances of 8D to 25D [3, 5, 6], and varies with geometry, vessel size, and 

flow conditions. While previous models describe CFL asymmetry and recovery, they 

do not compute the forces driving RBC redistribution. Mechanisms such as 

hydrodynamic lift and shear-induced migration are theorised mainly in straight tubes, 

yet these forces remain unmeasured in vitro [7]. Analyses are further limited to simple 

bifurcations, excluding non-planar or complex networks. This gap limits 

understanding of network-level haemodynamics and highlights the need for 

computational frameworks that incorporate these parameters, compute interfacial 

forces explicitly, and extend analysis to physiologically relevant scales. This creates a 

methodological void for studying network-level haemodynamics with sufficient 

physical realism.  

This thesis is motivated by the need for a tool that can bridge this gap. We develop, 

validate, and apply a novel multi-phase, multi-component continuum model using the 

Eulerian Multiphase (EMP) method, which offers a unique balance of physical fidelity 

and computational feasibility. The innovative framework is designed to enable the 

investigation of phenomena arising from blood’s particulate nature, representing these 

characteristics through a continuum-based approach. The EMP framework models 

blood as an RBC-rich component (RBC-rich phase dispersed in plasma phase) 

surrounded by a near-wall pure plasma component. By averaging the volume fractions 

of these components, the model calculates haematocrit and captures plasma skimming 

without the computational cost of particle-level simulations. Crucially, EMP phase 

interaction closures compute momentum exchanges, including drag and lift forces, 

allowing direct analysis of CFL dynamics and downstream reformation. This 

capability provides mechanistic insight into CFL-related phenomena such as viscosity 

and haematocrit distribution. 
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The model is applied to both idealised and testicular bifurcations (20 m), while a 

contrasting single-phase analysis of a large pulmonary artery bifurcation (2 cm) to 

establish a clear contrast with the micro-scale. Parametric studies on idealised 

bifurcations clarify the role of geometric and flow parameters in shaping CFL 

development and associated effects such as plasma skimming. Meanwhile, simulations 

of the testicular bifurcation and its network extend this analysis to non-planar and 

intricate vascular structures, offering a more physiologically representative 

perspective on microvascular flow dynamics. 

While the multi-component, multi-phase model offers a practical balance between 

physical realism and computational cost, its continuum assumption limits applicability 

in scenarios where particulate behaviour is dominant. Within the EMP framework, 

CFL dynamics and global flow characteristics are represented through phase 

distribution rather than explicit cell morphology or clustering. Phenomena such as 

RBC aggregation (rouleaux formation) [8, 9] and deformability [10, 11] occur at the 

microscale and disease conditions and therefore require particle-level resolution or 

additional rheological parameters for accurate representation. Because EMP employs 

volume-averaging at the RBC-plasma interface, it cannot directly depict rouleaux 

stacks or shape alterations. Future developments should integrate rheological 

parameters governing aggregation and elasticity or adopt hybrid particle–continuum 

strategies to achieve both physical fidelity and computational tractability.  

 

1.2 Clinical background 

Abnormal haemodynamics often manifest as increased blood viscosity contributes to 

major ischemia conditions including heart disease (16% of global deaths) and stroke 

(11%) (WHO, 2019 [12]) , defined as the resistance of blood to flow [1, 13]. One of 

the most significant factors determining the viscosity is an elevated haematocrit, the 

volume fraction of red blood cells to the whole blood [1, 2]. A haematocrit increase of 

around 11% may boost blood viscosity by up to 20%, as demonstrated by controlled 

haemodilution experiments using capillary viscometry [1]. According to Poiseuille’s 

law, this elevation in viscosity reduces flow by roughly 16-17%, which triggers 
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compensatory mechanisms such as 20% rise in blood pressure or 4-5%  vasodilation 

to preserve normal circulation [1].  

In individuals with arteriosclerosis, impaired vasodilation limits this response, leaving 

tissues at greater risk of ischemia due to hyperviscosity. This is particularly critical in 

sickle cell disease, where chronic anaemia leads to a paradoxically low haematocrit 

and low whole blood viscosity under normal oxygen conditions [14]. The subnormal 

viscosity can reduce the shear stress on vessel walls, which is linked to endothelial 

activation and damage. 

Abnormal haemodynamics are particularly impactful in the microcirculation, where 

the geometry of the vessels and the properties of the blood may create unique 

pathological conditions [15, 16]. The architecture of vascular branching points, or 

bifurcations, creates regions that are inherently vulnerable to ischaemia [17]. 

Branching in small arterioles creates vulnerable zones where the uneven distribution 

of red blood cells leads to a significant drop in metabolites and the formation of 

oxygen-deficient ‘plasma channels’ during an occlusion. An acute occlusion of a 

single arteriole triggers a complex response: upstream vessels may dilate to reroute 

flow, while downstream vessels constrict due to the drop in pressure [18]. This can 

lead to the ‘no reflow’ phenomenon, where blood flow fails to resume after a blockage, 

is cleared due to localised haemoconcentration and poor blood rheology [19]. 

During an acute ischaemic stroke in the brain, abnormal blood flow resulting from 

high viscosity and haematocrit is likely to lead to poor clinical outcomes [2, 13]. 

Ischaemic stroke patients exhibit significantly higher viscosity than those with stroke 

mimics [20]. This hyperviscosity is particularly damaging in the ischaemic penumbra, 

where it impairs perfusion by increasing resistance after failure of the autoregulation 

mechanism [2]. A high haematocrit is linked to poor reperfusion and predicts a larger 

final infarct with less salvaged brain tissue [2, 21]. At the microvascular level, even a 

single blocked arteriole causes a cognitive deficit [22]. Multiple microinfarcts can 

subsequently merge, accelerating brain injury through a progressive collapse of the 

surrounding microcirculation, characterised by vessel constriction and obstruction [15, 

22]. 
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Extending this concept to the reproductive system, testicular bifurcation points within 

its arterial network represent critical loci where haemodynamic disturbances can 

initiate microvascular pathology, ultimately predisposing to tissue atrophy and 

impaired spermatogenesis. Under normal conditions, centripetal and radiating arteries 

supported by anastomoses maintain uniform perfusion and heat exchange [23-25]. 

However, pathological states such as varicocele-induced reflux or hypertensive 

remodelling disrupt this architecture, reducing arterial inflow and creating zones of 

hypoxia [26, 27]. These deficits impair Sertoli cell function and compromise the 

blood–testis barrier, triggering germ cell loss and tubular degeneration. Progressive 

vascular lesions, including sclerosis and hyalinisation, further increase resistance, 

perpetuating perfusion failure. The outcome is a measurable reduction in testicular 

volume, clinically recognised as atrophy [26, 28-33]. 

Distal structural changes in pulmonary microvessels, such as reduced density and 

compliance, profoundly influence global haemodynamics, elevating pressure and 

altering wave reflection patterns [34]. In turn, macrovascular forces, including cyclic 

stretch and shear stress, propagate adverse stimuli that accelerate microvascular 

fibrosis [35]. Evidence from computational sensitivity analyses confirms that 

microvascular parameters dominate haemodynamic variability, while proximal 

stiffness exerts secondary effects. This bidirectional relationship cannot be captured 

by single-scale models; therefore, multiscale integration of micro- and macrovascular 

domains is essential to reproduce the mechanistic continuum and improve predictive 

accuracy. 

The multi-component multi-phase model advances translational impact by linking 

particulate blood behaviour to clinically relevant outcomes across physiologically 

realistic, non-planar vascular networks. For example, the model’s ability to predict 

plasma skimming and asymmetric CFL reformation provides a platform to investigate 

why single-capillary occlusions trigger the blood-brain barrier leakage observed by 

Zhu et al. (2023) [16]. This capability informs the clinical inquiry into identifying 

high-risk critical vascular junctions or regions in neurodegenerative diseases such as 

Alzheimer’s. Sucato et al. (2020) highlight Ischaemia with Non-Obstructive Coronary 

Arteries (INOCA) as a condition where microvascular dysfunction drives angina 
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despite normal angiograms [36]. By simulating feeding haematocrit and diameter 

asymmetry, the EMP framework can quantify microvascular resistance and plasma 

skimming, offering a non-invasive alternative measure for invasive indices. This 

informs the decision problem: can EMP-derived flow heterogeneity explain anginal 

symptoms and guide personalised therapy in INOCA patients? By explicitly 

computing the RBC-rich and plasma phase interactions, the EMP framework can 

inform decision problems regarding no-reflow and leakage (Zhao et al., 2023) [37]. 

The framework can also identify how network geometry and interstitial edema (Kloka 

et al., 2023) disrupt the endothelial barrier [38], ultimately predicting the risk of post-

reperfusion heart failure. 

 

1.3 Microvascular networks 

The microvasculature encompasses vessels with diameters ranging from 5 to 100 m, 

that is arterioles (the focus of this investigation), venules and capillaries [39, 40] (Fig. 

1.1). The networks have a significant degree of organisation due to a considerable 

amount of irregularity, randomness, non-uniformity and tortuosity. The geometry of 

blood vessels including their position, size and branching pattern is highly organised 

to regulate flow resistance and perfusion, rather than serving solely as a passive 

conduit for blood distribution [41].  

An organ’s microcirculatory bed is principally concerned with three functions: 

regulation of blood flow, exchange of nutrients and gases and circulatory shunting 

[40]. The regulation of blood distribution is mediated by arterioles, whose muscular 

walls facilitate vasomotor responses to neural, hormonal and local chemical stimuli, 

such as nitric oxide. The critical function of exchange occurs within the capillaries; 

their thin, permeable walls and narrow diameter are structurally adapted for the 

efficient transfer of oxygen and other materials between blood and tissues, forcing 

erythrocytes into single file. After traversing the capillaries networks, blood drains in 

thin-walled venules. Finally, the bypass mechanism is provided by arteriolar-venular 

anastomoses, which act as shunts to divert blood from the capillary network, thereby 

enabling rapid control of thermoregulation and vascular resistance [42]. 
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Figure 1.1: Microvascular network. (A) Microvasculature in the rat mesentery [39]. 

(B) A microcirculatory bed illustrating arterioles branching into capillaries and 

connecting to venules, with arteriolar-venular anastomoses [42]. 

 

1.4 Blood flow in microvessels 

In microvessels, blood behaves as a complex, non-homogeneous fluid because the red 

blood cells (RBCs) are comparable in size to the microvascular diameter. Although 

blood consists of plasma and various cells, its rheology is overwhelmingly determined 

by the high concentration of RBCs, which make up 40-45% of its volume, with other 

cells making up approximately 1% [43]. As major components of blood, RBCs 

significantly influence blood rheology through aggregation and deformability. Blood 

exhibits non-Newtonian properties such as shear-thinning effects and viscoelasticity 

due to RBC interactions, resulting in a complex, nonlinear relationship between 

viscosity and shear rate. 

Blood flow in arterioles is governed by several complex factors, including two 

particular significant phenomena : the formation of a cell-free layer (CFL) and unequal 

cell partitioning at branches [44]. Shear forces in vessels with diameters of a few 

microns push RBCs towards the vessel centre, creating the CFL and an RBC-rich core 

that reduces local viscosity. This lateral migration results in a nonuniform radial 

distribution of RBCs and contributes to several important haemodynamic phenomena, 
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including altered local haematocrit, viscosity reduction and unequal partitioning of red 

blood cells at vascular bifurcations. 

 

Figure 1.2: Fluid distribution of blood in bifurcated microvessels. Red blood cells 

migrate centrally, creating a cell-free layer (CFL), and preferentially enter high-flow 

branches at bifurcations. This causes uneven haematocrit, potential plasma channels, 

and single-file flow in capillaries [10]. 

 

1.4.1 Blood Rheology 

1.4.1.1 Vascular resistance 

Microvascular resistance is a key factor in regulating pressure and blood flow. To 

ensure adaptive tissue perfusion, microvascular resistance is precisely controlled 

through complex cellular and rheological interactions, rather than by simple 

hydrostatic pressure alone [10, 39]. The deformability and aggregation of red blood 

cells, combined with the vessel’s own autoregulatory responses, collectively determine 

the resistance in each segment. This governs the local pressure gradients that drive 

flow, creating a dynamic system far more complex than the idealised relationship 

between pressure, flow, and resistance described by Poiseuille’s law [45]. However, 

Poiseuille’s Law is based on idealised conditions, it provides a vital baseline for 

understanding pressure-flow dynamics and hydraulic resistance. Its utility is in 

providing a baseline to quantify the impact of complex phenomena, such as the 

Fahraeus-Lindqvist effect [46, 47] and CFL formation. 
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In idealised tube flow, the relationship between pressure gradient (ΔP), volumetric 

flow rate (Q), and vascular resistance (R) is described by Poiseuille’s law [45]. 

𝑄 =  
𝜋

128

Δ𝑃𝐷4

𝐿𝜇
                (1.1) 

𝑄 =  ∆𝑃/𝑅                (1.2) 

𝑅 =  
Δ𝑃

𝑄
=  

128L𝜇

𝜋𝐷4                 (1.3) 

where D is diameter, μ is viscosity and L is length. According to Eq. 1.3, the flow 

resistance depends on the pressure gradient (ΔP), vessel length and blood viscosity. 

This means even small changes in vessel diameter can greatly affect the resistance, 

thereby helping control blood flow perfusion to tissues. Such quick adjustments in 

diameter occur through the rapid contraction and relaxation of smooth muscle in the 

arteriolar walls [48].  

Because microvessels in vivo are not ideal cylinders, their resistance is higher than 

predicted, highlighting the need to account for vessel geometry, branching, and cell–

wall interactions [49]. Smaller vessels (~5 µm) show more size variation than larger 

ones (~60 µm), which can raise the local resistance by up to 23% and the overall flow 

resistance (total pressure drop) by approximately 7–13.5% [49]. 

 

1.4.1.2 Blood pressure 

A central finding from direct measurements in microvascular networks is that the 

maximum resistance to flow occurs in precapillary arterioles [50].  As shown in Fig. 

1.3, there is a characteristic pattern where arterial pressure drops sharply as vessel 

diameters get smaller. This is the opposite of what Poiseuille’s law would predict, 

which suggests that maximum resistance should occur in the smallest vessels [50, 51]. 

Despite the heterogenous nature of vascular tissue architectures, a consistent trend is 

the conservation of total blood flow, evidenced by red blood cell velocity decreasing 

through the branching arterioles and increasing in the converging venules [50]. 



 

10 
 

 

Figure 1.3: Intravascular pressure and RBC velocity across microcirculation obtained 

from arterioles to venules in cat mesentery [51]. 

 

 

1.4.1.3 Blood viscosity  

Poiseuille's Law can be inverted to define an apparent or effective viscosity (app): 

𝜇𝑎𝑝𝑝 =  
𝜋

128

Δ𝑃𝐷4

𝐿𝑄
                (1.4) 

𝜇𝑟𝑒𝑙 =  𝜇𝑎𝑝𝑝/𝜇𝑝                (1.5) 

where rel is the relative viscosity and p is the plasma viscosity. The apparent viscosity 

is the internal resistance of a fluid to deformation from shear forces. This property is 

often expressed as a relative value by dividing it by the viscosity of the suspending 

medium (such as plasma, p), a relationship defined as the relative apparent viscosity 

(rel) in Eq. 1.5 [10].  

While plasma exhibits Newtonian characteristics, the whole blood is inherently non-

Newtonian, displaying phenomena such as shear-thinning, thixotropy, viscoelasticity 
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and occasionally yield stress, particularly at low shear rates [52]. These behaviours 

arise from RBC aggregation, deformability and alignment with flow at higher shear 

rates. At shear rates below 1 s⁻¹, blood has high apparent viscosity that decreases with 

increasing shear [52]. First described by Chien et al. in the 1960s [53, 54], these effects 

have been modelled using power-law, Cross and Carreau models, with later 

subsequent refinements improving accuracy [55]. 

 

1.4.1.4 Fåhræus effect 

Blood’s particulate behaviour in microvessels gives rise to the Fåhraeus effect [46, 

47], where the local RBC concentration within a specific vessel segment (tube 

haematocrit; HT) is lower than the discharge haematocrit (HD), which is the volume 

fraction of blood flowing into or out of the same segment. This occurs because RBCs 

tend to migrate towards the centre of the vessel, forming a near-wall CFL [39, 56]. 

When RBCs aggregate or flow under low velocities, the CFL expands, increasing the 

average RBC velocity (𝑢𝑐) relative to the bulk blood velocity (𝑢𝑏). This disparity in 

velocity means RBCs pass through the tube faster, reducing their transit time and thus 

lowering HT compared to HD. The relationship between HT and HD is mathematically 

described by the covariance of the radial profiles of velocity 𝑢(𝑟) and haematocrit 

𝐻(𝑟) with radial position 𝑟 between 0 at the vessel axis and 𝑎 at the vessel wall, as 

shown in Eq. 1.6. Empirical studies have yielded a parametric relationship [57], Eq. 

1.7, which quantifies the HT/HD ratio based on in vitro experiments with human RBC 

suspensions in glass tube of varying vessel diameter D. 

 
HT

HD
=

∫ 𝑢(𝑟)𝑟𝑑𝑟
𝑎

0
∙∫ 𝐻(𝑟)𝑟𝑑𝑟

𝑎
0

∫ 𝑢(𝑟)𝐻(𝑟)𝑟𝑑𝑟
𝑎

0
∙∫ 𝑟𝑑𝑟

𝑎
0

               (1.6) 

 
HT

HD
= HD + (1 − HD) ∙ (1 + 1.7𝑒−0.415𝐷 − 0.6)𝑒−0.011𝐷                 (1.7) 

 

1.4.1.5 Fåhræus–Lindqvist effect  

The Fåhræus–Lindqvist effect provides an explanation for the observed nonlinear 

changes in blood viscosity and haematocrit with varying vessel diameters. 
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Specifically, this phenomenon describes how the apparent viscosity of blood 

diminishes when it flows through progressively smaller tubes. This relationship was 

shown by Pries et al. (1992) [56, 58], who used experimental data to calculate the 

relative apparent in vitro viscosity 𝜇𝑟𝑒𝑙  as a function of vessel diameter and discharge 

HD: 

𝜇𝑟𝑒𝑙 =  1 + (𝜇45 − 1)
(1−𝐻𝐷)𝐶−1

(1−0.45)𝐶−1
              (1.8) 

𝜇45 = 220 exp(−1.3𝐷) + 3.2 − 2.4exp (−0.06𝐷0.645)           (1.9) 

C = (0.8 + 𝑒−0.075𝐷)(−1 +
(1−𝐻𝐷)𝐶−1

(1+10−11+𝐷12) +
(1−𝐻𝐷)𝐶−1

(1+10−11+𝐷12         (1.10) 

where 45 is the apparent blood viscosity relative to that of the suspending medium for 

a discharge haematocrit HD of 0.45. The coefficient C describes the dependence on 

haematocrit.  

During 1990 to 1994 [57, 59], Pries et al. examined the blood flow in an animal model 

and developed an empirical relationship for the apparent viscosity: 

𝜇𝑟𝑒𝑙 =   1 + (𝜇45 − 1)
(1−𝐻𝐷)𝐶−1

(1−0.45)𝐶−1
(

𝐷

𝐷−1.1
)

2

                             (1.11) 

𝜇45 = 6 exp(−0.085𝐷) + 3.2 − 2.44exp (−0.06𝐷0.645)                    (1.12) 

The presence of near-wall CFL is considered the primary cause of Fahraeus-Lindqvist 

effect [39]. Secomb et al. (1995) [60] introduced this concept using a two-phase model 

where a central, cell-rich core (with viscosity 𝜇𝑐) is enveloped by a layer of plasma 

(with lower viscosity 𝜇𝑝). The location of this plasma layer in the high-shear region 

near the wall is crucial, as it lowers viscous energy dissipation and reduces the overall 

apparent viscosity [39]. A larger CFL results in a lower apparent viscosity; however, 

this effect is dependent on the core remaining centred, as displacement can cause 

resistance to rise [39]. 
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1.4.1.6 Aggregation  

RBCs in humans and some mammals normally form aggregates called rouleaux, 

described as closely packed stacks of cells arranged face-to-face. Unlike clots, 

rouleaux readily coalesce in low-flow or static conditions. While normally dispersed 

by the shear forces of healthy blood flow, their persistence in pathological conditions 

such as diabetes can lead to the occlusion of microvessels [8]. This reversible 

aggregation causes excessive rouleaux formation and a blunted velocity profile. Such 

excessive aggregation is caused by an imbalance where the intrinsic tendency of RBCs 

to adhere overcomes the disruptive forces of the flow, altering blood velocity profiles. 

While RBC aggregation typically increases the viscosity in the bulk flow, it can 

paradoxically decrease the apparent viscosity in narrow tubes at low flow rates [9]. 

This is because aggregate formation tends to pull the RBCs away from the vessel wall, 

thereby widening the low-viscosity CFL and reducing flow resistance [61], as shown 

in Fig. 1.4A. However, this mechanism is orientation dependent. In horizontal tubes at 

low flow rates, gravitational sedimentation of RBCs can occur, leading to a marked 

increase in apparent viscosity as the plasma flows faster than the sedimented cells [62] 

(Fig. 1.4B). 

 

Figure 1.4: Image of RBC aggregation dynamics. (A) A time-lapse sequence 

demonstrating the aggregation growth immediately after flow cessation from Weber-

Fishkin et. al. (2022) [61]. The direction of flow is from top to bottom. (B) The RBC 

aggregation in a 60-µm tube after a sudden reduction in flow rate, observed by Alonso 

et al. (1995) [62]. The vertical orientation (left) shows a symmetric RBC core forming, 
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while the horizontal tube (right) shows how gravity causes sedimentation and an 

asymmetric distribution of RBCs. 

RBC aggregation is most prevalent in low-shear postcapillary venules, as high shear 

in arterioles and narrow capillary diameters typically prevent it. However, aggregation 

can influence arteriolar flow under pathological or low-flow conditions. For instance, 

Ong et al. (2010, 2011) [63, 64] demonstrated that dextran-induced RBC aggregation 

in arterioles (20–60 µm) enlarges the CFL during reduced flow. Simulations verify 

that reversible rouleaux dynamics are essential for modelling blood flow, particularly 

at low shear, where aggregation drives the rise in blood viscosity [65]. Adhesive forces 

between cells (3.0–7 pN normal and 1.5–3 pN tangential) align with experimental 

rouleaux disaggregation [65]. 

 

1.4.1.7 RBCs deformation 

The surface area of biconcave RBCs, measuring approximately 8 µm in diameter and 

2 µm thickness, is optimised for efficient gas exchange. This inherent elasticity is 

crucial, enabling RBCs to reversibly alter their shape to pass through capillaries 

narrower than their own diameter [10]. Their flow behaviour is determined by vessel 

size and haematocrit. RBCs move in a single file in capillaries under 6 µm, whereas in 

6-10 µm capillaries, their flow can transition from single-file to multi-file as cell 

concentration increases [39] (Fig. 1.5A&B). RBCs exhibit a dual nature, behaving as 

both rigid and flexible particles depending on the shear rate. At low shear, their 

orientations are disordered, while high shear rates cause the cells to stretch and align 

with the direction of flow [66], as demonstrated in Fig. 1.5C. A slight reduction in the 

deformability of RBCs leads to significant increase in blood viscosity and 

microvascular flow resistance across a range of shear rates and at various haematocrit 

levels (Fig. 1.6). This shear-dependent deformability is crucial for oxygen and carbon 

dioxide transport, as a reduction in flexibility can obstruct microvessels and lead to 

diminished blood flow and hypoxia [11]. 
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Figure 1.5: Visualisation of RBC flow in a tube. (A, B) RBC flow displaying 

micrographs from rat mesenteric microvessels and small glass tubes, respectively, with 

different inner diameters (ID). RBCs behave in single-file and multifile flow [39]. (C) 

CFD simulation under variation of pseudo shear rate (U/D) [66]. 

 

 

 

Figure 1.6: The influence of RBC deformation on blood resistance. Comparison of 

blood viscosity vs (A) shear rate and (B) haematocrit [11]. 

 

1.4.1.8 Haematocrit 

Haematocrit is a critical determinant of oxygen delivery and flow efficiency, with 

changes often indicating physiological or pathological states. The value of haematocrit 

depends entirely on the context of its measurement. A standard blood test from a large 

vein provides the systemic haematocrit (Hsys), which represents the overall average 

for the entire body. At a more localised level, discharge haematocrit (HD) measures 

the RBC proportion in a sample after exiting a vessel. Feeding haematocrit (HF) refers 
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to the RBC concentration entering a vessel or network at the inlet, serving as the 

upstream condition for flow. In contrast, tube haematocrit (HT) refers to the 

instantaneous RBC concentration inside a flowing microvessel. Hsys and HD are 

typically measured using centrifugation, whereas HT is determined by counting RBCs 

within a specific vessel volume.  As demonstrated by the distribution of tube 

haematocrit in Fig. 1.7, HT is consistently lower than the systemic average and reaches 

a minimum within the smallest microvessels. A summary of these haematocrits was 

provided in Table 1.1. 

 

 

Figure 1.7: Haematocrit distribution. (A) Tube haematocrit or micro-vessel 

haematocrit (Hmicro) and (B) HT normalised with respect to its corresponding systemic 

Haematocrit (Hsys) in rat cremaster muscle [67]. The Hsys averages around 36%. 

 

Blood viscosity increases with higher haematocrit, especially at low shear rates due to 

RBCs aggregation [68]. The axial migration of red blood cells, which travel faster than 

the peripheral plasma, reduces the HT, thereby lowering the apparent viscosity and 

increasing the perfusion efficiency, an effect underscored by the HT/HD ratio [67]. 

This reduction correlates with the velocity difference between the mean RBC velocity 

(𝑢𝑅𝐵𝐶)  and the bulk flow velocity (𝑢𝑏𝑢𝑙𝑘), described mathematically as [10]: 

𝐻𝑇

𝐻𝐷
=

𝑢𝑏𝑢𝑙𝑘

𝑢𝑅𝐵𝐶    
                   (1.13) 
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Table 1.1: Definition of haematocrit metrics in microvascular studies 

Term Definition and Validity Measurement Ref 

Hsys - Overall RBC volume fraction in 

the entire blood volume 

- Represents whole-body average 

- Used in clinical blood tests 

- Centrifugation of 

venous blood sample 
 

[67] 

[69] 

[70] 

HD - RBC proportion in blood exiting a 

vessel 

- Valid for microcirculation and 

experimental setups 

- Reflects RBC delivery to 

downstream network 

- Collected sample after 

vessel outflow 

- Centrifugation or RBC 

flux calculation 

[58] 

[67] 

[69] 

[71] 

HF - RBC proportion in blood entering 

a vessel 

- Represents upstream feeding 

condition for micro vascular flow 

-  a boundary condition in 

simulation and experiment 

- Prepare concentration 

of the input sample, 

based on Hsys or HD 

- inlet blood sample or 

controlled perfusion 

setting 

[72] 

[73] 

HT - Instantaneous RBC concentration 

inside a vessel segment 

- Used in microvascular studies 

- Strongly affected by Fahraeus 

effect and axial migration 

Direct RBC counting in a 

defined volume or 

image-based estimation 

[67] 

[74]  

[73] 

[75] 

[76] 

Hmicro - interchangeably with HT in 

literature (Context-specific term) 

Same as HT [67]  

Model-

based 

HT/HD 

- Calculated from assumed RBC 

distribution  

- Used when direct measurement is 

not feasible 

Analytical or 

computational models 

[77] 

[78] 
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The flow patterns in certain diameters are demonstrated in Fig. 1.8, which is the 

diameter-dependent variation in haematocrit [79, 80]. RBCs transition from a single-

file to a multifile flow pattern as haematocrit increases, which also increases cell-wall 

interaction [80]. Moreover, HT was found to have temporal variations that 

dynamically correlated with spontaneous vasomotion [81].  

 

 

Figure 1.8: The impact of diameter to RBCs distribution. (A, B, C) Microscope 

images of RBCs distribution in a glass tube [82]. (D) Micrographs of RBCs in rat 

mesenteric microvessels [39]. 

 

The tube haematocrit is calculated directly by counting the number of RBCs that pass 

through a specific volume over a set period of time (HT=NRBC*VRBC/Vbulk) in 

experimental [67, 73, 74, 83] and particle-based computational studies [73, 75]. 

Meanwhile, the discharge haematocrit is determined by several techniques, including 

centrifugation, which is a measurement of RBC flux (QRBC) [73, 83]. 

 HD =
𝑄𝑅𝐵𝐶

𝑄𝑏𝑢𝑙𝑘
               (1.14) 
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Indirect haematocrit estimation can be performed via photometric analysis of the 

RBCs area fraction. The calculation of haematocrit presented by Ellsworth and Pittman 

(1986) [77] is a theoretical example, based on assumptions including a Poiseuille 

velocity profile and symmetrical distribution of RBCs. The radial concentration of 

RBCs is described by the power law (Eq. 1.15), which is used to calculate the flow-

weighted HD (Eq. 1.16) and area-weighted HT (Eq. 1.17): 

 𝐻(𝑟) = 𝐻𝜊 [1 − (
𝑟

𝑅
)

𝑛

]              (1.15) 

HD =
2𝜋 ∫ 𝐻(𝑟)𝑢(𝑟)𝑟𝑑𝑟

𝑅
0

2𝜋 ∫ 𝑢(𝑟)𝑟𝑑𝑟
𝑅

0

               (1.16) 

HT =
2𝜋𝐿 ∫ 𝐻(𝑟)𝑟𝑑𝑟

𝑅
0

2𝜋𝐿 ∫ 𝑟𝑑𝑟
𝑅

0

                (1.17) 

Rashidi et al. (2023) [78] calculated HT from the area fraction of RBCs (∅𝑠) in in vivo 

images, incorporating the cell volume (𝑉𝑅𝐵𝐶 ; 56.5 µm3), the single RBC area (𝐴𝑅𝐵𝐶), 

and the vessel radius (𝑅𝑣). 

 HT =  ∅𝑠
𝑉𝑅𝐵𝐶

𝐴𝑅𝐵𝐶𝜋𝑅𝑣
              (1.18) 

In the two-phase continuum model by Giannokostas et al. (2021) [76], HD and HT are 

calculated from an assumed RBC concentration, H(r). This profile is a step-function 

including a constant core haematocrit (Hc) in the centre and zero in the near-wall CFL. 

 HD =  
∫ 𝐻(𝑟)𝑢(𝑟)𝑟𝑑𝑟

𝑅
0

∫ 𝑢(𝑟)𝑟𝑑𝑟
𝑅

0

                (1.19) 

HT =  
∫ 𝐻(𝑟)𝑟𝑑𝑟

𝑅
0

∫ 𝑟𝑑𝑟
𝑅

0

                         (1.20) 

 

1.4.1.9 Blood velocity 

In a long, cylindrical three-dimensional (3D) vessel with constant diameter, the 

incompressible, Newtonian, laminar Poiseuille flow obtains a parabolic velocity 

profile, with zero values at the walls and a maximum value at the centre, twice the 

average velocity. In the microcirculation, the blood velocity profiles have been 

reported as being both parabolic [79, 84, 85] and blunt [79, 85, 86], as illustrated in 
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Fig. 1.9., and influenced by several combined factors. A nearly parabolic profile is 

observed in a 100 µm straight microtubules at very low haematocrit (~1%)  [79], while 

the profile becomes increasingly blunt in straight arterioles (i.e., diameters of 17-32 

µm [86]) as cell concentration rises due to RBCs interactions in shear flow [79, 86]. 

Meanwhile, a decrease in the degree of blunting is the result of the reduced blood 

viscosity, which is a consequence of cell disaggregation and deformation [87].  

In addition to haematocrit, the blunt profile is a consequence of the influence of shear 

stress developed at the vessel wall on blood and plasma flow [79, 88]. The flow profile 

is blunted and lacks a sharp peak because a core of fast-moving RBCs is formed by 

the lubricating CFL. With increasing flow rates, the profile continues to become more 

parabolic due to the increase in the shear rate on the RBCs [84, 85]. Furthermore, as 

illustrated in Fig. 1.9B, RBC and plasma velocities were comparable at the core, both 

averaging 3.5 mm/s and reaching maxima of 6.9 and 7.0 mm/s, respectively, under 

conditions of 21% haematocrit and a high wall shear rate of 2.8x10-2 s-1 in the 100 µm 

tube [84]. 

Blood flow velocity is a highly dynamic variable that varies significantly depending 

on vessel diameter, anatomical location, metabolic demand, systemic blood pressure 

and blood rheology such as viscosity. Immediately after an arteriole bifurcation, the 

velocity peaks skewed towards the outer wall, before shifting back to the vessel centre 

at a long distance [89, 90], as illustrated in Fig. 1.9C&D. Additionally, flow speed is 

inversely related to the total cross-sectional area. The flow is fastest in the arterioles, 

slows significantly in the capillaries, and then speeds up again in the venules, although 

it remains lower than in arterioles [67, 89, 91].  (Fig. 1.3, Fig. 1.10). 
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Figure 1.9: Parabolic and blunt flow velocity profiles. (A) Blunt velocity profile 

influenced by the presence of CFL [85]. (B)  Time-averaged axial velocity profiles 

under conditions of 21% haematocrit and high wall shear rate [84]. (C) Velocity 

profiles in the cortical bifurcated arteriole in mice [89]. (D) Velocity development 

along the downstream vessel in rat [90]. 

 



 

22 
 

 

Figure 1.10: Microvascular velocity as a function of vessel diameter and location. (A, 

B) Centreline velocity in the cortical vessels, measured via fluorescence microscopy 

[89], and in rat pial arteries, measured using high-speed video [91]. 

 

1.4.1.10 Wall shear stress 

In steady pressure-driven blood flow through a cylindrical tube, the velocity gradient 

at the wall generates a shear stress (τ) that balances the pressure gradient. The specific 

shear stress at the wall is termed wall shear stress (WSS), which for a Newtonian fluid 

is calculated as the product of the local viscosity and the wall shear rate (Fig. 1.11A 

and Eq. 1.21) [92, 93].  

𝜏𝑤 =   μ (
𝜕𝑢

𝜕𝑦
)

𝑦=0
                        (1.21) 

The wall shear rate is directly proportional to the magnitude of the velocity in the near-

wall region. A higher near-wall velocity corresponds to a higher wall shear rate. 

Calculating WSS for non-Newtonian fluid such as blood is complex because viscosity 

is not constant but depends on shear rate [94]. Using the simple Poiseuille law, which 

assumes a constant viscosity, leads to a significant underestimation of the true WSS 

by as much as 60-65% [95]. The proposed solution is to adjust this standard formula 

with a correction factor that incorporates the effects of haematocrit and the fluid’s 

shear-thinning nature. As shown in Fig. 1.11B, the non-uniform distribution of WSS 

across the microvasculature, evidenced by significantly lower levels in venules 

compared to arterioles or capillaries, points to the fundamental role of non-Newtonian 

fluid dynamics in shear exposure for the endothelium [50, 67]. The average WSS in 
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rabbit mesenteric arterioles is approximately 1.82 Pa, with values ranging from 0.51 

to 5.0 Pa [96]. In cats, WSS averages 4.71 ± 2.34 Pa, while in rats, arterioles exceeding 

15 µm in diameter exhibit levels close to 5 Pa [97]. In the rat cremaster muscle, WSS 

averages 3 ± 0.5 Pa proximally and 2.1 ± 0.5 Pa distally [98].  

WSS regulates vessel diameter by acting on endothelial cells to modify their 

production of vasoactive mediators, such as nitric oxide and prostaglandins [99]. The 

release of these substances causes the artery to either dilate or constrict, allowing it to 

adapt to changes in flow or viscosity. This process, which helps maintain WSS within 

a normal range, also has the secondary benefit of preventing platelet aggregation.  

 

 

Figure 1.11: WSS development. (A) Schematic diagram of shear rate and shear stress 

in a long, cylindrical three-dimensional (3D) vessel with constant diameter, with 

incompressible, Newtonian, laminar fluid. Shear rate, which is the gradient of flow 

[93]. (B) WSS distribution in microvascular geometry [50].  

 

1.4.2 Physiological blood flow behaviour 

1.4.2.1 Cell-free layer (CFL) 

In microfluidic blood flow, RBCs tend to concentrate at the centre of the vessel, 

leaving a plasma-rich region near the channel walls known as the cell-free layer (CFL) 

[100]. The formation of CFL is clearly visualised in the image of Fig. 1.12A, which 

depicts labelled RBCs flowing along the CFL’s boundary. A diameter-dependent trend 

is observed, with CFL thickness ranging from 0.8 to 2.9 μm in cat arterioles having 
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inner diameters between 10 and 50 μm [101]. A comparable trend is observed in 

vessels 10–40 μm in diameter, where CFL widths ranged from ~1 to ~4 μm [102].  

Beyond the vessel diameter, the CFL thickness is also a function of several parameters, 

including haematocrit, RBCs aggregation, flow rate and vessel diameter [103, 104]. 

With increasing haematocrit, the thickness of the CFL tends to be reduced, as depicted 

in Fig. 1.12B, which shows an overall reduction in CFL thickness as the haematocrit 

increases. CFL development results from local shear rate variations. Low shear 

promotes RBC aggregation and migration, enhancing the CFL formation and 

increasing the blood viscosity. Conversely, high shear can deform or even damage 

RBCs. 

 

Figure 1.12: Cell-free layer (CFL) formation. (A) Labelled RBCs flowing around the 

boundary region of the CFL [82]. (B) CFL thickness in different percentages (%) of 

hematocrit in a 75-m circular ploydimethysiloxane (PDMS) microchannel [79]. 

 

This near-wall plasma layer has a lower viscosity than the RBC-rich core. 

Consequently, a thicker CFL results in a lower apparent viscosity of the blood [105-

108] and WSS [109, 110]. Moreover, the CFL reduces both oxygen diffusion to tissues 

[111] and the scavenging of nitric oxide (NO), a key vasodilator [112]. Therefore, the 

CFL acts as a barrier between RBCs and the endothelium [113]. It limits NO 

movement from the vessel wall to the RBCs [64, 74] and makes gas exchange between 

RBCs and tissues less efficient [29, 74]. However, when the CFL is thinner, oxygen 

reaches tissues more easily due to the shorter diffusion distance [112]. 
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1.4.2.2 Phase separation   

Microcirculatory networks involve numerous diverging and converging bifurcations, 

affecting RBCs movement during circulation. At a diverging bifurcation, common in 

arterioles, RBCs and plasma often split unequally between two daughters, a 

phenomenon known as phase separation. This effect has been studied in artificial 

systems [114, 115], in the microcirculation (Fig. 1.13A&B) [116] and using modelling 

approaches [117, 118]. The most relevant variables are the distribution of volumetric 

flow rate, the diameter ratio of tube to particle, the average haematocrit and the 

haematocrit profile in the feeding (parent) vessel.  

Pries et al. (1989, 2005) [57, 80] describe phase separation in microvessels as a 

function of fractional flow and vessel size. These models relate the fraction of RBCs 

entering the daughter branch (FQE) and the fraction of the bulk in the same branch 

(FQB),  [56], as illustrated in Fig. 1.13C. FQE is the daughter-to-parent RBC flux ratio, 

while where FQB is the daughter-to-parent bulk flux ratio. In an idealised condition 

without phase separation (e.g., equal flow distribution to two daughters in a symmetric 

bifurcation), FQE perfectly matches FQB, creating a direct linear relationship, depicted 

by the dashed diagonal line. However, actual physiological conditions demonstrate a 

non-linear, sigmoidal relationship, indicating that FQE  FQB . High-flow branches 

( FQB >0.5) exhibit RBC enrichment ( FQE / FQB >1), while low-flow branches 

(FQB<0.5) experience plasma skimming (FQE/ FQB<1). The presence of the CFL 

causes peripheral plasma-rich layers to enter low-flow branches, reducing the 

haematocrit in those branches and elevating it in the higher-flow pathways [56]. 

In the capillary scale bifurcation (Fig. 1.13B&D, parent vessel ~7 µm), a dividing 

streamline directs individual RBCs to each daughter vessel. Local fluid forces at the 

branch point (stagnation point) determine whether a cell enters the left or the right 

branch [56]. For larger vessels (~30 µm, Fig. 1.13E), RBCs have a non-uniform 

distribution across the vessel radius due to their size, deformability and the presence 

of near-wall CFL. This creates a radial haematocrit profile, where RBCs are 

concentrated in the centre and are sparse near the edges. At a bifurcation, the dividing 

streamline then effectively splits the flow with differing upstream haematocrits. 
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Consequently, the smaller daughter branch draws blood from the lower-haematocrit 

regions of the near-wall CFL [56]. 

 

 

Figure 1.13: Phase separation in a diverging bifurcation. (A) The arteriolar bifurcation 

in the rat mesentery, highlighting different flow rates in the daughter branches [116]. 

(B) RBCs flow in a rat microvessel [39]. (C) Schematic depiction of the relationship 

between 𝑭𝑸𝑩 and 𝑭𝑸𝑬. The diagonal dashed line represents no separation, while the 

red and blue sigmoidal curves indicate actual phase separation (unequal flow split) in 

the daughter branches. (D, E) The graphic descriptions of how the dividing streamline 

(dashed) separates flow at the capillary level and a larger vessels, respectively [56]. 

 

1.4.2.3 Lateral migration of individual particles 

In fluid dynamics, the Stokes regime, also called creeping flow, refers to conditions 

where the particle Reynolds number (Rep << 1) and viscous forces dominate over 

inertial forces [119]. This Strokes regime commonly appears in microfluidics and 

capillary blood flow, where suspended particles such as RBCs move smoothly along 

streamlines without significant deviation [120]. Because inertia is negligible, the flow 

is reversible and predictable; however, cell deformability and wall interactions can still 

induce subtle lateral migration. 
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Drag forces are the resistive force opposing particle motion through fluid, as shown in 

Fig. 1.14A. Under Stokes conditions, the drag force is linearly proportional to the 

velocity, following Stokes’ law (𝐹𝐷 = 3𝜋𝜇𝑑𝑝𝑢, where 𝑑𝑝  is the particle diameter) 

[121]. In blood, the drag force governs the primary transport of RBCs, platelets and 

other particulates [120]. However, the unique biconcave and deformable geometry of 

the RBCs introduces complexities not captured by rigid-sphere models. For low Re 

conditions, correlations for the drag coefficient and the lift coefficient for non-

spherical particles provide accurate predictions and serve as validation for 

computational models [119].  

 

Figure 1.14: Hydrodynamic effects on suspended particles. (A) Drag force (FD) acting 

in the direction of the flow. (B) Magnus forces (FM), caused by particle rotation. (C, 

D) Wall forces (FW) for a particle moving parallel (C) or perpendicular to the wall (D), 

respectively. (E) Saffman forces (FS) push particles toward faster-moving regions. (F) 

Shear-induced lift force (FL), caused by a parabolic flow profile, tends to drive 

particles toward the walls. Pb and Pf are the pressures at the back and front of the 

particle, respectively, the difference of which creates drag forces. PL and PU is the 

pressure on the lower and upper sides of the particle, the difference of which creates 

lift forces. V is the velocity of the particle, which can be less than (lag) or greater than 

(lead) the mean fluid velocity U [122].  
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Lift forces act perpendicular to the flow direction and are generally minimal in pure 

Stokes flow, becoming significant when inertia increases or particle symmetry is 

broken [120]. In microchannels and blood vessels, lift arises from multiple 

components: shear-gradient lift, wall-induced lift, Saffman lift due to shear-slip 

interactions, and Magnus lift induced by particle rotation (Fig. 1.14B). A shear-

gradient lift (FL) pushes particles toward the channel walls (Fig. 1.14F), while a wall-

induced lift (FW) pushes them away (Fig. 1.14C&D). 

The Saffman lift force arises in shear flows when particles move at a velocity different 

from the fluid, known as slip velocity [123, 124]. This velocity difference generates 

pressure imbalances around the particle due to fluid shear. With a large slip velocity 

(Fig. 1.15A), particles are pushed away from the wall toward the channel centreline, 

while at a small slip velocity (Fig. 1.15B), they are pushed toward the wall. Unlike 

other lift forces, the Saffman lift changes direction depending on slip conditions (Fig. 

1.14.E & 1.15C).  

 

 

Figure 1.15: Relationship between Saffman lift and slip velocity. (A) Larger slip 

velocity. (B) Smaller slip velocity [123]. (C) Particle moving path influenced by the 

Saffman lift force [124]. 
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In blood, these lift forces contribute to cell margination and radial alignment, which 

are essential for biological processes such as platelet localisation and for engineered 

systems including inertial microfluidics [125]. RBC lift forces, particularly wall-

induced lift, drive cells away from vessel walls and are the primary mechanism behind 

the formation and maintenance of the CFL. When the lift is weakened, the CFL 

becomes thinner or disrupted [126]. The interplay of drag and lift enables precise 

focusing, ordering and separation of cells, which serves as the basis of modern 

microfluidic diagnostics and cell-sorting devices. 

 

1.4.2.3 Radial dispersion of multiple RBCs 

While cell deformability governs lateral migration in dilute solutions, particle-particle 

interactions become the dominant factor in concentrated suspensions such as blood 

when the volume fraction exceeds 6% [44, 127]. RBCs form flexible stacks called 

rouleaux, which are highly deformable and migrate more effectively than individual 

cells [128]. At low shear rates, these rouleaux make up the core of the blood flow. As 

shear rates increase (8.8 to 123 s⁻¹), these stacks are disrupted, leading to a thinner 

CFL near the vessel wall. However, at even higher shear rates (240-1200 s⁻¹), RBCs 

migrate laterally, which broadens the CFL [129]. This dynamic, non-uniform 

distribution of RBCs explains the Fåhræus-Lindqvist effect, where blood’s apparent 

viscosity changes with vessel diameter. 

According to Lima et al. (2008) [82], the transverse, random-like motion of RBCs, 

referred to as erratic movement, in flowing blood is influenced by the haematocrit and 

the vessel diameter. Figure 1.8A&B shows that in dilute suspensions with 2–3% 

haematocrit, RBCs in the central region move more freely, though the overall radial 

dispersion is low and mainly driven by shear rather than interactions. At a higher 

haematocrit, collisions dominate, increasing radial spread. Within the RBC-core 

region (0–0.4R), cells are too packed to move freely, while the mid-peripheral region 

(0.4–0.8R) shows the most erratic motion from frequent collisions. Closer to the wall 

(0.8–1R), RBC density and irregular movement are low. Overall, the erratic RBC 

motion is governed by both haematocrit and radial position, with the maximum 

randomness occurring in the mid-peripheral regions due to frequent collisions. 
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 1.5 Computational Fluid Dynamics 

Computational Fluid Dynamics is a numerical tool that is used widely in a broad range 

of fields, such as aerospace, chemical engineering, and bioengineering [130]. CFD 

methods provide a non-invasive simulation approach to examine the flow development 

in blood vessels and are therefore increasingly used to support clinical diagnosis, 

treatment and surgery planning [131, 132] and to understand blood perfusion dynamics 

at the microscale [133, 134]. 

 

1.5.1 Basic principles of fluid mechanics 

This section outlines the theoretical framework for the haemodynamic modelling 

techniques utilised throughout this research. The mathematical expressions included 

are sourced from the STAR-CCM+ User Guide v18.02.010 (Siemens Industries 

Digital Software). 

Although blood flow in microvessels typically exhibits non-Newtonian features [79, 

86], its behaviour approaches Newtonian under conditions of high shear or low 

haematocrit [79]. For computational purposes, the governing blood behaviour is 

described using the incompressible Newtonian Navier-Stokes equations, consisting of 

three governing equations [135, 136].  

The conservation of mass (continuity equation) ensures that fluid mass is neither 

created nor lost, which is key to predicting the velocity and density of a fluid. For an 

incompressible fluid, where density is constant, continuity equation simplifies to:  

 ∮ 𝒗
𝐴

∙ 𝑑𝒂 = 0             (1.22) 

where 𝒗 is the continuum velocity vector, 𝐴 is control surface and 𝒂 is outward normal 

vector. 

The Navier-Stokes momentum equation describes the relation between the velocity, 

pressure, and viscosity, over space and time. This equation is crucial for predicting 

fluid motion, shear stress and pressure fields. For an incompressible Newtonian fluid, 

it is expressed as [136]: 
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𝜌 [
𝜕

𝜕𝑡
∫ 𝒗𝑑V

V
+ ∫ 𝒗 ⊗ 𝒗 ∙ 𝑑𝒂

𝐴
] = − ∮ 𝑝𝐈 ∙ 𝑑𝒂

𝐴
+ ∮ 𝑝𝐓 ∙ 𝑑𝒂

𝐴
        (1.23) 

here V is control volume,  𝑝 is the pressure, I is identity tensor, and T is the viscous 

stress tensor. 

 

1.5.2 Numerical methods 

Blood flow modelling operates within a hierarchy of scales (Fig. 1.16), from molecular 

to continuum [137]. Fluid dynamics is governed by spectrum of length and time scales, 

ranging from molecular collisions to bulk fluid motion, with mesoscale approaches 

bridging these regimes by tracking particle distribution. As the Lattice Boltzmann 

Method (LBM) is a mesoscale technique derived from kinetic theory, it provides a 

highly appropriate computational approach for microvascular blood flow where RBC 

and vessel dimensions are comparable. 

While LBM provides high physical accuracy, its computational cost and geometric 

constraints make it less practical for large-scale simulations. Our work employs a 

macroscopic multi-phase, multi-component continuum-based model as a valid 

simplification where RBC components are average into a continuous phase. The multi-

phase, multi-component model captures interphase between RBC and plasma phase, 

allowing to calculate haematocrit and investigate physiological behaviour in 

microvessels, such as phase separation and CFL formation, without resolving the 

dynamics of every individual RBCs with greater computational efficiency than a true 

mesoscale model. The particular simulation on microvasculature is provided in the 

later section. 

In CFD, numerical techniques such as the Finite Difference (FDM), Finite Element 

(FEM) and Finite Volume (FVM) methods are used to solve the partial differential 

equations (PDEs) that govern fluid flow by discretising the domain [135]. These 

approaches differ in their strengths. FDM is computationally efficient for simple, 

structured grids but handles curved, unstructured boundaries poorly. FEM is highly 

flexible for complex geometries but can be compromised by mesh distortion in high-

deformation scenarios, such as red blood cell aggregation. 
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Figure 1.16: Spectrum of length and time scales to standard CFD problems [137]. 

 

Among the numerical methods, FVM is particularly effective for simulating blood 

flow due to its strong conservation properties and adaptability to complex geometries. 

FVM discretises the domain into small control volumes and applies conservation laws 

directly to each volume. The use of the divergence theorem transforms volume 

integrals into surface integrals, making FVM highly effective for solving mass, 

momentum and energy conservation equations. Due to its conservative nature and 

compatibility with complex geometries, FVM is widely used in commercial and open-

source CFD software, including Simcenter STAR-CCM+ by Siemens, ANSYS Fluent 

or OpenFOAM. 

The FVM is a numerical technique for solving PDEs through a series of steps. First, 

the continuous fluid domain is discretised into a finite number of control volumes 

(meshing). Next, the governing equations for mass, momentum and energy are 

integrated over each volume. A crucial step involves approximating the fluxes of these 
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quantities across the cell faces, often using upwind or central difference schemes, and 

treating any source terms. These discrete equations are then assembled into a large 

system of algebraic equations for variables including velocity and pressure. Finally, 

this system is solved using appropriate linear or nonlinear numerical solvers to 

determine the flow field. 

 

1.5.3 Mesh generation 

A mesh is a discretised geometric model formed by dividing the domain into 

subdomains where the governing conservation equations are numerically solved. 

Using the FVM, values are computed at the centre of these cells (Fig. 1.17A) to analyse 

the physical region. The cell, defined as either an area (2D) or volume (3D), is bound 

by points (vertices) connected through lines (edges) that form faces (Fig. 1.17A).  

Simcenter STAR-CCM+ by Siemens employs a structed meshing process starting with 

geometry preparation, wrapping for complex surfaces, and defining part contacts to 

ensure mesh conformity. Initially, a closed surface is generated from the provided 

geometry; this is subsequently remeshed to enhance triangulation quality and facilitate 

the creation of prism layers. Volume meshing employs polyhedral, tetrahedral or 

timed, with optional prism layers for boundary layer resolution. Tetrahedral meshes 

are fastest but require higher cell counts for accuracy. Polyhedral meshes, generated 

via dualization from tetrahedral cores, deliver improved accuracy and efficiency. This 

process provides a flexible, repeatable pipeline independent of physics, suitable for 

complex geometries. 

 

1.5.4 Wall treatment 

For viscous flows, a structured mesh layer such as a prismatic layer, known as the 

boundary layer, is generated near wall surfaces after surface meshing to accurately 

capture viscous effects [136]. Prism layers not only enhance mesh density near wall 

boundaries but also enable the use of high-aspect-ratio cells, thereby improving cross-

stream resolution without necessitating excessive refinement in the streamwise 
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direction. They also reduce numerical diffusion, a discretisation artefact that blurs 

steep gradients. 

 

 

Figure 1.17: Mesh topology components and boundary definitions using in Simcenter 

STAR-CCM+ by Siemens [138]. (A) Key mesh elements including vertex, edge, part 

curve, face, cell, and prism layer cell, within a polyhedral volume mesh. (B) The prism 

layer total thickness controls the total overall thickness of the prism layers, here shown 

for 3 layers. 

 

 

After the surface is meshed, a layer of orthogonal prismatic cells is created the viscous 

boundary layer near the wall boundaries. The layer is generated by extruding faces 

from the core volume mesh back to the original surface, based on a defined total 

thickness. To generate multiple boundary layers, the mesh starts with a small initial 

layer thickness adjacent to the wall, and subsequent layers increase in size according 

to a specified growth factor rate until the desired thickness is reached (Fig. 1.17B)  
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To characterise the quality of the near-wall mesh, the non-dimensional distance, 

known as the y+ value, can be used to determine the physical height of the first layer 

y1 [139]: 

 Δ𝑦1 =
𝜇𝑦+

𝜌𝑈𝑇
               (1.24) 

𝑈𝑇 = √𝑤𝑠𝑠/𝜌                            (1.25) 

where the 𝑦+ is satisfying the value of 𝑈+ for low Reynolds numbers in microvessel 

flows. The 𝑈+is the dimensionless velocity, which calculated from 𝑈/𝑈𝑇 [140, 141], 

where 𝑈𝑇 is the friction velocity. Walls are a source of vorticity in most flow problems 

of practical importance. Therefore, an accurate prediction of flow and turbulence 

parameters across the wall boundary layer is essential.  

 

1.5.5 CFD approaches in microvessels  

At the microscale, fluid behaviour is governed by surface-related forces such as 

viscosity and surface tension. This shift is caused by a high surface-area-to-volume 

ratio, which results in low Reynolds numbers (typically <1) and predominantly 

laminar flow [135]. The Reynolds number (𝑅𝑒 =  𝜌𝑈𝐷/𝜇) is a dimensionless quantity 

comparing a fluid’s inertial forces (𝜌𝑈2)  to its viscous forces (𝜇𝑈/𝐷). In physiological 

conditions, blood flow is considered incompressible and can be categorised as either 

laminar, transitional or turbulent. 

Due to the complex physiology of the arterial system [142], physics-based models are 

a valuable tool for simulating physiological behaviour of the arteries. These models 

are commonly classified into reduced-order (0D, 1D) and high-dimensional (2D and 

3D models) approaches (Fig. 1.18), each suited to different research aims. Reduced-

order models, using simplified inputs including vessel geometry and basic mechanical 

properties, efficiently represent haemodynamics across extended lengths of the arterial 

system. In contrast, three-dimensional (3D) models provide detailed local flow 

information, but require significantly greater computational resources [143].  
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Figure 1.18: Physics-based models (modified from [143]). 

 

0D models (lumped parameter models) treat each vascular compartment (e.g., cerebral 

haemodynamics) as a single compartment with no spatial variation, assuming uniform 

flow, pressure and other variables at any given time [142, 143]. Governed by ordinary 

differential equations, they are time-dependent only and computationally efficient, 

making them ideal for simulating the global cardiovascular dynamics and estimating 

boundary conditions in larger systems. For example, Loganathan et al. (2024) [144] 

developed a 0D model to analyse how occlusions reduce cerebral blood pressure and 

flow regardless of site. Similarly, Frash et al. (1996) [145] utilised a lumped 

Windkessel-based model to represent pulsatile pressure-flow dynamics in a 

microcirculatory bed. However, their lack of spatial resolution limits their application 

in microscale phenomena such as branching, local flow separation or cell-scale 

dynamics. 

In the distributed parameter models, 1D models extend the 0D framework by 

incorporating spatial variation along vessel length. They solve simplified Navier-

Stokes equations, enabling analysis of axial pressure and velocity gradients, flow 

resistance or phase separation effects (e.g., plasma skimming and Fahraeus effect) in 

vascular networks [146]. Building on this, 2D models simulate flow within planar or 

axisymmetric geometries. Ng et al. (2015) and Yin et al. (2013) both used 2D models 

to analyse blood flow in microvessels, with the former focusing on transient 

spatiotemporal variations in the CFL in arterioles, and the latter using the Lattice 
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Boltzmann method to investigate RBC separation at a simplified Y-shaped bifurcation. 

Extending further, 3D models provide the most detailed representation of blood flow. 

While Safaeian and David (2013) [147] simulated oxygen transport across a 3D 

cerebral capillary network using a continuum-based method, Fedosov et al. (2020) 

[148] utilised the dissipative particle dynamics method to resolve the motion and 

deformation of individual biconcave-shaped RBCs within a 3D microtube. 

 

1.6.6 CFD approaches to the CFL 

The presence of CFL decreases the apparent blood viscosity through the Fahraeus-

Lindqvist effect, improving the flow efficiency, facilitating mass transport between 

blood and surrounding tissues, and critically influencing RBC distribution at a 

bifurcation [56]. Capturing these effects is crucial for accurate microvascular 

haemodynamic simulations, and many simulations incorporate the CFL for this reason. 

Blood flow modelling methods can be classified into continuum-based, particle-based 

and hybrid approaches. Continuum approaches rely on a mesh to solve bulk fluid, 

whereas particle-based methods are suitable for resolving discrete cellular dynamics, 

and hybrid models couple both frameworks. Each modelling level involves an inverse 

correlation between computational efficiency and spatial resolution, with the choice 

depending on the study’s aims and required level of detail. 

Computationally efficient single-phase models treat blood as a homogeneous fluid, 

implicitly accounting for the CFL rather than simulating it directly. The CFL is either 

represented through parameterising the known haemodynamic consequences of the 

CFL such as plasma skimming [149], or by representing its mechanical effect as a 

wall-slip boundary condition [150]. The methodologies developed to account for the 

summarises in Table 1.2. A key limitation of these methods is their inability to simulate 

the 3D dynamic formation of the CFL itself.  

To introduce heterogeneity in single-phase frameworks, a two-phase layer model from 

previous studies have been proposed which assuming an RBC-rich core is surrounded 

by a near-wall CFL (Fig. 1.19). The CFL thickness is treated as predefined input 

parameter to investigate its influence on flow dynamics [151]. Alternatively, the CFL 
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width is predicted as a calculated output to elucidate phenomena such as the Fahraeus 

and Fahraeus-Lindqvist effects [152-154]. A detailed summary of these modelling 

approaches and their principal findings is presented in Table 1.2. However, these 

models lack explicit modelling of RBC-plasma interactions, limiting their ability to 

simulate 3D dynamic phase behaviour. 

 

 

Figure 1.19: Schematic diagram of a two-phase flow layer. An RBC-rich core is 

surrounded by plasma-rich CFL layer.  and R represent the CFL thickness and vessel 

radius, respectively [151-154]. 

 

More accurate two-phase flow models (Table 1.2) use multiphase methods that treat 

RBCs and plasma as separate, interpenetrating continua. These approaches solve the 

conservation equations for each phase and include terms to represent interfacial 

interactions. Achab and Iachacheene (2025) [155] employed the Volume of Fluid 

(VOF) method to track the interface between the RBC core and plasma. To improve 

accuracy, they applied a Piecewise Linear Interface Construction (PLIC) and 

calculated the surface tension using the continuous Surface Force model [156], 

integrating it as a source term in the momentum equation. This setup allowed initial 

CFL thickness (R-R0) to be set at 7 µm for a vessel radius of 27.1 µm (Fig. 1.20A). 

In another VOF study, Yadav et al. (2024) [157] modelled blood as a suspension of 

RBC particles dispersed in plasma by assigning a fixed haematocrit value and 

incorporating drag and lift forces to represent phase interactions. Their simulations 

showed a CFL formation in the centre of a confluence microchannel (Fig. 1.20B), an 

effect caused by the high shear rate near the apex which forces RBC to migrate away 

from this central region. Likewise, Valtchanov et al. (2025) [158] and Jafari et al. 

(2008) [159] used VOF modelling to treat plasma and cytoplasm as separate phases, 

integrating membrane force and deformation tensors in the momentum equation to 
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capture RBC deformation (Fig. 1.20C). Furthermore, Mendygarin et al. (2017) [160] 

simulated RBCs and platelets as dispersed particulate phases in plasma, with granular 

temperature driving migration away from the wall and creating a near-wall plasma 

region with nearly zero RBC volume fraction at one side, with the use of a three-phase 

EMP approach. 

 

Figure 1.20: Examples of RBC-plasma interface simulations using the VOF method 

(A-C) and CFD-DEM model (D). (A) Achab and Iachacheene (2025) [155], (B) Yadav 

et al. (2024) [157], (C) Valtchanov et al. (2025) [158], and (D) Balachandran Nair et 

al. (2022) [83]. 

 

Hybrid methods are well-suited for simulating cellular-level dynamics by treating 

RBCs and plasma discretely. A Fluid-Structure Interaction (FSI) algorithm often 

combines the Lattice Boltzmann Method (LBM) for the plasma fluid and the Immersed 

Boundary Method (IBM) for the deformable structures. The RBCs elasticity is 

represented using models such as the Neo-Hookean model [161, 162], and oxygen 

transport can also be included [5]. The CFL, a key feature, is defined as the near-wall 

space with few RBCs, quantified by specific flux [5] or volume [161] thresholds (Table 

1.3). 

As provided in Table 1.4, Dissipative Particle Dynamics (DPD) is a fully particle-

based mesoscopic method where particles represent atom clusters [163]. The models 

reveal that the CFL is a direct result of RBCs migrating across streamlines away from 

the vessel wall. This migration is driven by haemodynamic forces, specifically 
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repulsive cell-wall interactions and dispersive cell-cell interactions, as shown by 

Fedosov et al. (2010) [148] and Lykov et al. (2015) [164]. The thickness of the CFL 

is influenced by the feed haematocrit, the RBC deformability and the RBC 

aggregability. Higher haematocrit can promote the formation of compact rouleaux, 

which enhances the phase separation that creates the CFL. The DPD combined with 

LD-RBC (Linked-Disc RBC) model from Li et al. (2012) [165] demonstrates that CFL 

thickness depends on the haematocrit and cell properties. Furthermore, the SDPD-IBM 

(Smooth Dissipative Particle Dynamics-IBM) model from Ye et al. (2019) [4] links 

CFL formation to RBC migration driven by deformability and aggregation. 

Balachandran Nair et al. (2022) [83] used a resolved CFD-DEM (Discrete Phase 

Model) model with a reduced-order, deformable RBC to successfully simulate the 

formation of a CFL, finding its thickness depends on both the tube diameter and 

haematocrit, as visualised in Fig. 1.20D. 

 

1.6.7 CFD approaches to the symmetric CFL formation 

LBM–IBM simulations show that CFL development in straight microchannels occurs 

through RBC migration and subsequent reorganisation [3]. The characteristic recovery 

length required to achieve near-symmetric CFL typically spans 8–15D (150–300 µm) 

[3]. This recovery is strongly influenced by cellular properties: reduced deformability 

slightly shortens the distance, whereas lower haematocrit or increased aggregation 

significantly prolong it. 

In contrast to straight channels, bifurcations and confluences introduce significant 

local disturbances to CFL structure. Downstream of a bifurcation, LBM–IBM 

simulations consistently show the development of an asymmetric CFL in daughter 

branches, becoming thinner near the inner wall and wider near the outer wall [5, 6, 

166]. The inner wall is defined as the concave side of the bifurcation, situated within 

the branching angle between the daughter vessels, whereas the outer wall corresponds 

to the convex side, forming the outer curvature of the bifurcation. This asymmetry can 

persist for considerable distances, often greater than 8–10D and potentially exceeding 

25D before symmetry is fully recovered, influenced by local haematocrit and flow rate 

[5, 6] (Table 1.5). Conversely, confluences induce a distinct central CFL just 



 

41 
 

downstream of the merging point, which is remarkably stable, persisting for up to 100 

µm [166]. Notably, this central region accumulates microparticles or platelets, leading 

to an antimargination effect not observed at bifurcations. 

 

Table 1.2: Continuum-based approaches for CFL studies. 

Method & Geometry CFL treatment Key findings 

Single-phase  

Asymmetric network 
[149] 

Input: implicitly set via 

plasma skimming  
Output: CFL-related 

phenomena (haematocrit) 

Accurately models 

haematocrit distribution 
using CFL-dependent 

plasma skimming. 

Single-phase  

10-75 µm tube 

[150] 

Input: implicitly set via 

wall-slip condition 

Output: CFL-related 
phenomena (WSS) 

The lubricating effect of the 

CFL represented by a wall-

slip condition in a single-
phase model. 

Two-phase layer 

(Newtonian core & CFL) 
20–300 µm tube 

[152] 

Input: treated as unknown to 

within the viscosity and 
haematocrit 

Output: CFL thickness  

Effective viscosity in the 

CFL is higher than pure 
plasma due to interface 

energy dissipation. 

Two-phase layer (Power-

law core + plasma CFL) 
30–100 µm tube 

[153] 

Input: treated as unknown to 

within the viscosity data 
Output: CFL thickness  

RBC aggregation increases 

the CFL thickness, 
especially at low shear rate. 

Two-phase layer (Krieger-

Dougherty core + plasma 
CFL) 

5-75 µm tube 

[154] 

Input: treated as unknown 

by calibrating against 
empirical data  

Output: CFL thickness  

A non-uniform haematocrit 

profile withing the core 
region is crucial for predict 

the CFL thickness. 

Three-phase layer 

(Herschel-Bulkley core + 
CFL + porous wall) 

Axisymmetric tube 

[151] 

Input: explicitly set as a 

fixed CFL thickness; 
Output: CFL-related 

phenomena (flow rate, 

resistance, etc.) 

Modelling the vessel wall 

as a porous layer 
(glycocalyx) outside the 

CFL significantly increases 

the overall flow  

VOF  
Y-bifurcation 

[159] 

Not an input  
Output: CFL-related 

phenomena (qualitative 

visualisation of cell 
distribution) 

VOF can simulate 
individual RBC. 
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VOF 

25-330 µm tubes 
[157] 

Not an input (an emergent 

property from shear-lift 
force) 

Output: CFL thickness 

Geometric constrictions can 

cause a fivefold 
enhancement of the CFL 

thickness downstream. 

VOF (Herchel-Bulkley core 

+ plasma) 

27.1 µm tube 
[155] 

Input: explicitly set as CFL 

thickness  

Output: dynamic CFL 
thickness 

An increase in haematocrit 

or blood yield stress causes 

the CFL thickness to 
decrease. 

EMP for RBC, plasma, 
platelets phases  

217 µm tube 

[160] 

Not an input (an emergent 
property of the multiphase 

simulation) 

Output: CFL formation 
(spatial distribution) 

The model can predict the 
CFL formation and the 

platelets margination to the 

near-wall region. 

 

Table 1.3: Hybrid approaches for CFL studies. 

Method & Geometry CFL treatment Key findings 

Hybrid 
  

FSI with VOF 

20 µm RBC Couette 
[158]  

Not an input (an emergent 

property from cell collisions) 
Output: not focus on CFL 

Intercellular collisions, the 

underlying cause of the 
CFL, are a dominant 

mechanism for RBC 

membrane damage. 

IB-LBM 

96 µm vascular network 
[73] 

Not an input (an emergent 

property from shear induced 
migration) 

Output: CFL thickness 

CFL asymmetry develops 

after a bifurcation. 

IB–LBM 
Straight channel 

[162] 

Not an input (an emergent 
property of the simulation) 

Output: qualitative 

visualisation of CFL 

formation 

RBC aggregation enhances 
CFL formation, while rigid 

(less deformable) cells do 

not form a clear CFL. 

IB–LBM 
9.97 µm Straight & 

bifurcation  

[161] 

Not an input (an emergent 
property from hydrodynamic 

forces) Output: CFL 

thickness 

A thicker CFL in the parent 
vessel leads to more 

pronounced phase 

separation. 

LBM-FEM-IBM 

Tumour network 
[5] 

Not an input (asymmetric 

recovery after bifurcation) 
Output: CFL thickness 

Abnormally short vessels in 

tumours prevent CFL 
symmetry, causing biased 

haematocrit splitting. 
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Table 1.4: Particle-based approaches for CFL studies. 

Method & Geometry CFL treatment Key findings 

DPD with a multi-scale 
RBC model 

10–40 µm tubes  

[148] 

Not an input (an emergent 
property from the simulation) 

Output: CFL thickness 

The model’s CFL 
predictions agree well with 

in vitro data. 

DPD with a multi-scale 

RBC model 
10 µm Y-bifurcation [164] 

Input: a pre-formed CFL 

Output: CFL-related 
Phenomena (plasma 

skimming and cell recovery) 

A new open boundary 

condition successfully 
generates a flow with a pre-

formed CFL, enabling 

accurate simulation of 
plasma skimming. 

DPD with a low-

dimensional RBC model 

40 µm Y-bifurcation 
[165] 

Not an input (an emergent 

property arising the 

simulation) 
Output: CFL thickness 

A thicker CFL, resulting 

from a lower feed 

haematocrit, leads to more 
efficient plasma skimming. 

SDPD-IBM 

10 µm multi-bifurcation 
network 

[4] 

Not an input (an emergent 

property of the simulation) 
Output: CFL related 

phenomena (RBC flux 

distribution) 

Lower cell deformability 

and stronger aggregation 
both enhance phase 

separation by altering the 

cell distribution that forms 
the CFL. 

CFD-DEM 
Straight & constricted 

tubes 

[83] 

Not an input (an emergent 
property of the simulation) 

Output: CFL thickness 

The model accurately 
simulates the enhancement 

of CFL thickness 

downstream of a geometric 

constriction 
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Table 1.5: Computational approaches for CFL symmetry. 

Method & Geometry CFL thickness  Key findings 

2D IB-LBM 
20-24 µm straight 

[3] 

 

Nominal CFL thickness based on 
10% cumulative frequency of 

wall-membrane distance 

CFL symmetry recovery at 

150-300 m (8-15D) 

2D IB-LBM 

10 µm bifurcation 

[161] 

<2.5% RBC volume threshold 

from lower wall and >97.5% from 

upper wall  

CFL thickness depends on 

phase separation,  

LBM-FEM-IBM 

33 µm network 

[5] 
 

Haematocrit threshold near vessel 

walls 

CFL symmetry recovery at 

25D 

2D LBM-IBM 
15 µm bifurcation 

[6] 

 

Distance from wall to cell-plasma 
interface (from simulation grid) 

CFL symmetry recovery at 
>8D  

3D LBM-IBM 

32 µm bifurcation 

32 µm confluence 

[166] 

CFL zone (zero or low RBC 

density) near the wall 

CFL remains asymmetric 

within simulation domain 

(50 m) in bifurcation, 

while CFL symmetry 

recovers ~ 100 m in 

confluence 

 

 

1.5.7 Eulerian Multiphase Method (EMP) 

The Eulerian Multiphase Method is part of a family of multiphase modelling 

approaches used in CFD to simulate flows involving multiple interacting phases (e.g. 

liquid-solid, gas-liquid, etc.). EMP and its related models fall under the broader 

Eulerian-Eulerian framework, where each phase is treated as a continuous field. A key 

characteristic of multiphase flows is that they consist of phases and interfaces. A phase 

is a distinct physical state, such as gas, liquid, or solid, defined by properties such as 

density, size or composition, and can coexist with other phases within the same 

domain. The interface is the boundary between distinct phases where fluid properties 

change abruptly and mass, momentum, and heat are exchanged, making simulations 

more complex. 
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1.5.7.1 Fundamental numerical equations in EMP 

The EMP model, as utilised in Simcenter STAR-CCM+, treats each phase as an 

interpenetrating continuum and governed by its own set of conservation equations, 

solved simultaneously within a fixed spatial grid, also known as the Eulerian frame. 

While all phases are coupled through a common pressure field, the Eulerian averaging 

[167-169] of the transport equations introduces further interactions that consequently 

require closure models for phenomena such as drag, lift force an interphase heat 

transfer. Rather than tracking individual particles or interfaces, the flow is observed at 

fixed spatial locations. Each phase is represented using a volume fraction 𝛼𝑖, which 

denotes the share of the control volume occupied by the phase 𝑖. The total volume Vi 

of a phase is given by: 

𝑉𝑖 = ∫ 𝛼𝑖𝑑𝑉
𝑉

               (1.26) 

where V represents volume. To ensure physical consistency, the sum of volume 

fractions across all 𝑛 phases must satisfy: 

∑ 𝛼𝑖 = 1𝑛
𝑖=1                (1.27) 

The conservation of mass for a given phase 𝑖 accounts for convective transport. In 

compressible condition, this is described by the continuity equation [170]:  

𝜌𝑖 (
𝜕

𝜕𝑡
∫ 𝛼𝑖𝑉

𝑑𝑉 + ∮ 𝛼𝑖𝒗𝑖 ∙ 𝑑𝒂
𝐴

)  = 0                  (1.28) 

Here, 𝜌𝑖 and 𝒗𝑖 are the density and the velocity of phase 𝑖. Similarly, the momentum 

conservation equation for each phase in incompressible  includes contributions from 

pressure gradients [170]:      

𝜌𝑖 (
𝜕

𝜕𝑡
∫ 𝛼𝑖𝒗𝑖𝑉

𝑑𝑉 + ∮ 𝛼𝑖𝒗𝑖⨂𝒗𝑖 ∙ 𝑑𝒂
𝐴

) = ∫ 𝛼𝑖∇𝑝
𝑉

𝑑𝑉 + ∮ 𝛼𝑖𝐓𝑖𝑑𝒂
𝐴

+ ∫ 𝑀𝑖𝑉
𝑑𝑉        

                        (1.29) 

In this expression, 𝛻𝑝 is the pressure graidient (assumed equal for all phases), 𝐓𝑖 is 

viscous stress tensor and  𝑴𝑖 is the interphase momentum transfer per unit volume of 

phase 𝑖. In laminar EMP models, the solid phase is treated as a fluid-like continuum. 

The pseudo-solid viscosity is a non-physical constant that serves as the laminar 

viscosity for this continuous solid phase, enabling the calculation of the viscous stress 

term in the momentum equation. This represents an effective laminar property rather 



 

46 
 

than a true molecular rather than a true molecular viscosity or granular model [171]. 

 

1.5.7.2 Phase Interaction Topology 

EMP is capable of modelling both dispersed-continuous and continuous-continuous 

phase interactions. Dispersed-continuous flow models include a dispersed phase (such 

as bubbles or particles) distributed within a continuous phase, in contrast to 

continuous-continuous flow, where two phases are modelled as distinct, continuous 

bodies separated by a clear interface. In this study, the dispersed-continuous flow 

model is employed to represent blood as RBC particles suspended in the plasma, and 

thus it is presented here in more detail. 

In the dispersed–continuous model, the interaction area density (Acd) between the 

continuous and dispersed phases quantifies the interfacial area available for 

momentum, heat and mass transfer per unit volume. Since the EMP methods do not 

explicitly track interfaces, the Acd is introduced as a closure term to represent total 

particle surface area available for these transfer processes. As shown in Fig. 1.21, the 

total surface area for N spherical particle is nd2, or equivalently 6dVtotal /d, giving 

an interface area density of Acd = 6d/d, where d is the dispersed-phase volume 

fraction and d is the particle diameter. However, this spherical model incorrectly 

predicts maximum interaction at d =1, when no continuous phase exists. To correct 

this, the Symmetric Interaction Area model includes the continuous-phase volume 

fraction c, yielding Acd = 6dc/d, which accurately predicts zero interaction when 

either phase is absent. 
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Figure 1.21: Fundamental geometrical equations used in the EMP method [170]. (A) 

Volume (Vd), interface area (As), and projected area (Ap) of sphere(s) and (B) interface 

area per unit of volume. d is the diameter of the spherical particle, n is the number of 

spheres, Vtotal is the total volume of spheres, and Acd is the interaction area density, 

which representing interface area per unit of volume. 

 

1.5.7.3 Momentum transfer 

The momentum transfer is a crucial term in the EMP formulation that accounts for 

how phases exert forces on each other. These forces are modelled using various sub-

models, with drag, virtual mass, lift, turbulent dispersion and wall lubrication forces. 

Drag force (𝐹𝐷) is the resistance a particle experiences as it moves through a fluid. For 

a single spherical particle, it is a function of the drag coefficient (𝐶𝐷), the fluid density 

(𝜌𝑐), the projected area (𝐴𝑝), and the relative velocity (𝒖𝑟 = 𝒖𝑖 − 𝒖𝑗), where ui, uj the 

velocity of the i, j phase. 

For an EMP simulation, the force on a single particle is scaled up to a ‘total drag force 

per unit volume’. This is the drag force term that is added to the momentum equations 

in the solver. This is achieved by replacing the projected area with the spherical Acd = 

6d/d. From Eq. 1.30, this is then expanded using the definition of Acd to: 

𝐹𝐷 =
1

8
𝐶𝐷𝜌𝑐 (

6𝛼𝑑

𝑑
) |𝒖𝑟|𝒖𝑟                        (1.30) 
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This simplified equation [172] is the core model for drag on multiple particles in a 

dispersed flow. The drag coefficient is not a constant. It is a function of the particle 

Reynolds number (Red). In the very slow, viscous flows (Red<0.2), the drag coefficient 

is given by CD=24/Red [121]. 

The lift force (𝐹𝐿) is a force that acts perpendicular to the relative motion between the 

phases. While drag force pushes a particle in the direction of the flow, the lift force 

pushes it sideways, enforcing movement perpendicular to the relative velocity [172]. 

𝐹𝐿 = 𝐶𝐿𝛼𝑑𝜌𝑐[𝒖𝑟 × (∇ × 𝒖𝑐)]             (1.31) 

where 𝐶𝐿  and ∇ × 𝒖𝑐  are the lift coefficient (a constant) and the vorticity of the 

continuous phase velocity, respectively. The lift force is particularly important in non-

uniform or rotational flow fields with a strong velocity gradient, such as in flow 

through small diameters. It becomes especially significant near walls, where the 

velocity gradient is highest, and is proportional to the continuous phase density. 

Virtual mass force (𝐹𝑉𝑀) is an additional resistance experienced by a dispersed particle 

when it accelerates or decelerates relative to the continuous phase. It is a force that 

arises from the need to accelerate the surrounding fluid. 

𝐹𝑉𝑀 = 𝐶𝑉𝑀𝛼𝑑𝜌𝑐(𝒂𝑐 − 𝒂𝑑)             (1.32) 

where 𝐶𝑉𝑀  and 𝒂𝑐 , 𝒂𝑑  are the virtual mass coefficient and the acceleration of 

continuous, dispersed phases, respectively [172]. 

 

1.5.8 SIMPLE algorithm 

The SIMPLE (Semi-Implicit Method for Pressure-Linked Equations) algorithm is an 

iterative method used to solve the Navier–Stokes equations, where pressure and 

velocity are strongly coupled. Since there is no explicit pressure equation, SIMPLE 

uses a pressure correction strategy to enforce the continuity equation. The solver 

begins by guessing a pressure field, solving the momentum equations to estimate 

velocity, and then generating a pressure correction equation. This correction updates 

both the pressure and the velocity fields until convergence is achieved. The process 

repeats until the flow field satisfies the mass and momentum conservation throughout 



 

49 
 

the domain, making SIMPLE one of the standard approaches in many CFD solvers for 

steady-state incompressible flows [173]. 

 

1.5.9 Boundary conditions 

1.5.9.1 Pressure outlet 

A pressure outlet boundary condition specifies the static pressure of the environment 

into which the fluid exits, such as atmospheric pressure. As implemented in Simcenter 

STAR-CCM+, velocity and other scalar quantities are extrapolated from the interior 

of the solution domain,, while the static pressure is maintained  at the specified 

working pressure [174]. This condition naturally allows for backflow if the interior 

pressure drops below the set outlet pressure. Pressure outlets are ideal when external 

pressure is known, making them suitable for vents, open-ended pipes, or exhaust. 

However, if the specified pressure does not reflect real conditions, it may lead to 

inaccuracies, especially in complex or compressible flows [174]. 

 

1.5.9.2 Flow split outlet 

A split or mass-flow outlet specifies the mass flow rate or fraction of the total flow 

leaving the domain through each outlet. Unlike a pressure outlet, the solver adjusts the 

outlet pressure to achieve the specified mass flow distribution, while velocities are 

corrected to match the target flow rate. This boundary condition is useful when the 

flow division is known but downstream pressures are unknown, such as in manifolds 

or distribution networks. It assumes no backflow, and if backflow occurs, it indicates 

setup issues or non-physical flow conditions. While it offers precise control over outlet 

distribution, unrealistic split ratios can produce unstable or non-physical pressure 

fields [174]. 
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1.5.9.3 Velocity inlet 

A velocity inlet boundary sets the magnitude and direction of the fluid velocity 

entering the domain, marking the mass flow rate at the inlet. The pressure at the inlet 

is not fixed; instead, the solver calculates it as part of the solution to balance the 

specified inflow with internal flow and outlet conditions. Velocity inlets are widely 

used for internal flows and allow for detailed control of the inlet profiles, such as 

uniform, parabolic, or user-defined velocity distributions. They are often coupled with 

pressure outlets or flow split outlets to establish clear flow-driving conditions. 

When a velocity inlet is paired with a pressure outlet, the simulation specifies the 

inflow speed and environmental outlet pressure. The solver computes the interior 

pressure field so that the continuity and momentum equations are satisfied, with the 

outlet velocity adjusting naturally based on the pressure differences and internal losses. 

Conversely, when a velocity inlet is coupled with a flow split or mass-flow outlet, the 

inflow is fixed, and the solver modifies the outlet pressures to achieve the specified 

flow distribution across the exits. This setup offers precise control of flow splits but 

requires careful configuration, as unrealistic split ratios can lead to excessive pressure 

adjustments or numerical instability [174]. 

 

1.6 Thesis aim and overview 

1.6.1 Research questions and aims 

A cornerstone of this research is the development of a novel multi-phase, multi-

component continuum-based model using the Eulerian Multiphase (EMP) method, 

which treats blood as a suspension of RBCs in plasma. The primary aims and guiding 

research questions are outlined as follows: 

• Model development. This objective is to answer three key questions. Firstly, 

can a continuum-based computational model be developed to sufficiently 

capture the disruption of the cell-free layer and its recovery downstream of a 

vessel bifurcation with high accuracy? Secondly, do the simulation results 

align with experimental observations? Thirdly, what are the specific 
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haemodynamic forces and mechanisms that explain the re-establishment of 

CFL? (This is addressed in Chapter 2). 

• Assessment of rheological behaviour. The aim is to assess the multi-phase, 

multi-component flow model by comparing its predicted rheological behaviour 

with established findings. This addresses the question of whether the model 

can successfully capture the fundamental non-Newtonian, shear-thinning 

nature and its non-linear viscosity-haematocrit relationship (Chapter 2). 

• Parametric investigation. This objective aims to test the model’s robustness 

by assessing its ability to predict established microhaemodynamic phenomena 

under various simulated conditions. Specifically, the research explores how 

key physiological factors, such as the feeding haematocrit, inflow rate, biased 

outflow, and complex geometries including asymmetric or successive 

bifurcations, affect CFL dynamics and haematocrit partitioning (such as the 

Zweifach-Fung effect) (Chapter 3). 

• Application to realistic geometries. This objective is to bridge the gap 

between idealised and physiological geometries. It involves investigating the 

haemodynamics in anatomically accurate vessel reconstructions for 20-µm 

testicular bifurcations to understand how phenomena such as the CFL 

formation and plasma skimming manifest in realistic, non-planar and tortuous 

microvessels (Chapter 4).  

• Network-Scale Analysis. This investigation aims to answer: how do 

morphological differences in control (89 µm) versus atrophic testicular arterial 

networks (48 µm) translate into functional deficits in perfusion and resistance? 

Due to meshing strategy for the two-phase model limitations in the complex 

control, and a single-phase model was used to obtain preliminary 

haemodynamic comparisons. (Chapter 5) 

• Blood flow in the pulmonary arteries. This study aims to establish a 

comprehensive haemodynamic baseline for blood flow in macro-scale 

pulmonary bifurcations. This work addresses how analysing this large-scale 

system provides the foundational data for future studies to bridge the gap 
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between the distinct haemodynamic principles governing the macro- and 

microcirculation (Chapter 6). 

 

1.6.2 Overview 

This thesis began in Chapter 1 by establishing the clinical motivation for studying 

microvascular haemodynamics and introducing the relevant computational tools, 

providing a conceptual basis for particulate blood behaviour. Although not included in 

the multi-phase multi-component model, cell behaviours, including aggregation and 

deformation, were provided in Chapter 1 to provide the background context of blood 

flow as a particulate flow. The central work and a key novelty of this thesis, detailed 

in Chapter 2, is the development of a multi-phase, multi-component continuum model 

to investigate the crucial phenomenon of CFL recovery downstream of a 20-µm 

bifurcation. A fundamental rheological assessment of the model is also provided in 

Chapter 2. This section details the quantitative validation using CFL and haematocrit 

data, the qualitative characterisation of the model's non-Newtonian behaviour and the 

dependency of viscosity on haematocrit. Chapters 3 and 4 present a series of model 

applications: parametric studies in 20-µm idealised and multi-phase, multi-component 

flow simulations in realistic testicular microvessels with diameter of 20 µm. Chapter 

5 presents an analysis of a large, complex arterial networks in testis control (89 µm) 

and atrophy (48 µm) using a single-phase model to obtain preliminary haemodynamic 

comparisons due mesh limitation on the control network. Chapter 6 extends the 

analysis to the pulmonary arteries bifurcation (approximately 2 cm in diameter), 

establishing the characteristic haemodynamics of arterial flow in larger vessels. 

Chapter 7 collects the findings from all preceding chapters, providing an integrated 

conclusion on the importance of CFL and links the microvascular modelling with the 

large-scale arterial analyses.  
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Chapter 2 

 2.Multi-phase, multi-component flow model of the cell-

free layer dynamics in arteriolar microvessels 

 

2.1 Introduction 

Pathological changes in the microvasculature reduce blood and oxygen delivery, 

resulting in ischemia and potentially critical organ damage. Understanding 

microvascular haemodynamics is therefore critical for identifying the underlying 

mechanisms of disease progression and improving therapeutic strategies. A key 

determinant of flow behaviour at the microscale is the heterogeneous distribution of 

red blood cells (RBCs) or haematocrit, influenced by the branching architecture of 

microvascular networks and the cell-free layer (CFL) [10, 43, 104]. This heterogeneity 

is the result of unequal partitioning of the CFL and RBCs through the network, that is 

through successive microvascular bifurcations, where phase separation (plasma 

skimming [175, 176], or the Zweifach-Fung effect [177, 178]) is known to take place 
(detailed in section 1.4.2.2). Under extreme conditions, a daughter branch with very 

low fractional flow may receive only plasma and no cells from the parent vessel’s CFL 

[73, 176], whereas all the RBCs are diverted to higher-flow branches. 

RBCs tend to migrate towards the centre of the vessel, thereby increasing the central 

accumulation of RBCs while allowing the development of a CFL between the lateral 

migration of RBC-rich core and the vessel walls [100, 179, 180]. The CFL is important 

as it governs the radial distribution of RBCs, which in turn dictates the local 

haematocrit within microvessels, consequently, the apparent viscosity of blood. Due 

to a velocity disparity between the CFL and the RBC-rich core layer, the discharge 

haematocrit (HD), that is, the concentration of RBCs in a bulk blood sample, is 

typically higher than the tube haematocrit (HT), which represents the average 

concentration of individual RBCs within the vessel volume [39] (described in section 

1.4.1.8). Moreover, the lower viscosity in the CFL in comparison with the RBC-rich 
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core acts as a lubrication layer, reducing the resistance of blood flow and modulating 

wall shear stress (WSS) by lowering the near-wall viscosity [109, 181]. 

At the apex of a bifurcation, the RBC-rich core is disturbed due to the impinging flow 

on the wall (stagnation point), leading to flow split and the local disappearance of the 

CFL adjacent to the inner wall (the concave side of the branching angle) [10, 182]. 

The outer wall, by comparison, is the convex side on the outside of the bifurcation. 

This cell-depleted layer is expected to be progressively re-established at a long 

distance downstream of the bifurcation [3, 6, 90]. Although successive bifurcations in 

physiological networks prevent full CFL recovery due to short inter-branch distances, 

examining its re-establishment downstream of a single bifurcation remains essential 

for understanding local haemodynamics and their implications for microvascular 

function and disease. 

Computational particle-based and hybrid methods have suggested that bifurcations 

disturb the RBC core, causing asymmetric CFL and transient haematocrit profiles [73, 

161, 166]. Studies using the immersed boundary lattice Boltzmann method show that 

the CFL gradually reforms further downstream from the bifurcation and returns to a 

symmetric pattern at a long distance (>8-25D) [3, 5, 6], as detailed in Table 1.5 (section 

1.6.7). In vivo studies reveal that asymmetry persisting for at least 6D (diameter from 

entrance) in ~50 m arterioles with estimating full recovery at ~8-11D [90]. When the 

distance between successive bifurcations is short, these asymmetries may persist 

without a full CFL recovery [5, 182]. While particle-based methods, such as those 

tracking individual RBCs, can capture these effects with high fidelity, they are 

computationally expensive and time-consuming. This raises the argument that a 

continuum-based numerical method could be utilised instead, at a reasonable 

computational cost. In this study, we develop a novel multiphase flow model that 

captures the three-dimensional haemodynamics in arteriolar bifurcations, providing a 

mechanistic explanation for the CFL development and downstream recovery. To 

accomplish this, we developed a multi-phase, multi-component continuum-based 

model using the Eulerian Multiphase (EMP) method, which treats RBCs as a dispersed 

particulate phase suspended in a plasma fluid phase (hereinafter referred to as BRC-

rich core), while the cell-depleted layer of plasma is referred to as CFL. The multi-
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phase, multi-component flow model was validated through both quantitative and 

qualitative criteria to confirm its ability to accurately describe the blood behaviour in 

arteriolar microvessels. 

 

2.2 Materials and methods 

2.2.1 Arteriolar bifurcation model 

A microvessel with a diameter (d0) of 20 µm (0th generation parent vessel, i=0), which 

represents a typical diameter for studying blood flow in arterioles [91, 183, 184], was 

designed to bifurcate symmetrically in a Y-junction into two daughter vessels (d1, d2) 

with equal diameters of 15.9 µm (1st generation, i=1), according to an extension of 

Murray’s law [185], used in model to generate microvascular geometry [138]. 

d0 = d13 + d23                        (2.1) 

For such a bifurcation, the angle  was determined by the relation between the vessel 

diameters [149, 186], shown in Eq. 2.2. 

cos 𝜓1 =  
𝑑0

4+𝑑1
4−𝑑2

4

2𝑑0
2𝑑1

2 ,   cos 𝜓2 =  
𝑑0

4+𝑑2
4−𝑑2

4

2𝑑0
2𝑑2

2               (2.2) 

where 𝜓1 and 𝜓2 are the angles between the parent vessel’s central axis and each 

respective daughter branch [149]. For the symmetric case, the Eq. 2.2 yields 𝜓1= 𝜓2  

37.5; thus, the angle between the two daughter branches is 75. 

The length for d0 and d1 was in a range of 100 and 380, which are within the 

physiological length [187-189]. This geometry represents the features of arteriolar 

architecture relevant to flow regulation, as demonstrated in networking-level 

haemodynamics [91, 183, 184, 187-189]. 
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2.2.2 Mesh analysis 

For the mesh, a hybrid mesh strategy [190, 191] was followed, combining polyhedral 

cells in the centre and a large total thickness of prismatic layers to resolve the steep 

near-wall gradients in velocity and the volume fraction within the viscous sublayer, 

especially in a curved geometry such as the bifurcation [192]. This discretisation (Fig. 

2.1A) was generated using Star-ccm+ (Siemens). In order to capture the viscous 

effects, the height of the first prismatic layer (Δ𝑦1) was specified at a distance of 

~0.005d0 away from the wall, determined by the relation Δ𝑦1 = 𝜇𝑦+/(√𝑤𝑠𝑠/𝜌), 

where 𝜌 , 𝑤𝑠𝑠  and µ assumed as 1.050 g/cm3, 17 dyn/cm2 and 4.0 mPa-s [193], 

respectively. The dimensionless value 𝑦+is defined by the friction velocity (𝑈𝑇 =

√𝑤𝑠𝑠/𝜌,  ), where 𝑤𝑠𝑠 =  
1

2
𝐶𝑓𝜌𝑢𝑏𝑢𝑙𝑘

2 with  𝑢𝑏𝑢𝑙𝑘 = 1 𝑚𝑚/𝑠 the mean velocity and 

𝐶𝑓 =  2 ∗  [(
8

𝑅𝑒
)

12

 +  ((2.457 ln ((
𝑅𝑒

7
)

0.9

))
16

+  (
37530

𝑅𝑒
)

16

)

−1.5

]

1/12

    

the skin friction coefficient, characterising the thickness of the viscous sublayer due to 

low Re of the flow [140, 141]. The prismatic boundary layer mesh was generated using 

with 20 layers a number which resulted from specifying the Δ𝑦1and the prismatic layer 

total thickness. To ensure reproducibility, these two constraints were linked using an 

optimised growth ratio selected from the 1.1 to 1.3 range validated by our mesh 

independence study (Appendix A.1).  

To enable an initial annulus symmetric CFL formation in the parent vessel, the total 

thickness of the prismatic layer was designed to exceed the assumed initial CFL (CFL) 

thickness by about two thirds (Fig. 2.1B), as the numerical solution of the final CFL 

thickness was influenced by the inlet velocity and the haematocrit and cannot be 

precisely predicted. A series of simulations in this thesis were performed with a fixed 

prismatic layer thickness of 5 µm. According to a grid independence analysis, based 

on the maximum velocity upstream of the bifurcation, a mesh of around 0.5 million 

elements for the symmetric Y-junction was found to be sufficient for the flow regimes 

(Appendix A.1). 
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Figure 2.1: (A) The polyhedral and prismatic mesh at the junction and the outlet. (B) 

The initialisation of the multi-phase, multi-component model, consisting of the RBC-

plasma (red) and pure plasma (blue) components. The CFL thickness (CFL) is 

determined on the reference line (dash white) with volume fraction of plasma-RBC 

component (𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) <0.05.  

 

2.2.3 Eulerian Multiphase Approach  

The EMP approach in the STAR-CCM+ software was employed to model a particulate 

RBC-rich core phase dispersed in a fluidic plasma phase. The progressive reduction in 

pulsatility index from proximal to distal cerebral arteries suggests that arterioles are 

subjected to significantly attenuated pulsatile forces [194]. With low Reynolds (Re  

0.001), the flow is dominated by viscous forces, indicating a highly laminar and stable 

regime with negligible pulsatile nature. The conservation of mass and momentum 

equations for the multiphase plasma-RBC component and pure plasma component 

were solved separately. Under laminar and incompressible conditions, each 

component (𝛼𝑖)  shared the same pressure and was governed by:  

   
𝜕

𝜕𝑡
𝛼𝑖𝜌𝑖 +  𝛻 ∙ (𝛼𝑖𝜌𝑖𝒖𝑖) = 0                           (2.3) 

  
𝜕

𝜕𝑡
𝛼𝑖𝜌𝑖𝑢𝑖 +  𝛻 ∙ (𝛼𝑖𝜌𝑖𝑢𝑖𝒖𝑖) = −𝛼𝑖𝛻𝑝 + 𝑀𝑘                           (2.4) 

where M is the interphase momentum transfer, consisting of drag, lift and virtual mass 

forces.  
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The plasma phase was modelled as a Newtonian fluid with a viscosity of 1.3 mPa-s 

[195] and a density of 1.025 g/cm3 [196], as shown in Table 2.1. Meanwhile, the 

pseudo-viscosity (section 1.5.7.1) and density of the  multiphase plasma-RBC 

component were assumed as 3.45 mPa-s [197] and 1.125 g/cm3 [196], respectively, in 

which solid  RBCs with a diameter of 8 µm [198] are dispersed in plasma, with the 

Symmetric Interaction Area model (Section 1.5.7.2).   

Table 2.1: Physical properties and boundary conditions for RBC-rich and plasma 

phases. 

Conditions Abbreviation Unit Value 

RBC-rich phase    

Inlet velocity 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ mm/s 1.2 

Viscosity 𝜇𝑅𝐵𝐶−𝑟𝑖𝑐ℎ mPa-s 3.45 

Density 𝜌𝑅𝐵𝐶−𝑟𝑖𝑐ℎ g/cm3 1.125 

Size of RBC phase  m 8 

Volume fraction 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ  Eq. 2.5 

    

Plasma phase    

Inlet velocity 𝑢𝑝𝑙𝑎𝑠𝑚𝑎  mm/s 0.8 

Viscosity 𝜇𝑝𝑙𝑎𝑠𝑚𝑎  mPa-s 1.3 

Density 𝜌𝑝𝑙𝑎𝑠𝑚𝑎  g/cm3 1.025 

Volume fraction 𝛼𝑝𝑙𝑎𝑠𝑚𝑎   Eq. 2.6 

    

Outlet pressure  mmHg 50 

initial CFL thickness  initial δCFL m 1.8 

 

For numerical initialisation, the multiphase configuration was assumed having a 

central multiphase plasma-RBC component surrounded by a pure plasma component, 

forming an annulus (Fig. 2.1B), throughout the bifurcation. This initialisation ensures 

that the upstream flow is nearly fully developed, enabling smooth progression through 

the bifurcation and downstream regions while avoiding the computational cost of 

generating phase separation from a completely mixed starting condition. As shown in 

Fig. 2.1B, the initial CFL thickness CFL was defined by the wall distance function, 

which represents the distance from a cell centroid to the nearest wall face with a non-

slip boundary condition. To achieve ~45% discharge haematocrit for diameter of 20 

µm, the initial CFL was assumed 1.8 µm, which is within physiological ranges [199]. 
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The initial volume fraction of the multiphase plasma-RBC component and the pure 

plasma component were then computed as follows: 

𝛼𝑝𝑙𝑎𝑠𝑚𝑎 =  {
1,   if walldistance ≤ initial δCFL 
0,   otherwise                                 

                        (2.5) 

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ = 1 – 𝛼𝑝𝑙𝑎𝑠𝑚𝑎              (2.6) 

where 𝛼𝑝𝑙𝑎𝑠𝑚𝑎  is volume fraction of plasma phase and 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ is volume fraction 

of RBC-rich core phase 

This component-separated profile was prescribed in the global initial conditions and 

at the inlet and outlet boundaries to ensure consistency phase distribution across the 

computational domain. The initial velocities of the RBC-rich (𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) and plasma 

(𝑢𝑝𝑙𝑎𝑠𝑚𝑎) phases were established using mixture velocity relation:  

𝑢𝑏𝑢𝑙𝑘 = 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ + 𝛼𝑝𝑙𝑎𝑠𝑚𝑎𝑢𝑝𝑙𝑎𝑠𝑚𝑎              (2.7) 

The velocity of RBC-rich and plasma phases were therefore assigned ~1.2 mm/s and 

then calculated ~0.8 mm/s, respectively, resulting in a  blood velocity (𝑢𝑏𝑢𝑙𝑘) of 1 

mm/s, as it aligns with values reported for arterioles of 20 m diameter in previous 

studies [22, 91, 183, 184]. This approach is essential for numerical stability because 

the interphase force is highly sensitive to velocity difference (relative velocity) 

between two components (Eq. 2.8 & 2.10). Introducing a small, non-zero slip avoids 

the instability of zero-slip conditions and the unphysical drag spikes caused by large 

velocity differences [200].  

The initial velocity was specified as components of [𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ, 0, 0] and [𝑢𝑝𝑙𝑎𝑠𝑚𝑎 , 0, 

0]. The initial pressure and outlet pressure boundaries were assumed 50 mmHg (6666 

Pa), according to physiological values in arterioles [51]. These initial and boundary 

condition setups were part of the new multi-phase, multi-component model proposed 

here to allow capturing the development of the CFL in a bifurcating arteriolar 

microvessel. 

The inter-phase drag force 𝐹𝐷 acting on the dispersed RBC-rich core due to the drag 
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of the plasma was implemented as: 

 𝐹𝐷 =  
1

2
𝐶𝐷𝜌𝑝𝑙𝑎𝑠𝑚𝑎𝐴𝑝|𝑢𝑟|𝑢𝑟                (2.8) 

𝐴𝑝 =  𝜋
𝑑𝑅𝐵𝐶

2

4
 ; 𝐶𝐷 =  

24

𝑅𝑒𝑑
 ; 𝑅𝑒𝑑 =  

𝜌𝑝𝑙𝑎𝑠𝑚𝑎∙|𝑢𝑟|∙𝑑𝑅𝐵𝐶

𝜇𝑝𝑙𝑎𝑠𝑚𝑎
            (2.9) 

where 𝐶𝐷  is the drag coefficient in Stokes flow regime (Re <<1) [201], 𝐴𝑝  is the 

projected area of the RBC particles, 𝑢𝑟  is the slip velocity (𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ − 𝑢𝑝𝑙𝑎𝑠𝑚𝑎  ), 

and 𝑅𝑒𝑑 is the RBC particle Reynold number. The drag force was scaled with a volume 

fraction exponent of -9.3 and a maximum packing at 0.66 [202], following the 

Richardson and Zaki correlation. This correction account for the increased drag caused 

by particle hindering, where densely packed particles increase resistance to flow. As 

fluid volume decreases, the drag force rises sharply, simulating the effect of particles 

becoming tightly packed [200]. When the velocity of the continuous plasma phase 

varies spatially, the lift force acts perpendicular to the RBC-rich core motion relative 

to the fluid plasma: 

𝐹𝐿 =  𝐶𝐿,𝑒𝑓𝑓𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ𝜌𝑝𝑙𝑎𝑠𝑚𝑎[𝑢𝑟 × (𝛻 × 𝑢𝑝𝑙𝑎𝑠𝑚𝑎)]                           (2.10) 

where 𝛻 × 𝑢𝑝𝑙𝑎𝑠𝑚𝑎  represents the vorticity of the continuous plasma component. The 

effective lift coefficient 𝐶𝐿,𝑒𝑓𝑓 is calculated from 𝐶𝐿,1𝛼𝑝𝑙𝑎𝑠𝑚𝑎𝑓𝑙 , where 𝐶𝐿,1is -100 and 

𝑓𝑙  is lift correction. The 𝑓𝑙  serves as dimensionless scaling coefficient and is 

approximated from wall induced lift force [203]: 

𝐶𝐿,2 ∙ 𝜌𝑅𝐵𝐶 ∙ |𝑢𝑟|2 ∙
𝑑𝑅𝐵𝐶

4

𝐷2 , where CL,2 is 0.25            (2.11) 

The virtual mass force, resulting from the relative acceleration between phases (𝒂𝒋 −

𝒂𝒊), is incorporated using spherical particle method [204] to model interphase dynamic 

effectively. This force described by: 

𝐹𝑖𝑗
𝑉𝑀 =  𝐶𝑉𝑀𝜌𝑝𝑙𝑎𝑠𝑚𝑎𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ (𝒂𝒋 − 𝒂𝒊)          (2.12) 

𝐶𝑉𝑀 = [(𝐶𝑉𝑀,𝑠𝑝ℎ𝑒𝑟𝑒)
−2

+ 𝐶𝑉𝑀,𝑚𝑎𝑥(𝛼𝑝𝑙𝑎𝑠𝑚𝑎 , 𝛾𝑚𝑖𝑛)
−2

]
−1/2

       (2.13) 
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starting from the inviscid value 𝐶𝑉𝑀,𝑠𝑝ℎ𝑒𝑟𝑒=0.5 [205] and using a free stream minimum 

fraction (𝛾𝑚𝑖𝑛) of 0.45. The choice of 0.45 emerged through preliminary sensitivity 

analyses during the initial stage of the model development, ensuring numerical 

stability. 

To ensure numerical stability and prevent non-physical oscillations, first-order 

convection schemes for velocity and volume fraction in the EMP model, and the 

implicit unsteady solver were prescribed. This computationally diffusive approach is 

essential to handle the highly non-linear and stiff equation sets governing the 

multiphase flow, such as interphase drag and volume fraction [206]. It can prevent the 

solver from crashing due to the non-physical overshoots that higher-order, unbounded 

schemes would produce at sharp phase boundaries. The segregated EMP was used with 

the phase coupled velocity and pressure with the implicit under-relaxation factor of 

0.5 and explicit factor of 0.2. These low under-relaxation factors were applied to 

stabilise the iterative process and maintain convergence reliability in multiphase flows 

with strong pressure–velocity coupling [207]. For initialisation, the pseudo transient 

strategy was applied, with both the time step (t) and the total physical time set to 0.1 

sec and a total of 20,000 iterations to drive the unsteady form of the governing 

equations (Eq. 2.3 & 2.4) towards a steady-state solution. This choice reflets the 

equivalence between pseudo-time marching and under-relaxation, where a suitably 

large step size acts as an implicit stabilisation mechanism for nonlinear multiphase 

flow [207, 208]. Once the fluid flow was fully developed, the simulation was continued 

with a time step of 5x10-4 seconds with three inner iterations for a total physical time 

of 1.1 seconds, to ensure the Courant number (u(r)t/x, where x is the cell length) 

remained below 0.5. 

 

 

2.2.4 CFL, Haematocrit, viscosity, and WSS calculations 

For this study, an RBC-rich region was defined in areas where the volume fraction of 

the multiphase plasma-RBC component 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ exceeded 0.5, while the near-wall 
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regions with a 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ value of below 0.05 were designated as the CFL region, as 

illustrated in Appendix A.2 (Fig. A.2), Fig.2.2 and Table 2.2.  

The tube haematocrit HT on a cross-sectional plane was modified from the area-

weighted average [76, 78], of local volume fraction of the RBC-rich core:  

HT =  
𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑎𝑣𝑒∗𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ

𝐴𝑡𝑜𝑡𝑎𝑙
                                                 (2.14) 

𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ = ∑ 𝑎𝑖
𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=1
𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=0.5                                    (2.15) 

𝐴𝑡𝑜𝑡𝑎𝑙 = ∑ 𝑎𝑖
𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=1
𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=0                         (2.16) 

Where 𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ is RBC-rich core region, 𝐴𝑡𝑜𝑡𝑎𝑙 is total area, 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑎𝑣𝑒  is the 

average volume fraction of the RBC-rich region on a cross-sectional plane, and 𝑎𝑖 is 

the area of the meshed elements. 

The feeding haematocrit (HF) was estimated from the discharge haematocrit (HD), 

which is calculated from the Fåhraeus effect describing the reduction of the average 

red blood cells concentration with decreasing vessel diameter [46, 47], as following 

[10]: 

HF = HD = HT ∗ 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ/𝑢𝑏𝑢𝑙𝑘                                    (2.17) 

The apparent or effective viscosity of the mixture was calculated as a volume-fraction-

weighted sum of the individual viscosities of the RBC-rich and plasma regions: 

 𝜇𝑎𝑝𝑝 =  𝜇𝑅𝐵𝐶−𝑟𝑖𝑐ℎ𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ + 𝜇𝑝𝑙𝑎𝑠𝑚𝑎𝛼𝑝𝑙𝑎𝑠𝑚𝑎                      (2.18) 

WSS was calculated as: 

WSS = 𝜇𝑑𝑦𝑛𝑎𝑚𝑖𝑐 {[(∇𝒗𝑡𝑎𝑛)𝐶 + (∇𝒗𝑡𝑎𝑛)𝐶
𝑇] −

2

3
(∇ ∙ 𝒗𝑡𝑎𝑛)𝐶𝐈} 𝐧            (2.19) 

𝒗𝑡𝑎𝑛 = (𝒗𝐶) − [(𝒗𝐶) ∙ 𝐧]𝐧                                   (2.20) 

where 𝜇𝑑𝑦𝑛𝑎𝑚𝑖𝑐  is the dynamic viscosity, C indicates a value at the centroid of the near-

wall cell, I is the identity tensor, n is the wall-normal unity vector, 𝒗𝑡𝑎𝑛  is the 
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tangential velocity, and 𝒗𝐶  is the velocity at the centroid of the near-wall cell, 

respectively. 

 

 

Figure 2.2: Description of the multi-phase, multi-component flow model. 
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Table 2.2: Terminology and definitions used in this study. 

Terminology Description Figure 

Multiphase plasma-

RBC component 

(𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) 

RBC particles dispersed in 

plasma in unit of volume 

Fig. 2.2 

Pure plasma 

component 

(𝛼𝑝𝑙𝑎𝑠𝑚𝑎) 

No RBCs in unit of volume Fig. 2.2 

RBC-rich region  

(𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) 
∑ 𝑎𝑖

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=1

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=0.5

 

Total area of mesh elements 

(𝑎𝑖) where 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ lies 

between 0.5 and 1  

CFL region  

(CFL) ∑ 𝑎𝑖

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=0.05

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ=0

 

Total area of mesh elements 

(𝑎𝑖) where 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ lies 

between 0 and 0.05  

Tube haematocrit 

(HT) 

Area-weighed haematocrit 

scaled by average of 

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ over the cross-

sectional area 

 

Discharge haematocrit 

(HD) 

Flow-weighed haematocrit 

scaled by average of 

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ over the cross-

sectional area 
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2.3 Validation 

We performed a validation study of the presented multi-phase, multi-component 

model for the parent vessel, by generating four straight arteriolar segments of 

diameters 15, 20, 25, and 30 µm (Fig. 2.3A). For each vessel diameter, a numerical 

simulation was conducted by prescribing an initial CFL thickness (CFL) and 

subsequently determining both the final CFL and the discharge haematocrit (HD). This 

produced a set of predicted (CFL and HD) data pairs (filled markers) which were then 

compared to literature values (open markers) at 302%  and 431% haematocrit [72, 

199] for validation. Because local HD depends on feeding haematocrit and flow rate, 

the two haematocrit conditions were implemented using different initial CFL thickness 

and flow rate consistent with the reference studies. Our model calculated local HD, 

whereas experimental studies measure haematocrit at systemic level (section 1.4.1.8). 

These metrics were assumed interchangeable, as both quantify RBC proportion and 

are reported as near-equivalent in several studies[67, 69, 71, 73]. Predicted haematocrit 

of approximately 302% (Fig. 2.3A) and 431% (Fig. 2.3B), obtained for different 

CFL values, fell within the experimental data reported from same-diameter 

microvessels at 30% haematocrit [72] and animal studies at 412% haematocrit [199], 

respectively. This confirms the model’s ability to predict pairs of CFL and HD values 

across varied vessel diameters and haematocrit levels. 

In addition, the velocity of the pure plasma component was used to represent the bulk 

velocity (𝑢𝑏𝑢𝑙𝑘 , defined as the averaged velocity), as it demonstrated close corelation 

with the multiphase plasma-RBC component velocity within the RBC-rich region, as 

shown in Appendix A.2 (Fig. A.2D), consistent with literature (Fig. 1.9B) [84]. The 

predicted velocity profiles for a 34-µm-diameter straight vessel were further compared 

with those reported in a same-size arteriole during systole (𝑢𝑏𝑢𝑙𝑘=9.56 mm/s; 𝑢𝑏𝑢𝑙𝑘  is 

mean velocity) and diastole ( 𝑢𝑏𝑢𝑙𝑘 =6.33 mm/s). Fig. 2.3C&D showed a good 

agreement between the present model’s prediction and the in vivo experiment [89], 

with a percentage difference for the integral of the velocity profiles at 6.8% and 9.9%, 

for systole and diastole, respectively. 
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Figure 2.3: Validation of the multi-phase, multi-component continuum-based model 

with experimental measurements. (A, B) The haematocrit validation with the literature 

at 30% and 39-43% Hsys, respectively [72, 199]. (C, D) The predicted velocity profile 

was validated with experimental data at systole and diastole, respectively [89]. 

 

2.4 Results 

2.4.1 Model Sensitivity  

2.4.1.1 Comparison with a single-phase flow model in a 20μm arteriole vessel 

To access the efficacy of the multi-phase, multi-component continuum model for 

bifurcated arteriolar microvessels over the conventional single-phase (Newtonian) 

approach, the velocity profile was comparatively analysed under controlled inlet 

velocity and initial viscosity conditions in a symmetrically bifurcated vessel of 

diameter 20 µm (Appendix A.3). As shown in Fig. 2.4A, despite similar inlet shear 

rates, the multi-phase, multi-component model exhibited a more blunt velocity profile 
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with a lower maximum velocity at the pre-junction vessel for a 20 μm arteriole. At the 

entrance of the daughter vessel, peak velocity shifted towards the outer wall (OW), 

consistent with the literature [89, 209], contrasting with the central peak in the single-

phase model. As shown in Fig. 2.5A, the multi-phase, multi-component model 

highlighted a spatially varying WSS distribution further downstream from the 

junction. Conversely, the single-phase model showed a more uniform WSS pattern 

immediately after the junction. 

 

 

Figure 2.4: Sensitivity tests between the proposed multi-phase, multi-component 

model and the conventional single-phase continuum-based model for bifurcated 

vessels. (A-C), The three- and two-dimensional distribution of velocity profiles for the 

symmetric bifurcations with diameters of 20μm, 200μm, and 1mm. The velocities 

were analysed at cross sections 1P and 0D (see Fig. 2.6C) in the parent and daughter 

branches, respectively. 
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Figure 2.5: Wall shear stress distribution for the symmetric bifurcation in various 

scales. (A−C) Distributions are shown for diameters of 20, 200 and 1000 µm. The 

normalised WSS (WSSnorm) distribution is normalised by the WSS at the inlet. 

 

2.4.1.2 Testing the model at different scales 

The scalability of the multi-phase, multi-component model was assessed in larger 

bifurcated vessels (200 µm and 1mm) by maintaining comparable pseudo shear rates 

(PSR = U/D) (Appendix A.3). In smaller bifurcations (20 and 200 µm), the peak 

velocity in the multi-phase model shifted towards the outer wall (OW) of the junction, 

contrasting with the central peak in the single-phase models (Fig. 2.4A&B). However, 

at larger scales, both models produced similar velocity profiles with peak velocities 

near the IW (Fig. 2.4C&D). At 0D, velocity profile differences between the models 

were 9.2%, 5.3% and 3.8%, ranging from arteriole- to artery-sized vessels, 

respectively. Additionally, the multi-phase, multi-component model better captured 

the higher WSS at junctions in smaller bifurcations compared to the singe-phase 

model, with more uniform downstream WSS in the 200-µm and 1-mm sizes (Fig. 2.5). 

Therefore, the multi-phase, multi-component model proves to be a valuable and valid 

tool for microvessel simulations, whereas in larger vessels, the effects of the cell-free 

layer are negligible. 
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2.4.1.3 Viscosity as a function of shear rate 

To examine whether the model captured key non-Newtonian features of blood, the 

relationship between viscosity and pseudo-shear rate was analysed. Simulations were 

conducted in a 20 µm tube, varying both the PSR (5 to 380 s-1) and the feeding 

haematocrit (HF) (1% to 55%) for two different intrinsic RBC pseudo-solid viscosities 

(μRBC-rich = 3.4 and 6.5 mPa·s), as detailed in Appendix A.4. The resultant shear-

thinning response was then quantified by fitting the data to the Power-law [210], 

Casson [211] and Carreau-Yasuda [211] rheological models, with R2 values of 0.82 or 

higher across all conditions (Appendix A.5; Table A.5). The curves in Appendix A.5 

(Fig. A.5) demonstrated two clear trends: (i) viscosity decreased with increasing PSR, 

and (ii) viscosity levels shifted downward as haematocrit decreased. The investigation 

confirms the model accurately captures blood’s essential non-Newtonian properties, 

specifically shear-thinning, allowing its simulation results to be interpreted as 

physically accurate. 

 

2.4.1.4 Viscosity as a function of haematocrit 

Appendix A.5 (Fig. A.6A) showed a strong positive correlation between discharge 

haematocrit (HD) and effective viscosity (μeff ) for both pseudo-solid viscosities 

(μRBC−rich = 3.45 and 6.50 mPa·s) in a 20 µm tube. The polynomial models provided 

excellent fits (R² ≈ 0.9957 and 0.9955) with the equations μeff  = -0.001927HD2 + 

0.004461HD + 0.000362 and μeff  = -0.003484HD2 + 0.008373HD + 0.00068, 

respectively. While the relationship was nearly linear below 30% haematocrit, the 

viscosity increased curved non-linear above physiological levels (~45%), particularly 

when μRBC−𝑟𝑖𝑐ℎ  = 6.50 mPa·s. The polynomial fit suggested slight non-linearity at 

high haematocrit due to increased cell interactions. As shown in Appendix A.5 (Fig. 

A.6B), the inverse relationship between HD and CFL thickness provided a clear 

mechanical explanation for the non-linear viscosity curves. At low HD, a thick CFL 

created a lubricating effect, which kept the viscosity low. As HD increased to ~40%, 

the CFL diminished, causing greater cell-wall interaction and a steep increase in 

viscosity. The study proves that the polynomial viscosity equations are physically 
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correct, as they link high haematocrit to a diminished CFL and a corresponding, sharp 

increase in flow resistance. 

 

2.4.2 Haemodynamic evaluation in the symmetric 20-μm arteriole bifurcation 

In the parent vessel of the 20μm arteriole bifurcation, blood flow was approximated 

with the developed multi-phase, multi-component model, characterised by a central 

RBC-rich core and a peripheral CFL region in an annulus, symmetric formation. 

Assuming steady inlet flow rate of 1 mm/s and pressure outlets of 50 mmHg. The 

symmetric flow was defined by the location where the CFL thickness, CFL, at both the 

inner IW (CFL,IW) and outer OW (CFL,OW) walls become identical, here termed the 

symmetric CFL (CFL,SYM). This configuration was demonstrated by the relative 

haematocrit (HT*) distribution along the bifurcation plane (Fig. 2.6C, 1P) and the local 

HT on the cross-sectional plane at 1P (where P = parent vessel diameter d0), as 

illustrated in Fig. 2.6A.  

At the entrance of the daughter vessel, (i.e., 0D, where D = diameter of daughter 

vessels d1 or d2), the RBC-rich region was shifted towards the IW, while the CFL 

region was enlarged near the OW. Downstream of the bifurcation, the RBC-rich zone 

underwent lateral migration, forcing the RBC-rich region to move away from the IW. 

Reattachment of the CFL along the IW was observed at a distance of approximately 

2D. As the flow progressed downstream, the inner-wall CFL thickness CFL,IW 

continued to progressively increase, whereas the outer-wall CFL thickness CFL,OW 

experienced fluctuations in size. The flow eventually recovered a concentric annular 

symmetric shape at a distance 16D downstream of the junction (Fig. 2.6A&C, at 

position16D).  

The velocity profile was influenced by the CFL downstream asymmetry. As shown in 

Fig. 2.6B, at concentric CFL locations (e.g. at the cross-sections 1P and 16D), the peak 

velocity appeared at the centre of the vessel, while in cross sections with eccentric CFL 

regions (0D-15D) the peak velocity was laterally shifted towards the enlarged CFL, 

along the OW. As illustrated in Fig. 2.6C, the boundary-layer development in the 
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daughter vessel resulted in a fully symmetric flow profile further downstream of the 

junction. The CFL eccentricity also impacted the spatial variation of the WSS 

distribution, which exhibited a complex pattern governed by shear rate and viscosity 

(Fig. 2.6D and Appendix A.6).  

 

Figure 2.6: Haemodynamics in the symmetric 20-µm bifurcation in baseline 

conditions (2.5x10-13 m3/s). (A, B) The cross-sectional planes in the parent (1P) and 

daughter (0D-16D) vessels showing the distribution of the RBC-rich core and CFL 

regions with localised cross-sectional haematocrit (HT), and velocity magnitude, 

respectively. The HT is calculated using the local cross-sectional area ratio. (C) The 

development of the boundary layer from an asymmetric to a symmetric profile is 

visualised on the mid-plane of the bifurcation, where the background colour map 

indicates the relative haematocrit (HT*) derived from a reference area ratio at the 1P 

location (𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ ∗ 𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑎𝑡 1𝑃/𝐴𝑡𝑜𝑡𝑎𝑙,𝑎𝑡 1𝑃). (D) WSS distribution. 

 

Appendix A.6 illustrated how CFL eccentricity generated regions of uneven shear rate 

and viscosity. At the entrance of the daughter vessel, RBC-rich zone (high 

haematocrit) aligned along the near wall, the CFL nearly zero, increasing cell-wall 

interactions and resulting elevated viscosity and low shear gradient. Further 

downstream, with the lateral RBC-rich region (low haematocrit), a thicker CFL 

developed, reducing resistance and promoting shear-thinning behaviour. This 
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haematocrit-driven and shear-dependent non-Newtonian behaviour directly caused the 

velocity profile shifted toward enlarged CFL regions and created complex WSS 

distribution.   

 

2.4.2.1 Underlying mechanism response   

To understand the downstream reestablishment of a symmetric CFL, we examined the 

haemodynamic forces driving the lateral migration of the RBC-rich region. The slip or 

relative velocity (𝑢𝑟 = 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ - 𝑢𝑝𝑙𝑎𝑠𝑚𝑎) refers to the velocity difference between 

the RBC-rich and plasma phases. in Fig. 2.7A-C  the 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ (red line) was greater 

than  𝑢𝑝𝑙𝑎𝑠𝑚𝑎  (blue line) from the vessel wall to the RBC-rich boundary, producing a 

gradient-slip profile (black line), while both velocities become identical within the 

RBC-rich region, forming a flattened profile inward. Fig. 2.7D&E illustrated that the 

width of the gradient-slip indicates the radial distance of strong shear interaction 

between plasma and RBC-rich region, whereas its height reflects the magnitude 

velocity difference, signifying the strong interfacial decoupling. The magnitude of the 

gradient-slip was around 0.100-0.101 mm/s, while the minimal slip velocity (<0.001 

mm/s) in the RBC-rich region (Fig. 2.8A&E) reflected a strong coupling between the 

multiphase plasma-RBC and the pure-plasma components, implying that their relative 

motions closely aligned.  

As illustrated in Fig. 2.7A-C and Eq. 2.10, 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ , 𝑢𝑟  and plasma vorticity 

(𝜔𝑝𝑙𝑎𝑠𝑚𝑎) were used to calculate the lift force at the interaction area density (𝐴𝑐𝑑; 

interfacial area between the two components). The 𝑢𝑟  peaked away from the 

maximum 𝐴𝑐𝑑 (Fig. 2.7B), indicating that the slip velocity did not dominantly govern 

the lift magnitude but influenced its direction, as lift vectors point from high-slip to 

low-slip region (Fig. 2.7H). The peak lift force (Fig. 2.7C, F-I) occurred at the RBC–

plasma interface (Fig. 2.7C), where vorticity and interaction area density were greatest, 

not at the slip velocity peak. The lift force exceeding 1 pN, compared to drag forces 

below 0.001 pN, highlighting the dominant role of interfacial shear and rotational flow 

in RBC lateral migration.  
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Figure 2.7: Slip velocity profile at the mid-plane of the bifurcation and maximum lift 

force at the 1P cross-sectional plane. (A–C) The slip velocity (black line) is the 

difference between the RBC-rich velocity (red profile) and the plasma velocity (blue 

profile), demonstrating on the plasma vorticity, interaction area density, and lift force, 

respectively. The RBC-plasma interface was characterised as the maximum interaction 

area density. (D) The characteristics of gradient-slip. (E) The boundary development 

of a balanced slip profile (F-G) The maximum lift vector on the interaction area 

density, volume fraction of multiphase plasma-RBC component, slip velocity, and 

plasma vorticity, respectively. 
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At the upstream location 1P (Fig. 2.8A&E), the flow was symmetric, and the slip 

velocity vector was primarily parallel to the vessel axis. The vorticity (Fig. 2.8B&F) 

formed a symmetric, ring-shaped pattern indicative of stable, laminar flow. The lift 

force (Fig. 2.8C&G) acted radially inward to the RBC-rich core towards the centre. In 

contrast, the drag force (Fig. 2.8D&H), driven by axial slip, was weaker in magnitude. 

As the blood flow approached the bifurcation, both the near-wall vorticity and the slip 

velocity intensified at the vessel outer curvature (Fig. 2.8A&B). Along the midplane, 

the slip velocity vector formed into two counter-rotating streamwise vortices (as 

indicated by the red arrow in Fig. 2.8A). This vortex was confirmed to arise from phase 

coupling, rather than bulk rotation flow, as the absence of such vortex characteristics 

in the individual plasma or RBC velocity fields, which display white vector parallel to 

the axis (Appendix A.2; Fig. A.3). A stronger lift force emerged where this vortex slip 

formed (Fig. 2.8A&C), suggesting that the RBC-rich region was shifted towards the 

centre, creating a dense haematocrit at the apex (Fig. 2.6C). Simultaneously, the 

gradient interaction area density spatially at OW expanded (Fig. 2.7B), indicating 

enhanced dispersion or a freely moving state of the RBC-rich phase.  

At the entrance of the daughter vessels (0D), the enlarged CFL at the OW exhibited a 

gradient-slip (Fig. 2.7A-E and Fig. 2.8A-D), while it was zero at the IW. The low-

vorticity core (Fig. 2.8F, 0D) was skewed towards the high slip OW region (Fig. 2.8E, 

0D) but became more central at 2D, where its value increased near the IW. At 2D, a 

smaller-vertex slip (highlighted by the blue arrow in Fig. 2.8A) emerged along the IW, 

alongside the onset of increased slip and lift forces. Further downstream, the slip-

gradient at the OW became narrower and its maximum intensity decreased (Fig. 2.7E). 

Meanwhile, the slip-gradient at the IW progressively increased in both width and 

magnitude. Eventually, the values of the slip-gradient velocity became equal along 

both walls, resulting in a balanced slip velocity profile, consistent with the reformation 

of symmetric CFL.  
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Figure 2.8: Interface interaction metrics in the symmetric 20-µm bifurcation for the 

baseline boundary conditions (Fig. 2.6). (A–D) Longitudinal views show slip velocity, 

vorticity of plasma phase, lift and drag forces, with slip velocity profiles. Red and blue 

arrows mark a vortex-like pattern. (E-H) Cross-sectional views at multiple axial 

locations. 
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2.5 Discussion 

The goal of this chapter was to outline a novel multi-phase, multi-component model 

for describing the blood flow in a bifurcating arteriole microvessel, incorporating 

RBCs as dispersed particles in plasma and a cell-free layer. The model was validated 

against literature data and successfully captured the recovery of symmetric CFL 

downstream of the bifurcation, enabling a detailed investigation of the 3D 

haemodynamics in branching flows and providing a mechanistic explanation of the 

downstream CFL formation. Additionally, this study demonstrates the haematocrit 

distribution along the vessels, thereby establishing a link between numerical 

predictions and microvessel haemodynamic measurements. Despite the EMP’s 

limitation in visualising discrete RBC trajectories, it offers computationally efficient, 

stable simulations that capture averaged flow features and key interface mechanisms, 

such as slip velocity, lift force and drag force distribution.  

 

2.5.1 Novelty and contribution to knowledge 

To the author’s knowledge, this is the first study to apply the EMP method to 

investigate blood flow in arterioles and the downstream development of symmetric 

CFL. While multiphase flow methods such as the EMP and the volume of fluid (VOF) 

have been applied to study the effects of CFL blood behaviour in microvessels [155-

157], the flow dynamics that result in the downstream formation of the near-wall CFL 

have not been observed before. The novelty in this chapter lies, therefore, on the new 

methodology within the EMP framework, alongside new observations of the three-

dimensional haemodynamics and a mechanistic explanation for downstream CFL 

formation.  

In developing our methodology, we introduced three key steps: (1) designing a 

bespoke mesh specifically for near-wall CFL development, (2) assigning an initial 

volume fraction for the RBC-rich region (corresponding to 44% haematocrit) and the 

initial CFL thickness, and (3) setting the EMP parameters to ensure numerical stability.  
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2.5.2 Comparison of the CFL development with previous works 

Previous publications by other research groups have used the Lattice Boltzmann 

method (LBM) coupled with an Immersed Boundary Method (IBM) to observe the 

development of the CFL [14, 157,152]. Table 2.3 provides a comparative overview of 

our findings against such prior studies, illustrating how variations in geometry, 

haematocrit, flow conditions, and numerical settings influence the distance of 

downstream CFL recovery. According to Oulaid and Zhang (2015) [3], the CFL 

symmetric establishment in straight vessels with diameter D between 20 and 24 µm 

occurred within 8-15D, with the CFL thickness defined as the distance  where the 

cumulative frequency of all instantaneous wall-to-membrane distance measurements 

reaches 10%. Ye et al. (2016) [6] reported that a minimum distance between successive 

generations of asymmetric T-bifurcations (inter-bifurcation distance) of over 8D is 

required for the CFL to symmetrically recover downstream of a 15 µm-diameter 

daughter vessel. Meanwhile, Bernabeu et al. (2020) [5] identified a longer recovery 

distance of 25D downstream of an extended double-T bifurcation with an 

approximately 33 µm-diameter parent vessel with inlet velocity of 0.6mm/s. In the 

present study, the CFL achieved symmetric recovery at 16D downstream of the 16 µm 

daughter branch under 44%HF and 53 s-1.  

Although the definition of CFL thickness differs among studies due to variations in 

modelling techniques and measurement methods, the approach to assessing the 

symmetry of the CFL uses a similar framework. In Ye et al.’s study [6], the CFL 

thickness was defined as the distance between the RBCs and the vessel wall. Bernabeu 

et al. (2020) [5] defined the CFL width as the distance through which 1% of the average 

RBC density flux occurs, with the symmetry similarly interpreted as the statistical 

equivalence between opposing walls. In our study, the CFL thickness was determined 

as the region where the volume fraction of the plasma-RBC component (𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) 

was below 0.05. Across all studies, the symmetric CFL is consistently defined as the 

condition in which the CFL thickness is uniformly distributed adjacent to the wall 

across a cross section, reflecting balanced cross-sectional flow conditions.   
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Table 2.3: Comparison of the distance required for symmetric CFL. 

  

Oulaid & 
Zhang (2015) 

[3] 

Ye et al. 
(2016) 

[6] 

Bernabeu et 
al. (2020) 

[5] 

Our study 

Geometry Straight 
channel 

Asymmetric 
diameter T- 
bifurcation 

Extended 
double-T 

bifurcation 

Symmetric Y- 
bifurcation 

(75°) 
Recovery 
distance 

8D – 15D >8D 25D 8D-16D 

D* (µm) 20 - 24 15 33 16 

U inlet 
(mm/s) 

1 NM 0.6 0.2-3 

HD 37% 62% 20% 18-66% 

HT 31% 55% NM 11-55% 

PSR (s-1) 42 - 50 60.3 18 50 

Time step (s) 3.99x10-8 1x10-7 NM 5x10-4 

D* is the diameter of the vessel which is used to measure the CFL thickness; PSR = 

U/D; NM = not mentioned. 

 

2.5.3 Haemodynamics of the downstream asymmetric CFL 

The model presented in this study examined the relationship between the eccentric 

CFL development and the 3D distribution of the velocity and WSS downstream of a 

symmetric bifurcation. One key observation was that due to the asymmetric CFL at 

the daughter vessels’ entrance, the maximum velocity skewed towards the enlarged 

CFL at the outer wall (OW). This asymmetric velocity profile has been previously 

detected in flows with very low Reynold numbers (<1), reported in rat bifurcated 

arterioles [89, 90] and bifurcated microchannels [209]. Moreover, the haematocrit 

shifted in the opposite direction of the velocity profile, i.e. towards the IW. This 

inverse relationship between velocity and haematocrit is in agreement with previous 

observations in animal microvessels [212] and microfluidic studies [213]. Further 

downstream of the junction, the haematocrit profile became progressively more 

concentric with increasing distance; in other words, the asymmetry reduced, consistent 

with findings in the literature [6, 64]. This study revealed three-dimensional spatial 

disparities of the WSS distribution, which was governed by the eccentric pattern of the 

CFL due to the bifurcation. As the CFL re-formed downstream of the bifurcation, 

variations in the near-wall viscosity and shear rate led to WSS fluctuations that 
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gradually reached uniformity once a critical CFL thickness was established. Notably, 

greater WSS variation was associated with a narrower CFL width, an observation 

which has been previously reported in a two-dimensional numerical bifurcation model 

[6]. 

  

2.5.4 Mechanism response 

The combined action of the wall-induced lift force and shear-gradient-induced lift 

force enable the lateral migration of the RBCs towards the low-shear central region of 

the daughter vessels, displacing the pure plasma outward and allowing the formation 

of a near-wall CFL. A wall-induced lift correction was implemented in the model to 

account for repulsive forces. This refers to a force that develops as particles move close 

to a wall, where a pressure buildup drives them away from the boundary [214, 215].  

The shear-gradient lift force (Eq. 2.10) acts as the interplay between the volume 

fraction of the RBC-rich component, the slip velocity and the plasma vorticity. A high 

slip velocity was observed between the RBC-plasma interface and the vessel wall, 

while the slip velocity was nearly zero toward the centreline, generating lift forces that 

act upon the RBCs in an inward radial direction (Fig. 2.7H and 2.8C&G). This lift is 

explained by the Saffman force, a shear-induced force emerging due to the pressure 

difference generated by the non-uniform velocity field of the fluid and directs particles 

towards either the wall or the centreline in microchannels, depending on their local 

velocity gradients and slip velocity [203, 216]. Our study revealed that the near-wall 

slip velocity contributes significantly to the CFL formation. This aligns with other 

studies [150] that also highlight the importance of slip, although they employ a 

different approach by prescribing slip as a boundary condition in monophasic models 

to approximate CFL haemodynamics.  

The plasma vorticity, generated by strong near-wall shear gradients [203, 214], also 

plays a key role in the downstream CFL formation. At the bifurcation point, elevated 

lift forces are observed, driven by high plasma vorticity and steep slip gradients within 

the CFL. The vortex likely governs the RBC migration at the bifurcation, contributing 
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to the asymmetric CFL at the daughter branch entrance. Furthermore, just beyond a 

distance of two diameters (2D) downstream of the junction, along the IW, a vortex-

like structure appears in the slip velocity in a region of locally intensified plasma 

vorticity, triggering noticeable lift and initiating the CFL formation further along the 

flow path (Fig. 2.8). This unexpected pattern emergence, even at extremely low 

magnitude (<0.001 mm/s), highlights significant phase coupling and the influence of 

micro-scale interfacial dynamics on lift and lateral migration of the RBCs. This 

underscores why high-resolution slip velocity analysis is essential to detect hidden 

flow structures and non-obvious force mechanisms that drive phenomena such as the 

CFL formation. Overall, this study shows that lift-driven motion facilitates the 

downstream CFL reformation, consistent with prior reports highlighting lift as a 

primary factor in maintaining CFL stability [73, 203, 217]. 

 

2.5.5 Physiological relevance 

Whilst the volume fraction of the RBC-rich region (𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) from the multi-phase, 

multi-component model shares a conceptual basis with tube and discharge 

haematocrit, it differs fundamentally in scale. HT represents a microscale average 

based on individual cells in flow and naturally exhibits a centralised RBC core with a 

near-wall CFL. By contrast, in this study, 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ represents a mesoscopic, grid-

level fraction that visually reproduces the RBC-rich core–CFL pattern. Its gradient 

arises from numerical mixing and meshed cell averaging rather particle resolution. 

Generally, HT is computed as the ratio of the RBC core area to the total blood area 

[76, 77]. Within the framework of the presented model, the HT was calculated as 

𝐴𝑅𝐵𝐶−𝑟𝑖𝑐ℎ/𝐴𝑡𝑜𝑡𝑎𝑙 , where 𝐴 is area, multiplied by 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑎𝑣𝑒  (Eq. 2.14), and then 

converted to HD via Eq. 2.17, thereby demonstrating the Fåhræus effect, which 

describes that the RBCs concentration in the blood (haematocrit) is reduced as the 

blood passes through small vessels, like arterioles [46, 47]. The resulting HD showed 

good agreement with systemic in vivo values, reproducing comparable CFL thickness 

values at specified diameters, including cases near 30% and 43% systemic 

haematocrit, as demonstrated in the validation section (Section 2.3). These findings 
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suggest that 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑎𝑣𝑒  can serve as a practical correction factor for physical HT. A 

similar approach was taken by Yazdan et al. (2022) [78], who also used a validated 

correction to convert a simple two-dimensional area fraction into an accurate three-

dimensional tube haematocrit.  

 

2.5.6 Characterisation of Non-Newtonian Blood Rheology 

The Power-law model represented the shear-thinning behaviour of blood in a 20-μm 

diameter vessel simulated with an EMP approach, producing a flow index of 𝑛≈0.9. 

This increased value of n reflects the Newtonian tendency of blood in microvessels, 

driven by elevated shear rates (>200 s⁻¹) and the lubricating effect of the CFL, which 

together attenuate non-Newtonian characteristics. This result is corroborated by the 

work of Salame & Fenech (2025) [218], whose in vitro study found the Power-Law 

model produces indices between 0.931 and 0.950. However, they offer a critical insight 

that this near-Newtonian characteristic is also a reflection of the model’s limitations. 

They argue that the Power-Law model, being a single-phase approximation, cannot 

resolve the distinct dynamics of the RBC-rich core and the plasma-rich CFL. In 

contrast, our findings differ from the lower n values of 0.51–0.61 in bulk arterial flows 

(Cho & Kensey, 1991) [197] and 0.35–0.68 in microchannels (Mehri et al., 2018) 

[219]. The flow behaviour index n approaches unity, indicating more Newtonian 

behaviour, under conditions of high shear or low haematocrit [220]. 

Applying the Casson model to the 20 µm multi-phase, multi-component simulations 

highlights important micro-rheological behaviour. At 44% haematocrit, the predicted 

yield stress (𝜏0 = 0.38–0.58 mPa) and plastic viscosity (𝜇𝑝= 1.58–3.08 mPa·s) differ 

markedly from the bulk blood measurements at similar values of haematocrit (𝜏0 ≈ 

5.0–6.8 mPa; 𝜇𝑝≈ 3.5 mPa·s) [197, 221]. The close agreement of the predicted plastic 

viscosity with bulk values confirms the model’s validity under high shear conditions 

(>200 s⁻¹). The lower yield stress reflects microvascular physics rather than model 

error, as geometric confinement and near-wall CFL formation in a 20 µm vessel inhibit 

large-scale RBC aggregation responsible for higher bulk yield stress [65]. Since yield 
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stress quantifies aggregation, reduced values correctly indicate weaker aggregation in 

microvessels. 

The Carreau–Yasuda analysis of the 20-µm EMP simulation showed a monotonic 

decrease in μ0 and μ∞ with decreasing haematocrit, consistent with the 25-50 µm and 

the ~100 µm in in vitro experiments by Salame & Fenech (2025) [218] and Mehri et 

al. (2018) [219], respectively. Our 𝜇0 values (1.59–2.98 mPa·s under 18% HF) and 

relaxation times (λ=0.02–0.09 s) are far lower than those reported by Mehri’s (~26.9–

118.6 mPa·s; ~3.3 s at 15% HF). It reflects smaller-diameter haemodynamics with a 

pronounced CFL and enhanced radial RBC migration that reduces wall viscosity. This 

finding is corroborated by Salame & Fenech [218], whose experiments in similarly 

sized 25 µm and 50 µm channels also yield zero-shear viscosity values (7.27–13.2 

mPa·s), significantly lower than those reported for larger conduits. 

Our Carreau-Yasuda model also offers a clinically interpretable framework for 

modelling pathological haemodynamics. Our calibration (Appendix A.5 Table A.5) 

shows 𝜇0 rising from 1.58 mPa·s at 1% HF to 4.84 at 55% HF, reflecting the transition 

from anaemia (low 𝜇0 , reduced resistance) and polycythaemia (high 𝜇0 , 

hyperviscosity). This trend parallels Behir et al. (2024), who reported 𝜇0 increasing 

from 17.8 mPa·s in anemia (25% haematocrit) to 859.2 mPa·s in hyperviscosity (65% 

haematocrit) [222], indicating marked shear-thinning resistance. Similarly, Mehri et 

al. (2018) demonstrated that 𝜇0 correlates with RBC aggregation, where diminished 

aggregation at 5% haematocrit lowers viscosity, while larger clusters at 10-15% 

haematocrit under low shear drive hyperviscosity [219]. Méndez-Mora et al. (2021) 

further confirmed that viscosity falls significantly as haematocrit decreases from 50% 

to 35% [223], and Cabrales et al. (2006) observed reductions to 21 mPa·s at Hct 11% 

during extreme haemodilution [224]. These observations underscore that 𝜇0 serves as 

an indicator to replicate pathological haemodynamics, including impaired perfusion in 

anaemia and thrombosis risk in polycythaemia. 
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2.5.7 Viscosity as a function of haematocrit 

The relationship between viscosity and discharge haematocrit in the multi-phase, 

multi-component model clearly showed a non-linear rise in viscosity with increasing 

HD (Appendix A.5 Fig. A.6), consistent with previous experimental and 

computational findings. At low haematocrits (<30%), viscosity increased gradually, 

reflecting a dilute suspension behaviour, similar to what is reported by Wells and 

Merrill (1962) [225] and Pries et al. (1992) [58] in bulk and microtube flows, 

respectively.  

The non-linear rise in viscosity with HD can be explained by changes in the CFL. At 

low HD, a thick CFL lubricated the vessel, minimising friction and maintaining low 

viscosity. As HD increased (especially >40%), this layer became thinner, causing more 

direct interaction between the RBC-rich core and the vessel wall. This structural shift 

is in agreement with microtube findings by Pries et al. (1992) [58] and Reinke et al. 

(1986) [108], showing that compressed CFL heightens viscosity.  

 

2.5.8 Applicability and breakdown regimes  

The continuum representation of the plasma–RBC component, surrounded by a near-

wall plasma layer, has been validated against experimental data for vessel diameters 

between 15 and 30 m at haematocrits of 30% and 40%, with CFL thickness at 15 m 

predicted as 1.8 m and 1.4 m (Fig. 2.3B). Experimental data show that at diameters 

below 15 m and 40% haematocrit, CFL thickness falls below 1 m, which cannot be 

represented under the current implicit tree method due to its minimum wall distance 

constraint. Future work may extend to capillary-scale diameters (8μm) by 

implementing the PDE wall distance method in place of the implicit tree approach. 

This alternative method offers adjustable under-relaxation factors and iterative control, 

which may enable CFL thickness values below 1 m. 

Furthermore, the relationship between CFL thickness and feeding haematocrit 

determines the model’s performance in dilute regimes. While 30-40% haematocrits 

are experimentally validated (section 2.3), the model successfully simulates the 
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transition to 1% feeding haematocrit, where the CFL thickness expands to 5 m 

(Appendix A.5; Fig. A.5). Such low-viscosity, near-Newtonian behaviour signifies a 

regime of minimal RBC interaction, which aligns with the physical reality of highly 

dilute blood [63, 66]. This confirms that the model captures physical tendencies even 

at extreme dilutions (1% haematocrit), while remaining most robust within the 

validated 30–40 % range. 

Beyond the validated diameter and haematocrit ranges, a further limitation of the 

continuum EMP formulation arises in aggregation-dominated flow regimes. In the 

present framework, RBC transport and CFL structure are represented through phase 

distributions rather than discrete cell morphology or intercellular adhesion. As a result, 

microscale processes such as rouleaux formation [8, 9] and deformation-mediated 

interactions [10, 11], which become significant in pathological states and low-shear 

environments, cannot be directly captured. The volume-averaging inherent to the 

RBC–plasma interface prevents explicit resolution of clustered cell structures or 

dynamic shape changes, marking a fundamental boundary of model validity. Future 

extensions targeting strongly aggregating regimes would require aggregation-aware 

rheological modelling or hybrid particle–continuum approaches to achieve greater 

physical fidelity. 

 

2.5.9 Limitation and Future work 

The multi-phase, multi-component model effectively captures key haemodynamic 

observed in microvessels, including asymmetric flow and CFL development. 

However, its reliance on volume fractions introduces a smoothed interface, contrasting 

with the sharp RBC–plasma boundaries observed in real blood [39, 79]. This 

smoothing, a result of numerical grid-based averaging [211, 212], may lead to 

confusion, especially for readers unfamiliar with continuum-based approaches, as the 

visual output may not reflect the distinct particle-based nature of blood.  

To address the visual smoothing inherent in the Eulerian multi-phase model, a 

Lagrangian–Eulerian approach [226] offers a more physically intuitive alternative. By 
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treating RBCs as discrete particles, this method captures the sharp transitions between 

RBC-rich and plasma-rich zones [227]. Although this approach demands greater 

computational resources, it yields more detailed insights into microvascular dynamics. 

Using the Lagrangian–Eulerian model alongside EMP under the same conditions 

would clarify how discrete particle behaviours correspond to the smoothed fields in 

EMP. If similar trends are observed, the Lagrangian results can serve as a visual 

reference, helping readers interpret the EMP’s diffuse interfaces as representations of 

underlying particle dynamics, rather than physical blending. 

Our model captures essential haemodynamic trends, such as CFL formation and 

haematocrit distribution. However, it simplifies RBC behaviour by excluding 

deformability and aggregation, which are critical for microscale accuracy. These 

properties affect local viscosity and CFL thickness, particularly in low-shear or narrow 

vessels [11, 64, 65]. Incorporating them, via source terms in the RBC transport 

equation, would improve physiological fidelity, especially in pathological contexts 

where reduced deformability and increased aggregation impair microvascular flow. 

Advancing the model to include oxygen and nitric oxide (NO) transport is vital for 

linking haemodynamics to vascular function. Oxygen delivery depends on haematocrit 

and CFL thickness [228-230], while NO produced in response to wall shear stress 

[231], regulates vascular tone [232] and is preserved by the CFL through reduced RBC 

scavenging [233]. Incorporating these species would enable the model to simulate 

biochemical responses, offering insights into pathologies including hypertension and 

atherosclerosis. Modelling oxygen and nitric oxide transport will extend our work from 

flow analysis to predicting key biochemical responses in vascular health and disease. 

This is crucial for studying tissue oxygenation and NO-related dysfunction in 

conditions such as hypertension and atherosclerosis. 
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Chapter 3 

 3.Multi-phase, multi-component model investigation 

under various conditions 

 

3.1 Introduction 

In microvascular flow, the CFL plays a critical role in regulating the hemodynamic 

behaviour and facilitating gas exchange [43]. Previous research suggests that this layer 

may lubricate blood flow, decrease flow resistance [108, 234] and mitigate wall shear 

stress [235], thereby reducing the production of vasodilators such as nitric oxide (NO) 

and prostaglandins in the endothelium [236]. A thicker CFL would enhance these 

effects. The layer also helps protect NO produced by the endothelium from being 

scavenged by the blood lumen [236]. To fully understand the physiological impact of 

these changes on tissue function, it is vital to study the behaviour of CFL formation 

within the arteriolar network, which is influenced by blood flow partitioning at 

bifurcations.  

The CFL thickness arises from RBCs migration toward the vessel centre, driven by 

haemodynamic forces such as cell-wall repulsion and cell-cell interactions [148, 164]. 

The thickness depends on the feeding haematocrit, the RBCs deformability and 

aggregation [4, 165]. Higher haematocrit and stronger aggregation reduce the CFL, 

while deformability enhances RBC lateral migration and CFL expansion. Increased 

shear flow contributes to the stabilisation of the CFL by reducing both its thickness 

and temporal fluctuations [199]. Moreover, the biased outflow [73], upstream RBC 

distribution [118], and diameter asymmetric bifurcation [56] influence the unequal 

distribution of the RBCs and plasma at diverging bifurcations. The underlying 

mechanism is plasma skimming, where the CFL is preferentially diverted into the 

smaller or low-flow branch. The outcome of this process is the Zweifach-Fung effect 

[177, 178], which leads to a drop in haematocrit in the branch with lower flow. This 

happens because RBCs tend to follow the faster stream at a bifurcation, causing the 
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slower branch to receive mostly plasma with fewer cells. Since little information is 

available on the downstream CFL formation in arteriolar networks, this study aims to 

provide a computational analysis that will help in better understanding its 

physiological implications. 

Chapter 2 demonstrated that our novel multi-phase, multi-component model can be a 

valuable tool for investigating the haemodynamics in symmetric arteriole bifurcations 

and the CFL development, offering a mechanistic explanation for the downstream 

recovery of a symmetric CFL. However, the simulations in Chapter 2 were conducted 

on a symmetric bifurcation under the boundary conditions of a constant inlet velocity 

and identical daughter pressure outlets. It demonstrated ideal separation, with the 

RBC-rich flux being equally distributed to the two daughter vessels. In reality, blood 

flow is characterised by a heterogeneous haematocrit throughout the network, with 

varied flows, resulting in phase separation.  

This study aims to investigate how key haemodynamic factors, such as the feeding 

haematocrit, the upstream flow rate, uneven flow split between the daughter branches, 

and different diameters and distances between successive bifurcations affect the CFL 

formation and downstream recovery of symmetric flow. Using the multi-phase, multi-

component model, we examined how these factors influence the downstream CFL 

thickness, the tube haematocrit, the viscosity and the WSS. Special attention was given 

to the role of the slip velocity and its vortex structures in modulating local lift forces 

and RBC distribution. By integrating these complex interactions, this study provides a 

deeper mechanistic insight into how the local slip velocity patterns and the CFL 

dynamics are influences by vascular and flow conditions, offering an understanding of 

microvascular impairments such as ischaemia. 

 

3.2 Material and methods 

3.2.1 Construction of idealised bifurcations 

Microvascular networks in vivo are composed of asymmetric bifurcations with 

variable lengths of the vessel segments between successive branching points, known 
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as inter-bifurcation distance (). This natural complexity is crucial for their function 

in enabling efficient RBCs migration, which ensures for delivering oxygen and 

nutrients to tissues, and possibly results in flow patterns that differ from those of a 

symmetric bifurcation. To investigate the effect of diameter asymmetry, two Y-

junction geometries were created and later compared against the symmetric 

configuration defined in Chapter 2. In these two asymmetric geometries, one branch 

diameter was held constant at d1 = 16 µm, while the d2 branch was set to either 19 µm 

or 11 µm. These specific diameter values for d2 were derived from Eq. 3.1 for a 

physiologically representative asymmetric bifurcation (d0 = 20 µm and 𝜂𝑑  = 0.56 

[149]). This design allows systematic evaluation of diameter asymmetry while 

controlling for angular effects, thereby improving interpretability of the results. 

𝑑𝑥 = √d03/(1 + 𝜂𝑑
3 )

3
,    𝑑𝑦 = √d03 − 𝑑𝑥

33
             (3.1) 

where 𝑑𝑥  is diameter of the smaller daughter branch and 𝑑𝑦  is the diameter of the 

larger daughter branch.  

The final two geometries represented microvascular networks composed of three 

generations (considering the parent vessel as the 0th generation) and three symmetric 

bifurcations. In reference to the symmetric bifurcation, the 2nd generation (i=2) was 

divided from the 1st generation, where d1 bifurcated into d3 and d4, and d2 into d5 and 

d6, resulting in four daughter branches. The diameter of the 2nd generation was 13 m 

and the length was 320 m. The length of the 1st generation, or inter-bifurcation 

distance (), was varied at 4D and 8D, with D denoting the diameter of d1, so the 

distance varied with vessel size. These specific distances were chosen based on 

findings from the Chapter 2, which showed that under baseline condition (44% HF and 

1 mm/s), the CFL becomes concentric at the distance of 16D. Figure 3.1 illustrated the 

full set of geometries examined throughout this chapter. 
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Figure 3.1: Idealised bifurcation studied in this chapter. (A) Symmetric bifurcation. 

(B&C) Asymmetric bifurcation with daughter vessel d2 larger and smaller than d1, 

respectively. (D&E) Three-generation bifurcation with inter-bifurcation distance of 

4D and 8D, respectively. (F) Daughter vessel diameters prescribed for all idealised 

bifurcation.  

 

3.2.2 Meshing 

Chapter 3 extended the study from Chapter 2 by varying the feeding HF between 18% 

and 66%, which corresponded to initial CFL thicknesses 𝛿𝐶𝐹𝐿ranging from 3.3 μm to 

1.0 μm. To ensure the CFL region was adequately captured in all cases, the prismatic 

layer total thickness (PLTT) was set to 5 μm, this value was chosen to exceed the 

maximum CFL thickness (3.3 μm) by approximately two-thirds. This mesh 

configuration had originally been applied in Chapter 2 for the baseline simulation at 

44% HF and was retained in Chapter 3 to maintain consistency across all simulations 
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within the 20 μm Y-junction bifurcation geometry. This approach allowed the impact 

of haemodynamic variations on CFL formation to be isolated and accurately assessed. 

 

3.2.3 EMP 

The EMP parameters were largely consistent with those described in Chapter 2, except 

for the initial CFL and boundary conditions, which were modified to examine the 

influence of the feeding haematocrit, inflow and biased outflow to the downstream 

CFL formation. HF was varied between 18–66% (anaemic to polycythaemic), 

including normal (~44%) [215], with initial CFL estimated from literature [72, 199] 

for these haematocrit values. Flow rates of 0.2Q₀, Q₀, and 3Q₀ (Q₀ = 2.5 × 10⁻¹³ m³/s) 

were applied, representing velocities of 0.2–3 mm/s in 20 μm arterioles [22, 91, 183, 

184]. These values were used to approximate 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ and 𝑢𝑅𝐵𝐶−𝑝𝑙𝑎𝑠𝑚𝑎 , while 𝑢𝑏𝑢𝑙𝑘  

was calculated using Eq. 2.17 to ensure consistency with the target velocity range. For 

outflow bias, d1 was fixed at 50 mmHg (6666 mmHg) [51] and d2 adjusted to achieve 

Q₂:Q₁ ratios of 0.4 and 0.2 (Table 3.1). 

 

Table 3.1: Boundary conditions and initial values in variation of feeding 

haematocrit, inflow, biased outflow, and asymmetric bifurcation. 

Condition CFL   

(µm) 

PSR  

(s-1) 
𝒖𝒃𝒖𝒍𝒌 

(mm/s) 

𝒖𝑹𝑩𝑪−𝒓𝒊𝒄𝒉 

(mm/s) 

𝒖𝒑𝒍𝒂𝒔𝒎𝒂 

(mm/s) 

d2 Outlet 

(Pa) 

44% HF 1.8 53 1.06 1.2 0.8 6666 

66% HF 1.0 56 1.12 1.2 0.8 6666 

55% HF 1.4 55 1.1 1.2 0.8 6666 

18% HF 3.3 49 0.97 1.2 0.8 6666 

0.2Q 1.8 13 0.27 0.3 0.2 6666 

3Q 1.8 153 3.06 3.2 2.8 6666 

Q2:Q1=0.4 1.8 53 1.06 1.2 0.8 6767 

Q2:Q1=0.2 1.8 53 1.06 1.2 0.8 6733 

Asym.bif. 1.8 56 1.06 1.2 0.8 6666 

Asym.bif. stands for asymmetric diameter bifurcations; PSR is pseudo shear rate 

(U/D). 
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The fraction of RBC-rich region entering the daughter branch (FQE) and the fraction 

of the bulk in the same branch (FQB), [56], was calculated to present phase 

separation following: 

𝐹𝑄𝐸,𝑑𝑖 = 𝑄𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑟𝑒𝑔𝑖𝑜𝑛,𝑑𝑖/𝑄𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑟𝑒𝑔𝑖𝑜𝑛,𝑑0         (3.1) 

𝐹𝑄𝐵,𝑑𝑖 = 𝑄𝑏𝑙𝑜𝑜𝑑,𝑑𝑖/𝑄𝑏𝑙𝑜𝑜𝑑,𝑑0            (3.2) 

where d0 is parent, di is daughter d1 or d2, 𝑄𝑅𝐵𝐶−𝑟𝑖𝑐ℎ,𝑟𝑒𝑔𝑖𝑜𝑛 is flow rate of the RBC-

rich region, 𝑄𝑏𝑢𝑙𝑘  is flow rate of blood.  

 

3.3 Result 

3.3.1 Influence of the feeding haematocrit   

To access the influence of varying RBC concentration on downstream flow 

characteristics, HF was set at 18%, 55%, and 66%, with CFL thicknesses of 3.3–1.0 

μm, while 44% (physiological norm) was included to represent the physiological norm 

and maintain continuity. This range represented anaemic to polycythaemic conditions 

haemotological disorders [237]. With a consistent inlet velocity of 1.06 ± 0.058 mm/s 

across all four cases, the observed differences in downstream hemodynamic 

characteristics can be attributed to the influence of the HF. HF is applied here to 

represent the haematocrit entering the inlet, as this parameter directly governs 

downstream flow behaviour, whereas HT denotes local haematocrit within the tube 

and is presented as a result along the vessel length (section 1.4.1.8). 

In Fig. 3.2A&C, increasing the feeding haematocrit resulted in a thinner outer-wall 

CFL thickness (CFL,OW) at 0D, with the thickness of 0.5 m for 66% HF, 1.1 m for 

55% HF, 1.5 m for 44% HF and 2.8 m for 18% HF. As the flow progressed 

downstream, higher HF promoted faster development of a symmetric CFL, observed 

at 8D, 15D and 16D with CFL,SYM values of 0.4, 0.8 and 0.9 m, for 66%, 55% and 

44% HF, respectively. At the lowest 18% HF, however, symmetry in the CFL was not 

clearly established. As expected, higher HF led to a higher local HT and increased 

effective viscosity in the daughter branch, respectively (Fig. 3.2B). Consequently, 

higher HF resulted in more pronounced spatial fluctuation of HT throughout the 
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bifurcation, as shown in Fig. 3.2C&E-F, and variations in magnitude of WSS (Fig. 

3.2D), primarily due to the thinner CFL and increased apparent viscosity. Fig. 3.2E 

showed that reducing HF increased CFL thickness, which decreased the maximum 

velocity in both the parent (1P) and daughter (0D) branches. Meanwhile, Fig. 3.2F 

indicated that lower HF enhanced bluntness in the parent’s symmetric velocity profile, 

while in the daughter branch, the peak velocity shifted toward the enlarged CFL, most 

prominently at the lowest HF. 

The haematocrit level directly influences the haemodynamic forces. High HF was 

characterised by a thinner CFL, which resulted in high near-wall vorticity (Fig. B.1B), 

creating a strong lift force at RBC-plasma interface (Fig. B.1C). This induced a vortex-

like motion of the slip velocity in the RBC-rich region (Fig. B.1A). In contrast, lower 

HF caused a thicker CFL, which resulted in low vorticity and a weaker lift force. The 

high HF condition also promoted a quicker development of symmetric slip velocity, 

as the slip gradient at 0D at the OW was smaller and balanced out over a shorter 

distance (Fig. B.1A). 
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Figure 3.2: Haemodynamic variations in the symmetric bifurcation with varying 

feeding discharge haematocrit. (A) CFL thickness CFL,OW and CFL,IW along the inner 

and outer walls of the daughter. (B) Variation of the HT and apparent viscosity. (C) 

Tube haematocrit distribution, where the mid-plane value is derived from a reference 

area ratio at the 1P location (HT*), while the daughter entrance (0D position) is 

calculated using the local cross-sectional area ratio. The black lines represent a 

velocity profile. (D) WSS distribution. (E, F) Actual velocity and normalised velocity 

(U/Umax), respectively, at 1P and 0D positions. Lower HF increased bluntness and 

the daughter’s peak velocity shifted toward the enlarged CFL. 

 

3.3.2 Effects of altering the inflow conditions 

To examine the effect of upstream flow on CFL dynamics, the simulation from Chapter 

2 (Q₀ = 2.5×10⁻¹³ m³/s, ~1 mm/s) was extended to include 0.2Q₀ and 3Q₀, 

corresponding to velocities of ~0.2 and ~3 mm/s, which fall within the range observed 

in 20 μm arterioles [22, 91, 183, 184] [89, 91]. Under identical feeding 44% HF, 
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increasing the flow rate caused a thinner CFL,SYM, measuring 1.9, 1.9, 2.0 m at the 

1P position of the parent vessel, resulting in 41%, 31%, and 26% HT for 0.2Q0, Q0, 

and 3Q0, respectively. This influence of flow rate on haematocrit was further 

confirmed by the HD, an analogue of HF, which changed to 55%, 43%, and 36%, 

respectively. 

As shown in Fig. 3.3A&C, at the entrance of the daughter vessels (at 0D position), the 

increased flow rates were associated with thicker CFL thicknesses at the OW, with 

CFL,OW of 1.7, 1.5 and 1.3 m for 3Q0, Q0 and 0.2Q0, respectively. By a distance of 

8D downstream of the junction, this pattern reversed, with the thinnest CFL 

corresponding to the highest inlet flow rate. Along the IW, longer distances were 

required for the emergence of measurable cell-free layer (CFL,IW) at 1D, 3D and 5D 

downstream of the bifurcation, as flow increased from 0.2Q0 to Q0 to 3Q0, respectively. 

Beyond these points, symmetric CFL (CFL,SYM) was detected at 8D, 16D and 16D 

distance, respectively for the low, medium, and high flow rates, with corresponding 

CFL,SYM values of 1.5, 0.9 and 0.4 m. At 0D, the HT was observed to decrease with 

increasing flow rate and continued to decline further downstream until approximately 

14D downstream of the junction. After this location, the 0.2Q0 and Q0 cases achieved 

similar haematocrits (27-34% HT), demonstrated in Fig. 3.3B.  

While the overall HT appeared similar for the 0.2Q₀ and Q₀ cases (~34%), the 

distribution of the RBC-rich and pure plasma components differed significantly, as 

shown in Fig. 3.3C (16D). This outcome reflected the interplay between the RBC-rich 

region size and density rather than uniform distribution. As shown in Fig. 3.3C (16D), 

at 0.2Q₀, the near-wall CFL was thicker, and the RBC-rich region was more densely 

packed, occupying 41.2% of the lumen. In contrast, Q₀ exhibited a thinner CFL and a 

broader RBC-rich region (57.28%) with lower local RBC-rich density. Similarly, the 

3Q₀ case showed an RBC-rich coverage of 54.73%, but its density was markedly 

reduced due to stronger lift forces at higher flow rates (Fig. B.2B). 

A high inflow rate resulted in a thick δCFL,OW with high vorticity (Fig. B.2B), which 

generated a strong lift force (Fig. B.2C). This led to a large disparity in the slip velocity 

profiles between the OW and IW of the daughter vessel. As a result, a long distance of 
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17D was required to achieve a balanced slip velocity profile but restore symmetric 

CFL at 16D. Additionally, the RBC-rich region in all cases exhibited vortex-like and 

non-axial slip velocity patterns. 

 

 

Figure 3.3: Haemodynamic variations in the symmetric bifurcation with varying 

inflow flow rates. (A) CFL thickness CFL,OW and CFL,IW along the inner and outer 

walls of the daughter vessels. (B) Variation of HT and apparent viscosity. (C) Tube 

haematocrit distribution, where the mid-plane value is derived from a reference area 

ratio at the 1P location (HT*), while the daughter entrance (0D position) is calculated 

using the local cross-sectional area ratio. The black lines represent a velocity profile. 

(D) WSS distribution. 

 

3.3.3 Effects of unbalanced outflow conditions 

To investigate the impact of different flow splits between the two daughter vessels, the 

flow rate ratio between the daughter branches (Q2:Q1) was modulated by increasing 

the outlet pressure at the d2 branch by 0.5 and 0.75 mmHg, resulting in Q2:Q1 ratios 

of approximately 0.4 and 0.2, respectively (Fig. 3.4). In the 0.4 ratio, Q1 and Q2 were 

2.3210-13 and 0.9610-13 m3/s; in the 0.2 ratio, they were 2.7410-13 and 0.5410-13 

m3/s, respectively.  
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The lowest flow split ratio (Q2:Q1=0.2) exhibited the most pronounced asymmetry in 

OW CFL thickness CFL,OW (Fig. 3.4B) and pronounced flow development, which was 

indicated by the difference in haematocrit distribution between the daughter vessels d1 

and d2 (as shown in Fig. 3.4A). This was confirmed by the ratio of the fraction of 

RBC-rich region flux to the total flow flux (FQE: FQB; Eq. 3.1-3.2; section 1.4.2.2), 

which was 1.04 in the high-flow branch d1 and 0.78 in the low-flow branch d2. For 

comparison, under the Q2:Q1=0.4 condition, the FQE: FQB ratio was 1.03 for d1 and 

0.90 for d2. A ratio greater than 1 indicates RBC-rich enrichment in the high-flow 

branch, while a ratio less than 1 reflects plasma enrichment in the low-flow branch 

(plasma skimming). The WSS distribution further highlighted this effect, with the 

Q2:Q1=0.2 case showing the greatest disparity between the two branches (Fig. 3.4D). 

The study identified a non-linear and intricate interplay between biased flow, 

haematocrit and effective viscosity. In branch d1, the decreased flow ratio cases (Q₂:Q₁ 

= 0.4 and Q₂:Q₁ = 0.2) produced a marked increase in effective viscosity (Fig. 3.4A; 

4th row), while haematocrit (Fig. 3.4A; 3rd row) showed only a slight rise compared to 

the baseline (Q₂:Q₁ = 1). This observation underscores the exponential relationship 

between haematocrit and viscosity. Appendix A.5 (Fig. A.5A) reinforces this 

interpretation, demonstrating that even small changes in haematocrit can lead to 

substantial viscosity increases, as illustrated by the PSR values: 81.25 s⁻¹ (54%HD, 

44%HT) for Q₂:Q₁ = 0.2 versus 48.75 s⁻¹ (50%HD, 41%HT) for the baseline. These 

results for a 16 μm diameter vessel can be compared with the 20 μm diameter case at 

44% HF shown in Appendix A.5 (Fig. A.5A).  

Branch d2 acts as the outlet for low-flow conditions when the flow ratio decreases. As 

shown in the third row of Fig. 3.4B, haematocrit levels are notably lower than the 

baseline: 38%HD (32%HT) at a Q₂:Q₁ ratio of 0.4, and 27%HD (22%HT) at a ratio of 

0.2. The PSR values also drop dramatically, from 48.75 s⁻¹ in the baseline to just 0.03 

s⁻¹ and 0.018 s⁻¹, respectively. Despite lower haematocrit, viscosity peaks under these 

conditions (Fig. 3.4B, 4th row), highlighting blood’s shear-thinning nature, viscosity 
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increases sharply at low shear rates due to RBC aggregation [65, 72]. Appendix A.5 

confirms this, showing exponential viscosity rise near-zero shear. 

 

 

Figure 3.4: Haemodynamics variations in the symmetric bifurcation with varying 

outflows on two daughters (d1 and d2). (A) CFL thickness CFL,OW and CFL,IW. (B) HT 

and apparent viscosity. (C) HT on the cross-sectional 0D planes and WSS distribution, 

with the inset highlighting elevated WSS at the apex. 
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Figure 3.5: RBC phase separation under varying outflows. (A) Phase separation with 

RBC-core and CFL regions, represented by is represented by the relative tube 

haematocrit based on reference area ratio at 1P. The black lines represented the 

velocity profile. (B) The velocity contour with the velocity streamline. The dividing 

streamline (dashed pink) moved away from the apex and closer to the lower-flowrate 

branch d2. The stagnation shifted towards the lower-flower branch (SlowQ). See 

Appendix B.3 for a detailed explanation of the dividing streamline. 

 

In Fig. 3.5B, the dividing streamline of the flow being directed to each of the daughter 

branches and the stagnation point shifted towards the lower-flow rate d2 branch. This 

adjustment resulted in enhancing the RBC-rich region transport into the higher-flow 

branch d1, while the branch d2 received more plasma, as illustrated in Fig. 3.5A. The 

increased diversion of the RBC-rich region into branch d1 was likely due to the higher 

resistance in branch d2, with the pressure ratio between d1 and d2 (P1/P2) of 99.1% 

and 98.6% under the Q1:Q2 = 0.4 and Q1:Q2 =0.2, respectively.  

When the flow rate ratio was reduced, the vortex-like feature in the slip velocity field 

near the upstream wall moved towards the entrance of the high-flow daughter branch, 

while being deformed and moving away from the entrance of the low-flow branch 

(Fig. B.4). The slip velocity, vorticity and lift force increased in the high-flow d1 

branch, consistent with the higher RBC-rich influx. In contrast, the low-flow d2 branch 

exhibited weaker forces due to a reduced entry of RBC-rich region. 
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3.3.4 Effect of different diameter of the d2 daughter 

To investigate how variations in the diameter of the neighbouring d2 branch influence 

downstream haemodynamics, the d2 branch diameter was varied relative to a fixed d1 

diameter of 16 μm, using ratios of 1.2d1 and 0.7d1, which were derived from Eq. 3.1 

to represent a physiologically realistic asymmetric bifurcation [149]. As shown in Fig. 

3.6A&B, the daughter diameter significantly affected the symmetric CFL recovery. In 

d1, the CFL symmetry was achieved at 14D, 16D and 16D, with CFL,SYM of 0.6, 0.9 

and 1.3 m, while in d2, it occurred at 11D, 16D and 18Dat the CFL,SYM of 0.4, 0.9 

and 1.8 m, for the 0.7d1, 1.0d1 and 1.2d1 cases, respectively. This variation arose 

from the difference in the hydraulic resistance. The narrower branch exhibited higher 

resistance and lower flow rate, as would also be predicted by the Poiseuille’s law 

(R=8L/r4; Q=r4P/8L), leading the RBC-rich region to preferentially entry the 

wider, lower-resistance branch. As highlighted in Fig. 3.6C & 3.7A, these flow 

conditions demonstrated plasma skimming. The wider daughter branches showed 

RBC enrichment (FQE/FQB = 1.91 and 1.03 at 1.2d1 and 0.7d1, respectively), while 

the narrower branches presented RBC depletion and richer in plasma (FQE/FQB = 0.97 

and 0.86, respectively). 

In a single bifurcation, the smaller daughter branch consistently exhibited lower 

haematocrit and viscosity than the larger one (Fig. 3.6A&B). For the 0.7d1 case, the 

wider d1 branch showed higher WSS (Fig. 3.6C) due to lower CFL thickness (Fig. 

3.6A, 1st and 2nd rows), higher haematocrit (Fig. 3.6A, 3rd row), and higher viscosity 

(Fig. 3.6A, 4th row), in comparison to the narrower d2 branch (Fig. 3.6B). When 

comparing the d1 branch across three cases, differences in HT at the 0D position (Fig. 

3.6A&C) reduced and became equal at approximately 20D. However, the d1 branch 

under the 0.7d1 condition had a thinner CFL thickness, resulting in higher viscosity 

and WSS, when compared to the remaining cases. Interestingly, both d1 and d2 

branches in diameter-asymmetric bifurcations exhibited higher viscosity than in the 

symmetric geometry with equal daughter diameters. For example, the increased 

viscosity of d2 branch under 0.7d1 condition was due to reduced CFL thickness, 

despite lower haematocrit in comparison to the symmetric bifurcation. This suggests 

that the distribution of the RBC-rich region near the wall, as governed by the height of 
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the CFL thickness, is a crucial factor in determining viscosity, not just the overall 

haematocrit. 

 

 

Figure 3.6: Haemodynamic variations in the diameter-asymmetric bifurcations on two 

daughters (d1 and d2). (A, B) CFL thickness CFL,OW and CFL,IW (top two rows), HT 

(third row) and apparent viscosity (fourth row), for branches d1 (A) and d2 (B). (C) 

HT on the cross-sectional 0D planes and WSS distribution. 
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Figure 3.7: Flow development in diameter-asymmetric bifurcations. (A) Flow 

distribution of the RBC-rich and CFL regions on the midplane of the tubular vessels, 

represented by the normalised haematocrit (HT*), derived from a reference area ratio 

at the 1P location. The black lines represented the velocity profile. (B) The velocity 

contour on the midplane overlaid by 3D velocity streamlines. The dividing streamline 

(dashed pink) shifted towards the narrower (lower-flow) branch, with a central 

stagnation point. See Appendix B.3 for a detailed explanation of the dividing 

streamline. 

 

As demonstrated above, the flow development was governed by differences in the 

daughter vessel diameters. Despite similar pressure and a central stagnation (Fig. 

3.8B), the dividing streamline tended to shift towards the narrower branch, directing 

more RBC-rich flow into the wider branch (Fig. 3.8A). Fig. B.5 in Appendix B.5 

revealed that high vorticity was detected on the bifurcation outer-wall curve towards 

the wider branch, accompanied by a vortex-like slip velocity pattern near the daughter 

entrance. In contrast, the bifurcation curve towards the narrower branch exhibited low 

vorticity and weak lift force, with the vortex-like slip velocity pattern appearing to be 

cancelled out and located further from the daughter entrance. The results suggest that 

the asymmetric distribution of forces, specifically high vorticity and lift on the curved 

outer-wall connected to the wider daughter branch, is the direct physical mechanism 

responsible for directing the RBC-rich flow into the wider diameter bran. Meanwhile, 

the narrower branch received less RBC-rich flow due to the absence of these forces. 
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3.3.5 Effect of inter-bifurcation distance 

To evaluate how inter-bifurcation distance (λ) influenced the downstream CFL 

recovery, the 1st-generation branch length was varied between 4D and 8D, based on 

findings in Chapter 2 that a concentric CFL typically forms at 16D under baseline 

condition (0.44 HF, 1 mm/s). It is consistent with studies of ‘tumour-inspired’ 

networks that use a 4D distance to demonstrate CFL recovery failure, a condition 

found in vessels with diameters in the 20-40 m range [5]. As expected, (Fig. 

3.8A&C), a shorter =4D was insufficient for full concentric CFL in the region 

upstream of the 1st-generation branches (d1 and d2, Fig. 3.8B). This upstream 

asymmetry in the flow enhanced plasma skimming, leading to more RBC-rich flow 

entering the d4 branch, which was connected to the IW region of d1 where the CFL 

was thinner. In contrast, the OW of the d3 branch was a continuation of the OW of the 

d1 branch, where the CFL was thicker, and thus received less RBC-rich flow. As a 

result, the d4 branch exhibited a higher RBC-rich influx and a higher flow rate, with a 

Q3:Q4 flow ratio of 0.76. Extending λ to 8D promoted a more symmetric CFL recovery 

and more balanced RBC-rich flow distribution. At the 0D cross-sectional plane, the d3 

and d4 branches showed tube haematocrits of 38% and 50% (λ=8D) compared to 31% 

and 61% (λ=4D) (Fig.3.8A), respectively, despite the similar HT (39%-40%) at the 

region upstream of the 2nd generation bifurcation and nearly identical Q3:Q4 flow ratios 

(~0.77). This suggests that the uneven distribution of the RBC-rich region stemmed 

from the upstream CFL configuration rather than the flow split differences, for the 

same diameter daughter vessels under the same outlet pressure conditions. 

In Fig. 3.8D, despite the central stagnation point, the dividing streamline was shifted 

towards the lower-flow d3 branch. Consequently, more of the RBC-rich region was 

directed towards branch d4, reinforcing the plasma skimming effect. Slip velocity 

profiles further support this interpretation (Fig. B.6). At the end of the d1 branch, the 

λ=4D condition exhibited a greater upstream unbalanced force than the λ=8D 

condition. This was evident with the thinner CFL, which showed higher vorticity and 

lift along the IW of d1 compared to OW. 
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Figure 3.8: Haemodynamics in arteriole networks with different inter-bifurcation 

distance. (A) The HT on cross-sections at the daughter entrance (position 0D) for 

branches d1-d4 and at the region upstream of d1 at 4D and 8D cross-sections for λ=4D 

and λ=8D, respectively. The HT with the area-weight at specific cross-sections. (B) 

The mid-plane of the planar tubular network coloured by HT*, which is derived from 

a reference area ratio at the location 1P of the parent (d0) branch. (C) The velocity 

contour on the mid-plane, overlaid by velocity streamlines. The dividing streamline 

(dashed pink line) was shifted towards the d3 branch despite the central stagnation.  

(D) WSS distribution, with insets comparing WSS at apex of the second bifurcation. 

See Appendix B.3 for a detailed explanation of the dividing streamline. 
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Interestingly, this asymmetric partitioning also influenced the WSS. The shorter inter-

bifurcation distance led to a non-uniform WSS profile along the IW of d1, with higher 

WSS observed at the apex between the d1 and d4 compared to that between d1 and d3 

(Fig. 3.8E). Simultaneously, the asymmetry was observed at the apex of the second 

bifurcation, where the entrance to d3 experienced higher peak WSS than d4, as 

highlighted in the inset. Since the branch d2 bifurcated into the d5 and d6 branches in 

a symmetric way as the d1-d3-d4 bifurcation, the mirrored results were observed, i.e. 

the inner, d5 branch exhibited the same RBC-rich flow distribution as d4, while the 

outer d6 branched had the mirror flow of d3. 

 

3.3.6 Dominant and secondary determinants of CFL formation 

Feeding haematocrit and inflow constituted the dominant determinants of CFL 

behaviours because they established the fundamental physical environment within 

which RBC-rich phase organised. The inflow rate defined the shear forces and velocity 

gradients that generated lift forces, which drove RBC-rich phase away from the vessel 

wall and initiated CFL formation. Haematocrit, in contrast, governed the extent of 

cell–cell interactions: higher concentrations increased collisions and repulsion, thereby 

restricted the expansion of the CFL, while lower haematocrit permitted greater radial 

migration. As summarised in Table 3.2, these two independent variables combined 

established the initial apparent viscosity, CFL thickness and the primary distribution 

of RBC-rich and plasma phases before the flow encountered any geometric 

irregularities or bifurcations. 

By comparison, vessel geometry, biased outflow, and inter-bifurcation distance were 

considered secondary factors because they did not generate the CFL but instead 

modified the pattern established upstream. As outlined in Table 3.3, diameter 

asymmetry and outflow imbalance influenced how the RBC-rich core divided between 

daughter branches, producing different degrees of plasma skimming, yet these effects 

depended entirely on the RBC distribution already shaped by haematocrit and inflow. 

Similarly, the inter-bifurcation distance determined whether upstream asymmetry was 

retained or was dissipated: a short distance restricted the ability of lift and shear forces 
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to restore symmetry, while a longer distance allowed full recovery. These variables 

acted as modulators that adjusted or preserved pre-existing flow characteristics rather 

than creating new haemodynamic conditions. 

Relative sensitivity was assessed by calculating the proportional change in tube 

haematocrit and apparent viscosity along the d1 branch under each parameter 

variation, using the standard baseline (44% HF with symmetric bifurcation and 

balanced outflow) as the point of reference (Fig. 3.9). Across all perturbations, HF and 

inflow generated the highest relative deviations, whereas biased outflow and diameter 

asymmetry induced low-magnitude, slowly varying responses. This quantitative 

ranking corroborates the conceptual distinction between dominant and secondary 

parameters. 

 

Table 3.2: Influence of Feeding Haematocrit and Inflow on CFL Formation and 

Apparent Viscosity 

Parameter Condition Impact on Primary 

Regulators CFL  Viscosity 

HF High 

(66% HF) 

Thinner; Faster 

symmetric recovery  

Higher Determines 

fundamental fluid 

properties 
 

Low 

(18% HF)  

Thicker;  
Symmetry not established 

Lower  

Inflow High  

(3Q0) 

Thinner;  

Delayed recovery   

Lower  Drives lift forces 

and RBC phase 
migration   Low 

(0.2Q0) 
Thicker;  
Faster recovery 

Higher  
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Table 3.3: Effects of Geometric and Flow Asymmetries on Phase Separation and 

CFL Recovery 

Parameter Condition Impact on Primary 

Regulators Phase 

separation 

Symmetric 

recovery 

Biased 

Outflow 

Unbalanced 

(Q2=0.2Q1) 

Significant 

plasma 

skimming at the 
low-flow branch 

(d2) 

Not determined Shifts dividing 

streamlines and 

stagnation points 

Diameter 

asymmetry 

Wider d2 

(d2=1.2d1) 

RBC phase 

enriches in d2 

Delayed 

symmetry in d2 
 

Dictated by 

hydraulic resistance 
 

 Narrower d2 

(d2=0.7d1) 

Plasma 

skimming in d2 

Earlier 

symmetry in d2 
 

Inter-

bifurcation 

distance 

 

Short 

(=4D) 

Enhance plasma 

skimming into 

the 2nd 
generation 

 

Failure of CFL 

recovery at the 

1st generation 

Dictates spatial 

partitioning based 

on inherited 
upstream radial 

distribution 

Long 

(=8D) 

More balance 

RBC 
distribution 

Promote 

symmetric 
recovery 
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Figure 3.9: Relative change in (A) tube haematocrit and (B) apparent viscosity along 

the d1 branch under variations in feeding haematocrit, inflow rate, biased outflow, and 

diameter asymmetry, normalised by the baseline condition (44 % HF with symmetric 

bifurcation and balanced outflow). 
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3.4 Discussion 

3.4.1 Downstream recovery of symmetric CFL 

Symmetric CFL recovery in the 16 µm daughter vessel occurred between 8D and 16D, 

depending on feeding haematocrit (18%–66% at 53 s-1), inflow (13–153 s-1 at 44%HF) 

and bifurcation geometry (at 44%HF and 53 s-1). Lower haematocrit reduced the blood 

viscosity, delaying the CFL symmetric recovery, while producing thicker CFL layers. 

Under stronger inflow rates, the CFL recovery was delayed, and it became thinner due 

to intensified shear forces. In diameter-asymmetric bifurcations, the recovery distance 

in d1 was influenced by the d2 diameter. Wider d2 branches (1.2d1), exhibited a higher 

flow rate and delayed CFL recovery to 16D, while narrower ones (0.7d1) allowed 

earlier CFL recovery at 14D. These findings highlight the complex interplay between 

haematocrit, flow rate, flow resistance and geometry in shaping CFL dynamics. The 

comparison with other works is discussed in Chapter 2. 

 

3.4.2 Influence of feeding haematocrit and inflow 

Our simulations demonstrated that low feeding haematocrit produced a pronounced 

CFL, associated with low vorticity and thus weaker lift forces. In contrast, high 

haematocrit resulted in the CFL recovering symmetry over a shorter downstream 

distance, high vorticity and stronger lift forces, indicating greater RBC–wall 

interactions. This strong lift induced a vortex-like slip velocity motion in the RBC-rich 

core region, and the high haematocrit condition also promoted a quicker development 

of symmetric slip velocity. This behaviour reflects the influence of RBCs 

concentration on haemodynamic forces: fewer cells mean reduced wall collisions, 

leaving a broader CFL. Salame and Fenech (2025) [7] reported similar findings in 25–

50 µm microchannels, where a low haematocrit promoted CFL expansion due to 

reduced cell-cell interactions and enhanced lateral migration. 

Under comparable haematocrit, increasing inlet flow rate significantly reduced the 

CFL thickness in our simulations. Higher flow rate amplified the shear and lift forces, 

accelerating the RBC-rich migration towards the core and displacing the plasma 
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towards the wall. Salame and Fenech (2025) [7] inferred the role of lift forces from 

shear rate gradients, suggesting that at low shear gradients, rouleaux formation impairs 

lift and limits the CFL development; at higher gradients, disaggregation restores RBC 

deformability, facilitating lift-induced CFL thickening. Our direct lift force 

measurements validate this interpretation, confirming that higher flow rates, and thus 

higher shear gradients, produce stronger lift forces and thicker CFLs. 

Both haematocrit and flow rate influence the CFL development through hydrodynamic 

lift, but via distinct pathways (shear vs concentration). At low haematocrit, reduced 

cell-cell interaction (aggregation) and fewer collisions allow RBCs to deform and 

migrate freely, whereas at high flow, shear gradients dominate, overcoming 

aggregation and enhancing lift. These complementary mechanisms explain why thick 

CFLs occur under both conditions, reinforcing previous reports that CFL thickness 

depends on haematocrit [83, 238] and shear forces [239]. Furthermore, RBC 

partitioning at bifurcations also depends on the upstream haematocrit distribution 

[240-242]. 

 

3.4.3 Influence of biased outflow 

At the lowest flow ratio, the simulations showed pronounced asymmetry in the 

downstream CFL and a high degree of plasma skimming, leading to a significant 

haematocrit difference between the daughter vessels, an outcome consistent with the 

Zweifach-Fung effect [177, 178]. The unequal outflows shifted the dividing 

streamlines and stagnation points towards the low-flow branch. As a result, the RBC-

rich central flow was directed into the high-flow branch, while the low-flow branch 

received plasma-rich peripheral fluid. The disproportionality of flow rate between the 

two daughter branches affected the eccentric position of the dividing streamline [243] 

and protrusion cap [73], resulting in unequal stream paths for the RBC-rich region. 

The protrusion cap refers to a curved zone near the bifurcation apex where red blood 

cells initially follow streamlines into the lower-flow branch but are subsequently 

diverted into the higher-flow branch due to streamline separation [73]. This 
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observation aligns with previous studies reporting that the separating streamline of the 

flow tends to attach towards the low flow rate daughter vessel [240, 244].  

In the high-flow daughter branch (d1), a greater influx of RBC-rich regions correlated 

with increased slip velocity, vorticity and lift force. The strong forces on the 

bifurcation curve generated a stronger lift force, driving the RBC-rich region more 

towards the centre and reinforcing the high RBC-rich concentration in d1. Within d1, 

the elevated RBC-rich concentration intensified interactions with the surrounding 

plasma, producing sharper shear gradients and higher vorticity, which further 

increased the lift force. In contrast, the low-flow branch (d2) experienced weaker 

forces, reflecting reduced RBC-rich entry (RBC-depleted regions) and a less 

haemodynamic variation. This is confirmed by the vortex-like slip velocity in the 

RBC-rich core, where the upstream vortex shifted towards the entrance of the d1 

branch and was detected more frequently in this branch. Conversely, the upstream 

vortex was eliminated and moved further from the d2 entrance, which predominantly 

exhibited axial slip velocity rather than vortex formation. 

 

3.4.4 Influence of diameter-asymmetric bifurcations 

This study demonstrated the underlying mechanism of how the diameter of the 

daughter branches influences the downstream recovery of symmetric CFL due to 

differences in hydraulic resistance, with narrower branches having higher resistance 

and lower flow. The simulations showed the occurrence of plasma skimming, where 

wider branches preferentially received the RBC-rich regions, while narrower branches 

received a plasma-rich flow. Evidence of increased flow rate in the wider daughter 

branch resulting in higher haematocrit is reported in studies on micro-occlusion in 

animal microvessels [177] and simulations using a diffusive flux model [245].  

The central stagnation point in the diameter-asymmetric bifurcations suggests that 

flow development is primarily governed by an asymmetric distribution of 

hydrodynamic forces. The dividing streamline shifts towards the narrower branch, 

directing the RBC-rich flow into the wider branch. This occurs because the curved 
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bifurcation along the OW connecting to the wider branch exhibited high vorticity and 

lift force, while the one leading to the narrower branch has low vorticity and lift force. 

As with biased outflow, a vortex-like slip velocity moves towards the daughter’s 

entrance with high vorticity, whereas the vortex was disrupted and located further 

away from the entrance of the low-vorticity branch. This is consistent with the finding 

that a greater bending angle of the branching curvature along the OW in the narrower 

side branch is associated with more pronounced attenuation of CFL width in the parent 

vessel [182]. 

The high vorticity and lift force within the wider branch (exhibiting higher flow) are a 

result of a greater concentration of RBCs in the RBC-rich region and more intense 

interactions with the plasma. In contrast, the lower haemodynamic forces in the narrow 

branch reflect a reduced RBCs concentration and weaker interactions. Therefore, the 

higher flow rate in the wider branch arises as a consequence of the RBCs enrichment, 

rather than being driven by an independent external force. 

 

3.4.5 Influence of inter-bifurcation distance 

In the short inter-bifurcation distance (λ=4D), the asymmetric CFL observed at the 

region upstream of the 1st-generation branches (i.e., within d1) enhances plasma 

skimming at the subsequent bifurcation, directing a greater proportion of the RBC-rich 

region in the 2nd-generation branch d4, which was in continuation of the thinner CFL 

region in d1 (i.e., d4). Consequently, the trajectory of the RBC-rich component from 

the upstream to the downstream vessels is governed by its initial radial position within 

the region of the upstream branch. This is directly supported by Pskowski et al. (2022) 

[246], who demonstrate that after an initial bifurcation, RBCs remain skewed toward 

the inner wall and enter the next bifurcation with a positional bias that leads to 

preferential flow into the adjacent daughter channel. Quantitative evidence shows that 

CFL asymmetry at short inter-bifurcation distance causes uneven haematocrit split [5], 

and that asymmetric CFL in the upstream vessel influences RBC separation [247, 248]. 

Hyakutake et al. (2022) [249] report that RBC distribution in the parent channel 

significantly influences partitioning in the daughter channels. 



 

112 
 

 

3.4.6 Physiological relevant 

Our main observation is that CFL is acutely sensitive to both systemic factors (such as 

haematocrit) and local conditions (including flow rate and geometry), providing a 

unified, physics-based framework that explains key phenomena in both physiological 

regulation and pathological states such as ischaemia. The simulation offers a 

compelling haemodynamic explanation for the microvascular dysfunction observed 

during upstream occlusions (sections 3.3.1 and 3.3.2). In the low-flow, low-pressure 

environment characteristics of ischaemia, our model shows that altered CFL dynamics 

lead to an increase in apparent viscosity at the daughter entrance (Fig. 3.3). This 

provides a precise physical basis for experimental findings, such as those of Yalcin et 

al. (2015) [193], which attributed the increased vascular resistance post-occlusion to 

changes in blood properties. This is consistent with clinical data from Allport et al. 

(2005) [2] and Harrison et al. (1981) [21], where high haematocrit was linked to poorer 

stroke outcomes. Our model provides a physics-based framework for investigating 

perfusion deficits as we show that haematocrit is determinant of CFL dynamic and 

effective viscosity (as Fig. 3.2). These factors govern perfusion: high apparent 

viscosity (at high HF) directly increases flow resistance, while the altered CFL 

thickness provides a direct mechanism to study future impacts on both oxygen 

diffusion distance [111, 112] and the WSS-mediated release of vasodilators such as 

NO [236]. 

This study explains the complex microvascular response to a downstream occlusion 

(Fig. 3.4). Research by McGahren et al. (1997) [250] and Frisbee et al. (2000) [251] 

used a parallel occlusion model to investigate flow-induced dilation, occluding one 

daughter branch to augment flow through the unoccluded branch. Our findings indicate 

that the unoccluded branch receives a greater flux of the RBC-rich region and an 

increased flow rate, producing a thinner CFL and higher WSS. This elevated shear 

stress is the presumed a stimulus for the release of vasodilators from the endothelium, 

which is the focus of those papers [238, 239]. 
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The potential applications of this study can extend from ischaemic conditions to stroke 

modelling and broader vascular pathology. The findings may be integrated into 

advanced computational models to more accurately predict infarct size using patient-

specific haematocrit and occlusion data, thereby potentially supporting personalised 

ischaemic or stroke management. The work also can provide a promising rationale for 

haemodilution therapy, offering a framework through which reductions in haematocrit 

might be quantitatively linked to improvements in viscosity and flow, thus guiding 

future therapeutic targets [2]. Beyond ischaemia and stroke, the simulation platform 

could serve as a valuable preclinical tool for screening novel agents that alter RBCs 

behaviour and may also help to illuminate microvascular impairment in conditions 

such as sepsis, diabetes and dementia. 

 

3.4.7 Limitation and Future work 

A primary limitation of the current study is the lack of direct experimental validation. 

While our simulations show tendencies in blood behaviour consistent with other 

studies, a direct comparison with microfluidic or in vivo data under identical conditions 

is necessary to fully confirm the model’s accuracy. We have successfully reproduced 

similar blood behaviours to previous experimental and computational findings, such 

as (1) the influence of shear rate and haematocrit on the CFL thickness, (2) the 

dependence of RBC-rich distribution on upstream haematocrit patterns, and (3) the 

effect of unequal outflows on dividing streamlines and stagnation points. However, 

the absence of a one-to-one validation of our specific parameter combinations and 

geometric setups with physical experiments means our findings primarily serve as a 

theoretical exploration of these hemodynamic principles. Another limitation was the 

assumption of planar geometries. Despite the simplification, this facilitated the 

interpretation of the underlying mechanisms of the CFL development. 

Future work should expand the scope of the model to include additional rheological 

parameters and more complex flow conditions. In particular, incorporating the effects 

of RBC aggregation and deformability is crucial, as these factors are known to 

significantly influence the CFL dynamics and the overall haemodynamics in the 
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microcirculation. The current simulations focus on flow regimes where these effects 

are less prominent, but their inclusion would enhance the physiological relevance and 

applicability to a wider range of clinical conditions. A more detailed discussion of 

these parameters can be found in Chapter 2. 

Another area for future development involves refining the initial conditions of the 

simulations. This study simplifies the upstream blood flow by assuming a symmetric 

CFL. Moving forward, it would be beneficial to conduct simulations with asymmetric 

CFLs or a non-uniform radial haematocrit distribution in the parent vessel. Such 

conditions offer a deeper insight into how pre-existing asymmetries affect the 

downstream CFL recovery and partitioning behaviour. Since the path an RBC takes is 

determined by its initial radial position, starting with an asymmetric haematocrit 

distribution would allow for a more accurate investigation into how heterogeneous 

flow conditions propagate through a network and contribute to specific pathological 

states such as ischaemia. This is especially relevant given that asymmetric upstream 

conditions have been shown to influence RBC separation and downstream 

partitioning.  
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Chapter 4 

 4. Multi-phase, multi-component blood flow model on 

anatomically-realistic testicular bifurcations 

 

4.1 Introduction 

The cardiovascular system relies on a combination of rapid convective transport and 

slow-localised diffusion to efficiently deliver oxygen to every cell [252]. This process 

is complicated by the unique architecture of the microvasculature, where the branching 

of vessels can cause red blood cells to distribution. Under low-flow conditions, red 

cell aggregation and sequestration at bifurcations can increase haemodynamic 

resistance, leading to non-linear pressure–flow relationships that deviate from 

Poiseuille’s law [50] To manage this and ensure proper oxygen and nutrients’ 

exchange, the body uses capillary recruitment, a mechanism regulated by arteriolar 

resistance. The size of this regional exchange area is determined by the number of 

perfused capillaries [253]. 

While small arteries (~300 μm) contribute some resistance, arterioles serve as the 

primary regulators of regional blood flow. These vessels also exhibit mechanical 

autoregulation, which is a key characteristic of the microvasculature that helps 

maintain constant blood flow. First described by Bayliss [254], autoregulation ensures 

that an increase in arteriolar pressure causes the vascular smooth muscle to contract, 

thereby stabilising blood flow to vital organs such as the brain and heart over a wide 

range of pressures. This mechanism is crucial for regulating flow in response to high 

metabolic activity and tissue hypoxia, which prompt the dilation of local arteriolar 

vessels to increase the microcirculatory exchange area [255]. 

The testes are vital for producing sperm production and steroid hormone secretion 

[256], with spermatogenesis occurring in the seminiferous tubules. These vessels, 

which include arterioles, venules, or thick capillaries, are found situated within the 
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columns of tissue surrounding the tubules [23, 24]. Larger blood vessels are generally 

found within these intertubular columns. Arterioles create two types of capillaries: a 

mesh-like network of peritubular capillaries and a complex intertubular branching 

pattern (Fig. 4.1A-C). Intertubular capillaries either connect to the peritubular mesh or 

drain into an intertubular venule, called arterio-venous anastomoses, which bypass 

capillary beds, help regulate blood flow and pressure and facilitate heat exchange. 

Additionally, arterioles can form arterio-arterial anastomoses (Fig. 4.1C) creating a 

redundant vascular network that maintains the blood flow supply and prevents 

ischaemia during localised disruptions. A common feature is a thicker intertubular 

capillary (≥15 µm) that forms a direct connection from an arteriole to a venule within 

the same column, forming an intertubular arteriolo-venular capillary channel [23]. At 

the branch points of these intertubular vessels, undifferentiated spermatogonia are 

clustered within a specialised microenvironment of the basal compartment, as shown 

in Fig. 4.1D [257], as shown in Fig. 4.1D. 

The primary objective of this work was to evaluate whether a multi-phase, multi-

component model can be applied to subject-specific anatomically-realistic 3D 

microvascular bifurcations that incorporate non-planar geometry and angles, curvature 

and tortuosity, as well as vessel tapering, features that idealised models cannot capture. 

Using this framework, we investigated how subject-specific vessel geometry 

influences key flow characteristics, including the CFL formation and plasma 

skimming. Ultimately, this approach aims to enhance our understanding of 

haemodynamic regulation within the rat testicular vasculature, where complex 

bifurcation geometry plays a critical role in microcirculatory resistance and flow 

distribution. To achieve this, the model was applied to testicular arterioles branching 

into small distal arterioles or thick capillaries with a diameter of approximately 20 µm, 

reflecting physiologically relevant vessel dimensions. 
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Figure 4.1: Testicular microvascular networks. (A) Diagram showing the distribution 

pattern of intertubular arterioles (ia, red-coloured vessels), capillaries (ic, white), and 

venules (iv, blue), and peritubular capillary (pc, white) around the seminiferous tubules 

(ST) [24]. (B) A scanning electron microscopic study of the network [24]. Note that 

the terminal branches of radiate artery (ra) and radiate vein (rv) are distributed at a 

different level of the networks. (C) Micrograph of arterio-arterial anastomoses 

(arrows) [23]. (D) Seminiferous epithelial, spermatogonia (dot green) with intertubular 

arterioles and venules [257]. 

 

4.2 Material and methods 

4.2.1 Reconstruction of testicular network 

From optical projection tomography (OPT) images of a healthy rat testis, provided by 

Dr. Junxi Wu (University of Strathclyde, following all animal ethical protocols), three 

distinct vascular bifurcations were chosen for reconstruction into subject-specific 

anatomically-realistic three-dimensional models using SimVascular [258] (Fig. 4.2). 

These geometries, labelled ‘A’, ‘B’, and ‘C’, were selected from different regions 

within the testis. The reconstruction process began with establishing centreline paths 
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by manually placing control points along the lumen. Lumen boundaries were 

segmented with a circular tool on various two-dimensional slices, which were then 

lofted to create a three-dimensional solid model. After refining the model with the 

PolyData method, it was smoothed to eliminate artefacts. Finally, the vessel 

boundaries were extended by 10D using VMTK [259] to minimize boundary effects. 

The hydraulic diameters of the original vessels were approximately 24 µm, 23 µm, and 

20 µm, for bifurcations ‘A’, ‘B’, ‘C’, respectively. For consistency, all inlets were 

standardised to a uniform circular diameter of 20 µm.  

The total vessel length (S) is calculated by discretely summing the Euclidean distance 

between consecutive 3D coordinates (𝑥1, 𝑦1, 𝑧1) and (𝑥2, 𝑦2, 𝑧2) along the centreline, 

following Eq. 4.1.   

 S = √(𝑥2 − 𝑥1)2 + (𝑦2 − 𝑦1)2 + (𝑧2 − 𝑧1)2         (4.1) 

The tortuosity index (TI) is calculate from [260]: 

    

TI =  
𝑆

𝐿
                    (4.2) 

where L is line distance between the two ends (Fig. 4.2D). 
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Figure 4.2: Three-dimensional reconstructions of healthy testicular bifurcations. (A-

C) The bifurcations are labelled ‘A’, ‘B’, ‘C’, respectively. (D) Schematic illustrating 

tortuosity index (TI) measurement.  

 

4.2.2 Meshing and EMP model application 

The meshing and EMP setup followed the procedure described in Chapter 2. A hybrid 

meshing strategy was employed, combining polyhedral elements in the core with a 

substantial prismatic boundary‑layer region to resolve the sharp near‑wall gradients in 

velocity and volume fraction characteristic of curved bifurcating vessels. The mesh 

was generated in STAR‑CCM+. The first prismatic layer height (Δ𝑦1 ) was set to 

approximately 0.005d0, calculated using the standard y+ formulation, with density, 

wall shear stress and viscosity values of 1.050 g/cm³, 17 dyn/cm² and 4.0 mPa·s [193], 

respectively. The dimensionless wall distance y+ was defined using the friction 

velocity, derived from the skin‑friction coefficient applicable to low‑Reynolds‑number 

flow [140, 141]. Thirty prismatic layers were used, determined by the specified 

first‑layer height and total boundary‑layer thickness, with the mesh base size of a base 

size of 8.5x10⁻⁷ m.  The resulting meshes for bifurcation geometries ‘A’, ‘B’, and ‘C’ 

were around 0.8, 0.9, and 1.1 million cells, respectively. The mesh independence study 

for bifurcation ‘B’ was detailed in Appendix C.1, Fig. C.1.  

Across the three anatomically realistic bifurcations, the computational requirements 

were comparable despite increasing geometric complexity. Real‑world wall‑clock 
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runtimes ranged from 4.2 to 10.8 hours, with corresponding CPU workloads of 168–

401 CPU‑hours. Memory consumption was consistently low at 0.28–0.32 GB, and 

solver convergence required approximately 25,000–56,000 iterations, depending on 

geometric complexity. Bifurcation ‘B’ converged most rapidly due to its lower 

tortuosity, whereas the multi‑branching morphology of bifurcation ‘C’ resulted in the 

highest computational cost. These values demonstrate that the computational cost 

remains moderate and scalable for larger or multi‑subject vascular datasets. 

In this work, two pressure outlet strategies were implemented: (i) identical pressure 

outlets consistent with the methodology in Chapter 2, applying a fixed outlet pressure 

of 50 mmHg across all bifurcations, and (ii) a diameter-based pressure outlet 

configuration designed to reflect physiological variations in vessel diameter for 

bifurcation ‘C’. Moreover, to enhance physiological relevance, two inlet velocities 

were applied. These inlets were assigned identical mean velocities (~1 mm/s) and 

shared the same pressure outlet conditions. 

Diameter-based pressure outlet modelling was implemented through a preliminary 

single-phase simulation to determine appropriate outlet boundary conditions for the 

multi-phase, multi-component model. This simulation applied pressure outlet 

boundaries with flow fractions derived from Murray’s law and an initial domain 

pressure of 50 mmHg. The flow was assumed to be steady, laminar, and 

incompressible, governed by the Navier–Stokes equations. To ensure consistency, the 

inlet mean velocity was adjusted using Equation 2.7 to match the conditions of the 

multi-phase simulation. 

Flow distribution was calculated using Murray’s law [185], which estimates branching 

flow rates according to vessel diameters. The split ratio for each branch was defined 

as: 

  𝑄𝑖/𝑄𝑡 =  
𝐷𝑖

3

∑ 𝐷𝑖
3

𝑖
            (4.1) 

where i represents the branch index and 𝑄𝑡 the total flow rate.  
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4.3 Results 

4.3.1 3D reconstruction of testicular bifurcations 

Three non-planar bifurcation geometries were found to be consistent with an 

intertubular arteriole connecting to capillaries (Fig. 4.1) [23, 24, 257]. Their paths were 

curvilinear, with gentle bends and turns that allowed them to navigate around the 

seminiferous tubules. The branching points were characterised by splits of various 

shapes at acute angles. The distal capillaries that connected to these arterioles were 

represented as thicker vessels, consistent with a scanning electron microscopy study 

that reported their diameters to be at least 15 µm [23]. 

Bifurcations ‘A’ and ‘B’ consisted of a parent (0th-generation) and two daughter 

branches (1st-generation), as shown in Fig. 4.2. In both cases, the junction included a 

left (in the direction of upstream flow, or upper) branch that was relatively in the same 

direction to the parent vessel, and a right (lower) branch emanating almost in the 

perpendicular direction from the junction before bending sharply to run almost in 

parallel to the first daughter branch. The splitting angle  and the curved angle  of 

the bifurcation ‘A’ were both sharper compared to those of the bifurcation ‘B’. The 

vessels in the bifurcation ‘B’ were slightly more tortuous than those of ‘A’, with the 

average tortuosity indices of approximately 1.254 vs 1.216, respectively. The degree 

of planarity was illustrated in Fig. 4.3 and Table 4.1. As illustrated in Fig. 4.2C, the 

network ‘C’ was composed of four generations and three junctions. Its 0th-genearation 

curved parent vessel split into the 1st-generation consisting of a left branch and a right 

branch, emanating perpendicularly before bending sharply to run in parallel with the 

first branch. The right bent branch then immediately bifurcated into two 3rd generation 

daughter vessels, with also one left branch being aligned and the other, right branch 

splitting perpendicularly. The latter further split into two 4th-generation branches, 

creating a T-shaped junction. The vessels in the bifurcation ‘C’ were less tortuous 

(average TI of 1.153) than those in ‘A’ and ‘B’, as the values listed in Table 4.1.  
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Figure 4.3: Multiple viewing perspectives of the three reconstructed testicular 

bifurcations, illustrating their three-dimensional spatial geometry. (A, B, C) 

Bifurcations ‘A’, ‘B’, and ‘C’, respectively.  

 

 

Table 4.1: Tortuosity index (TI) of the three testicular bifurcations 

 A B C 

0th -generation 1.177 1.225 1.213 

Left 1st 1.079 1.120 1.058 

Right 1st 1.393 1.418 1.340 

Left 2nd 
  

1.014 

Right 2nd 
  

1.101 

Left 3rd  
  

1.083 

Right 3rd 
  

1.259 

Mean 1.2163 1.2543 1.1526 

STD 0.1312 0.1234 0.1107 
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4.3.2 Haemodynamics in the three bifurcations 

4.3.2.1 RBC-rich region distribution 

The multi-phase, multi-component model was successful in capturing the dynamic 

near-wall CFL in non-planar, realistic bifurcated microvessels. Similar to findings in 

idealised bifurcations (Chapters 2 and 3), the RBC-rich region impinged on the apex 

of the junction and aligned with the inner wall before flowing centrally further 

downstream, allowing subsequent formation of the inner wall CFL regions (Fig. 4.4C, 

4.5C&D and, 4.6A-C). An enlarged CFL was detected at the curved bifurcation and 

the entrance of the daughter branches. The perfectly symmetric CFL observed in the 

idealised bifurcations of Chapters 2 and 3 was not observed in these anatomically-

realistic vessels due to their non-uniform, curved, short and constricted paths.  

The vessel geometry, especially curvature and tortuosity, was the primary factor 

influencing the flow patterns and CFL development. In the 1st-generation left daughter 

vessel, greater tortuosity (TI=1.120) in geometry ‘B’ led to a more asymmetric CFL 

(Fig. 4.5C&D), whereas the straighter paths in ‘A’ (TI=1.079) (Fig. 4.4C) and ‘C’ 

(TI=1.058) (Fig. 4.6A) quickly achieved almost symmetric flow. In the right branch 

of the 1st-generation, the sharp angle  in bifurcation ‘A’ rapidly promoted an almost-

symmetric CFL, whereas the wider angle  in case ‘B’ caused the RBC-rich region to 

migrate near the IW before becoming almost symmetrical over a longer distance. In 

the vascular network ‘C’, the wide angle  (Fig. 4.6H) also caused a shift in the RBC-

rich region, but the flow became almost symmetrical before splitting into the 2nd-

generation. These findings strongly suggest that geometry was the primary factor 

influencing these flow patterns and the development of almost symmetric flow.  
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Figure 4.4: Haemodymics in bifurcation ‘A’. (A, B, E) Visualisations of WSS, 

vorticity, and viscosity, respectively, on the wall. (C) RBC-rich region distribution 

represented by an iso-surface of 50% tube haematocrit coloured by velocity values. 

The gap in the grey surface was part of the CFL. (D) Velocity streamlines and flow 

rates for each branch. The dividing line (dash pink) shifted toward the low flow branch. 

The numerical values adjacent to each branch indicate the corresponding flow rate, 

reported in multiples of 10-13 m3/s. 
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Figure 4.5: Haemodymics in bifurcation ‘B’ for inlet flow rate values of 1 and 0.2 

mm/s. (A, B) WSS distribution on the vessel wall. (C, D) Iso-surface of 50% tube 

haematocrit with the normalised velocity, relative to the inlet. (E, F) Velocity 

streamlines with the dividing line (dashed pink) shifted towards the high flow branch. 

The numerical values adjacent to each branch indicate the corresponding flow rate, 

reported in multiples of 10-13 m3/s. (G, H) Effective viscosity on the vessel wall. (I, J) 

Normalised vorticity, relative to the maximum value across the bifurcation on the 

vessel wall. 
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Figure 4.6: Haemodymics in bifurcation ‘C’ for three different boundary conditions. 

(A, D, G) Single inlet velocity and identical pressure outlets. (B, E, H) Single inlet 

velocity and diameter-based pressure outlets. (C, F, I) Two inlets and identical pressure 

outlets. (A, B, C) Iso-surface of 50% tube haematocrit coloured by the pressure 

distribution. The numerical values adjacent to each branch indicate the corresponding 

flow fraction. (D, E, F) Velocity streamlines. The numbers represent the volumetric 

flow rate in each branch, expressed in units of 10-13 m3/s.  (G, H, I) WSS distribution. 
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4.3.2.2 Resistance 

To assess the influence of vessel geometrical properties, three bifurcations were 

analysed under identical inlet velocity and outlet pressure conditions. Consequently, 

the pressure drop (ΔP, outlet pressure minus inlet pressure) was uniform among the 

daughter branches within each bifurcation but varied across bifurcations. The pressure 

drops of bifurcations ‘A’, ‘B’, and ‘C’ were 0.97, 1.97 and 0.65 mmHg, respectively. 

The higher ΔP observed in bifurcation ‘B’ reflects its greater three-dimensionality and 

tortuosity (mean TI = 1.254), which increase energy dissipation. Conversely, the lower 

ΔP in bifurcation ‘C’ (mean TI = 1.1526) due to its four outlets distribution the flow 

among multiple branches, reducing the flow fraction per branch, and increase effective 

viscosity (eff = 2.25 mPas) and thereby lowering the pressure drop compared with 

bifurcations ‘A’ (eff = 2.14 mPas) and ‘B’ (eff = 2.16 mPas), each of which has only 

two outlets. 

Within bifurcation ‘B’, a comparison of the pressure drop per unit length (ΔP/L), an 

indicator of localised energy loss, revealed that the right (lower), longer and less 

smoother branch exhibited reduced ΔP/L (3.53 mmHg/mm) than the left branch (4.34 

mmHg/mm). This finding suggests that the smoother path of the right (lower) branch 

facilitates more efficient flow. Therefore, three-dimensionality is a more dominant 

factor in determining localised energy loss than vessel length. In network ‘C’, which 

lacked highly complex branches, differences in ΔP/L were governed primarily by 

vessel length. The shortest branch (left/upper branch in the 1st-genaration) showed the 

highest ΔP/L (1.53 mmHg/mm), while the longest branches (3rd-genaration branches) 

exhibited the lowest ΔP/L (~0.84 mmHg/mm), as shown in Table 4.2. 
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Table 4.2: Pressure and RBC influx of distal branches. 

Bif generation L P P/L FQB FQE FQE/FQB 
  (µm) (mmHg) (mmHg/mm)    

A 
Left 1st 544 0.97 1.78 0.606 0.624 1.03 

Right 1st 632 0.97 1.53 0.394 0.376 0.95 

B.1 
Left 1st 454 1.97 4.34 0.576 0.580 1.01 

Right 1st 559 1.97 3.53 0.424 0.420 0.99 

B.2 
Left 1st 454 0.41 0.91 0.541 0.561 1.04 

Right 1st 559 0.41 0.74 0.459 0.439 0.96 

C.1 

Left 1st 426 0.65 1.53 0.394 0.371 0.94 

Left 2nd 619 0.65 1.05 0.550 0.581 1.06 

Left 3rd 777 0.65 0.84 0.667 0.662 0.99 

Right 3rd 785 0.65 0.83 0.333 0.338 1.01 

C.2 

Left 1st 426 0.36 0.85 0.242 0.236 0.97 

Left 2nd 619 0.47 0.76 0.400 0.412 1.03 

Left 3rd 777 0.55 0.71 0.467 0.547 1.17 

Right 3rd 785 0.62 0.79 0.533 0.453 0.85 

C.3 
Left 1st 426 0.58 1.35 0.515 0.493 0.96 

Left 3rd 777 0.58 0.74 0.773 0.772 1.00 

Noted: For bifurcation ‘B’, conditions B.1 and B.2 represent inlet velocities of 1 mm/s 

and 0.2 mm/s, respectively. For bifurcation ‘C’, the conditions are as follows: a single-

inlet with an identical pressure outlet (C.1), a single-inlet with a diameter-based 

pressure outlet (C.2), and a double-inlet configuration (C.3). P=Pinlet-Poutlet. FQB = 

Qbulk,dauther/Qbulk,parent. FQE = Qcore,dauther/Qcore,parent . 

 

4.3.2.3 Plasma skimming 

The three bifurcations were simulated with identical inlet velocities and pressure 

outlets, ensuring that morphological variations were responsible for the 

haemodynamics. In bifurcations ‘A’ and ‘B’, the left (upper) branch exhibited a higher 

flow rate than the right (lower) branch, resulted in a greater RBC-rich region being 

drawn into it, with an RBC-rich influx (FQE) of 0.624 and 0.580, respectively (Table 

4.2). Conversely, in bifurcation ‘C’, the left (upper) branch in the 1st-generation 

exhibited a lower flow rate compared to the right (lower) branch, leading to a reduced 

RBC-rich influx of 0.371. The higher flow rate in the right branch was due to its 

downstream split into a branching network. This biased RBC-rich partitioning into the 
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high-flow branch is a key feature of classic plasma skimming. The preferential RBC-

rich partitioning into the daughter branches was visually confirmed by the position of 

the dividing streamline, which shifted towards the low-flow branch, consequently 

directing a greater volume of the central RBC-rich region to the high-flow branch (Fig. 

4.4D, 4.5E and 4.6D).  

 

4.3.2.4 Wall shear stress 

WSS from the multi-phase, multi-component model was determined by the combined 

effect of near-wall viscosity and shear rate, both of which were influenced by CFL 

formation (as described in Chapters 2-3). In geometrically-complex regions, shear 

gradients became more pronounced, making shear effects more important than 

viscosity. For instance, in bifurcation ‘A’, the right (lower) branch at the constricted 

region had the highest WSS (Fig. 4.4A) with both high viscosity (Fig. 4.4E) and high 

shear (Fig. 4.4B), the latter of which was represented by vorticity. In contrast, the 

daughter entrances showed high viscosity but weak vorticity, resulting in low WSS. 

Similarly, in bifurcation ‘B’, the constricted regions on the left (upper) vessel exhibited 

high WSS (Fig. 4.5A), viscosity (Fig. 4.5G) and shear (Fig. 4.5I). Meanwhile, at the 

IW entrance of the right (lower) daughter branch’s inner wall entrance, WSS was low 

since vorticity was minimal even though viscosity was high. 

 

4.3.3. Different inflow in the bifurcation ‘B’ 

4.3.3.1 RBC-rich region distribution  

Under the low inflow condition of 0.2 mm/s, Fig. 4.5C&D demonstrated that the RBC-

rich region rapidly regained a near-symmetrical profile, which was notably more 

symmetric than that observed under high inflow condition. In the upstream 0th-

generation, high inflow produced a more asymmetric radial haematocrit distribution 

(Fig. 4.7A(i)) with a smaller CFL region (4% vs. 16%) compared to the low inflow 

(Fig. 4.7B(i)). The maximum velocity positioned in the opposite direction of the 
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haematocrit peak. The low inflow also led to an enlarged CFL in both daughter vessels. 

At the branch entrances, low inflow increased the CFL, rising from 3% to 12% in the 

left (upper) branch and 6% to 22% in the right (lower) branch, as illustrated in positions 

(ii) and (iv) in Fig. 4.7 (tube haematocrit colour map). This pattern was also observed 

in the constricted areas at position (iii), where high inflow resulted in greater flow 

asymmetry and a nearly absent CFL (0.09% vs. 8.9%). 

 

4.3.3.2 Resistance and plasma skimming 

As shown in Table 4.2, reducing the inflow lowered the overall P (0.41 mmHg), with 

the P/L falling to 0.91 and 0.74 mmHg/mm for the left and right branches, 

respectively. The left branch maintained a higher flow rate than the right branch (0.5 

x10-13 vs. 0.4 x10-13 m3/s), pulling in a larger portion of the RBC-rich region, with an 

influx of 0.561 (compared to 0.439), as visually confirmed by Fig. 4.5E&F. The RBC-

rich influx values at the high inflow were slightly different (FQE = 0.580 vs. 0.420). 

Plasma skimming was more pronounced under the low inflow case, with the FQE/FQB 

ratio for the right branch dropping from 0.99 under the high inflow to 0.96 under the 

low inflow. 

By removing the influence of the inlet speed, the normalised velocity analysis directly 

revealed how each bifurcation’s unique geometry dictated its distinct flow resistance. 

In the left (upper) branch, at the higher inflow of 1 mm/s, intensified vorticity 

accelerated flow, producing a higher normalised velocity (1.46 ± 0.3), whereas at the 

lower inflow, diminished vorticity led to lower acceleration and a decreased 

normalised velocity (1.39 ± 0.3). This indicates that flow resistance in the left (upper) 

tortuous branch was inflow dependent. In contrast, the right (lower) branch, with its 

smoother and more uniform curvature, exhibited minimal vorticity (Fig. 4.5I&J), and 

its normalised velocity remaining stable at ~1.0, regardless of the inflow condition. 

Noted that, the normalised velocity relative to the inlet was calculated as the average 

across ten cross-sectional planes along each vessel, with the resulting differences 

clearly illustrated in Fig. 4.5C-F.  
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A lower normalised WSS in both magnitude and spatial distribution (Fig. 4.5A&B), 

was detectable in the low inflow case. A high inflow, conversely, intensified and 

broadened the WSS due to the thinning of the CFL and the skewing of the RBC-rich 

region in curved and constricted vessels, which subsequently elevated both viscosity 

and vorticity near the vessel wall (Fig. 4.5G-J). 

 

4.3.3.3 Haemodynamic forces 

Using a realistic model revealed the complexity of haemodynamic forces. The 

localised lift force was determined by the volume fraction of the multiphase plasma-

RBC component, the slip velocity and the plasma vorticity. A comparison was made 

between the entrance of the two daughter branches (Fig. 4.5D(ii)&(iv)), where RBC-

rich phase skewed towards the inner wall, and a downstream region where the CFL 

recovered (Fig. 4.5D(iii)&(v)). The magnitude of the haemodynamic forces was 

greater under high inflow, a phenomenon attributable to a higher near-wall shear 

gradient. Nevertheless, both inflow conditions yielded similar characteristic 

distribution patterns. In Fig. 4.7A&B, under the low inflow condition, the distribution 

of these forces was more symmetrical, allowing for a clearer visual comparison.  

At the entrance of the high-flow right branch (Fig. 4.7B (ii)), the maximum velocity 

was situated opposite the skewed RBC mass. This generated high near-wall slip 

velocity and vorticity, culminating in a substantial lift force at the enlarged CFL at the 

outer wall. A similar, but weaker, pattern of forces was observed at the entrance of the 

low-flow right (lower) branch (Fig. 4.7B(iv)), which received a lower RBC influx. 

In the downstream, symmetric-like CFL (Fig. 4.7(iii)) located in a constricted area in 

the left (upper) branch exhibited high flow rate. The reduced cross-sectional area 

produced a higher velocity (0.42 mm/s) compared to the entrance of the same vessel 

(0.36 mm/s), resulting in stronger haemodynamic forces. The areas exhibiting high 

vorticity and lift occurred at the location where the velocity peak has shifted. In 

contrast, position (v), which was situated in a low-flow right (lower) branch, exhibited 

a more uniform and concentric CFL. The haemodynamic forces were symmetrically 
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distributed in a ring around the periphery, but their magnitude was weaker than at 

position (iii) due to the slower flow velocity (0.32 mm/s).  

Overall, the results demonstrated that changes in vessel geometry, from the entrance 

to the downstream branches, created the localised lift force to shift the RBC-rich region 

towards the inner wall at the junction, before subsequently guiding it back towards the 

vessel centreline. Moreover, this recovery mechanism was directly modulated by 

plasma skimming. The greater intensity of haemodynamic forces in the high-flow 

branch reflected the preferential partitioning of RBCs into it, leaving the low-flow 

branch with weaker forces and a lower cell concentration.  

 

 

Figure 4.7: Haemodynamics in the bifurcation ‘B’ with high (A) and low (B) inflow. 

These cross-sectional regions are corresponding to positions in Fig. 4.5D, located at 

the upstream parent (i), entrance of the left (upper) branch (ii), constricted area on the 

left branch (iii), entrance of the right (lower) branch (iv), and the smoother area on the 

right branch. The averaged tube haematocrit and averaged velocity were shown inside 

the cross-sectional planes. The numbers inside the cross-sectional planes indicate the 

value of tube HT and velocity (mm/s). 
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4.3.4 Effect of boundary conditions in the network ‘C’ 

While the identical pressure outlet simulation was used to isolate the effects of 

geometry, it may lack physiological accuracy because arterial branch pressures were 

not uniform in vivo [261]. An alternative approach, the diameter-based pressure outlet 

condition, derived from Murray’s Law [185], provides a more realistic flow 

distribution, based on the principle of optimal energy use in healthy circulatory 

systems. Furthermore, to achieve greater physiological realism, the simulation was 

performed with two distinct inlet velocities to model the effects of a collateral blood 

supply. 

The prescribed boundary conditions significantly altered the flow distribution among 

the network’s outlets. Under the identical pressure outlet condition (Fig. 4.4A&D), 

flow was unevenly distributed. The proximal branches (1st- and 2nd- generation) 

received the largest flow fractions (0.39 and 0.33), while distal branches (3rd-

generation) were poorly perfused with fractions of only 0.18 and 0.09. This 

corresponded to flow rates of 1.3 x10⁻¹³ and 1.1 x10⁻¹³ m³/s in the proximal branches, 

while the poorly perfused distal branches received significantly less flow, with rates 

of only 0.6 x10⁻¹³ and 0.3 x10⁻¹³ m³/s. In contrast, applying a diameter-based pressure 

outlet (Fig. 4.4B&E) resulted in a more balanced and physiological distribution, with 

corresponding flow fractions from 0.21 to 0.30, leading to comparable flow rates that 

ranged from 0.7 x10⁻¹³ to 1.0 x10⁻¹³ m³/s. These findings indicate that realistic 

boundary conditions are critical for predicting physiological flow, providing the basis 

to examine plasma skimming. 

When comparing the diameter-based pressure outlet to the identical pressure outlet, 

significant differences in plasma skimming were observed. In the left 1st- and 2nd- 

generation branches, the diameter-based model exhibited lower flow rates, resulting in 

reduced RBC-rich influx (FQE = 0.236 and 0.412, respectively). This diminished the 

plasma skimming effect (the FQE/FQB ratio approached one), as the ratio increased 

from 0.94 to 0.97 in the 1st- generation and decreased from 1.06 to 1.03 in the 2nd-

generation (Table 4.2). The most dramatic reversal occurred at the 3rd-generation 

branches. Under the identical pressure model, higher flow was directed to the left 

branch (0.6 x10⁻¹³ vs. 0.3 x10-13 m3/s), whereas the diameter-based model favoured the 
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right branch (0.7 vs. 0.8 x10-13 m3/s). This shift had a major impact on RBC-rich influx, 

transforming the left branch from a neutrally perfused vessel (FQE/FQB = 0.99) in the 

identical outlet model into one heavily affected by plasma skimming (FQE/FQB = 1.17) 

in the diameter-based outlet model, as shown in Table 4.2. 

Furthermore, both P and P/L for four outlets were lower under the diameter-based 

pressure condition, ranging from 0.36–0.62 mmHg and 0.71–0.85 mmHg/mm, 

respectively (Table 4.2). In contrast, the identical pressure condition exhibited a higher 

overall pressure drop of 0.65 mmHg and a steeper pressure gradient, with ΔP/L values 

ranging from 0.83–1.53 mmHg/mm. These findings indicate that adhering to a 

physiological flow distribution (the diameter-based case) minimises the energy needed 

to perfuse the vascular network, a hallmark of an efficient circulatory system. In 

addition, WSS patterns differed significantly between the two conditions. The 

diameter-based pressure outlet model (Fig. 4.4H) exhibited more localised patterns of 

high WSS distributed throughout the branching network, whereas the identical 

pressure outlet model (Fig. 4.4G) primarily showed elevated WSS values concentrated 

in the proximal branches. 

The two-inlet collateral supply model (Fig. 4.4C&F) produced another distinct pattern. 

The convergence of the two inlet streams resulted in a mixed, high-flow channel 

through the left 2nd-generation branch, which captured the largest flow fraction (0.38) 

and flow rate (2.1 x10⁻¹³ m³/s). The remaining outer branches (1st- and 3rd-generation) 

did not experience this mixing, as each was perfused independently by a single inlet, 

resulting in equal, lower flow fractions (0.31) and flow rates (1.7 x10⁻¹³ m³/s). The 

highest WSS was observed at the constricted regions on the 1st-generation branch (Fig. 

4.4I).  

 

4.3.5 Single-phase model 

For bifurcation ‘C’, the multi-phase, multi-component and single-phase models 

produced similar flow rates (Fig. 4.4D-F and Fig. 4.6A-C, respectively), but their 

velocity and WSS calculations showed notable differences. The single-phase model 
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yielded average velocities of 0.509, 0.525, and 0.690 mm/s for ideal pressure outlet, 

diameter-based pressure outlet and double-inlet conditions, respectively (Fig. 4.6A-

C), which were slightly different to the multi-phase, multi-component model (0.506, 

0.527, and 0.663 mm/s; Fig. 4.4D-F). However, the maximum velocity in the single-

phase model (1.02, 1.05, and 1.33 mm/s) was obviously higher than in the multi-phase, 

multi-component model (0.817, 0.850 and 1.07 mm/s, respectively). Similarly, the 

WSS values were higher in the single-phase model (0.43, 0.45 and 0.72 Pa; Fig. 4.6D-

F) than in the multi-phase, multi-component model (0.31, 0.33 and 0.50 Pa; Fig. 4.4G-

I). Noted that the averaged velocity and WSS was calculated from the entire 

geometries. In the single-phase, the WSS was enhanced at the high-curvature regions 

but reduced at the initial IW of the daughters’ entrances. This reduction occurred 

because the single-phase model produced a symmetric flow, while the multi-phase, 

multi-component model generated an asymmetric CFL at the daughter entrance, which 

resulted in high near-wall viscosity and a high shear gradient, consequently high WSS. 

Similarly, for bifurcation ‘B’, the single-phase model produced a slightly higher 

average velocity (0.321 mm/s) than the multi-phase, multi-component model (0.313 

mm/s). The maximum velocity was also higher in the single-phase model (0.640 mm/s; 

Fig. 4.6G) compared to another model (0.507 mm/s). A significant difference was 

observed in WSS, with the single-phase model yielded a value of 0.62 Pa being more 

than double that of the multi-phase multi-component model (0.27 Pa), as demonstrated 

in Fig. 4.6H&I. 
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Figure 4.8: Single-phase simulations on bifurcations ‘C’ (A-F) and ‘B’ (G-I). (A-C, 

G) velocity streamlines. (D-F, H-I) WSS distribution. 
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4.4 Discussion 

The aim of this chapter was to present the application of the multi-phase, multi-

component model for simulating blood flow in subject-specific anatomically-realistic, 

highly-curved bifurcations of the mouse testis, overcoming the limitations of idealised 

designs. The model enables us to capture the detailed CFL dynamics in these complex 

structures and their influence on near-wall haemodynamics. Furthermore, the model’s 

responsiveness to varying boundary conditions, such as identical pressure, diameter-

based outlets, and collateral inlets, highlights its capability to replicate physiological 

flow regulation of collateral branching pattern of interbular vessel. This work 

establishes a clear link between geometry, vascular resistance, and haemodynamic 

forces, providing a reliable framework for microvascular research. 

 

4.4.1 Testicular microvascular architecture 

The bifurcations ‘A’, ‘B’, and ‘C’ in this work align with anatomical descriptions of 

testicular microvasculature. They form part of an interbular arteriole connected to 

capillaries and have curvilinear paths that navigate around the tubules [23, 24]. These 

bifurcations are characterized by gentle blends, turns and splits at acute angles. Such 

high-curvature is a key feature of testicular microvasculature, which is essential for 

functions such as temperature regulation [24]. The testicular artery and its branches 

are often coiled and convoluted, which serves to reduce blood flow velocity and 

dampen pressure fluctuations. Moreover, the bifurcations correspond to anatomical 

locations of a specialized microenvironment, which is the vascular branch points 

where undifferentiated spermatogonia preferentially cluster [257]. 

 

4.4.2 CFL formation 

In this study, while perfectly symmetric flow was not achieved downstream of realistic 

bifurcations, the RBC-rich region showed a tendency to shift towards the vessel centre, 

producing a concentrated core surrounded by nearly equal CFL regions, referring to as 
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‘symmetry-like’. Greater tortuosity in bifurcation ‘B’ resulted in a more asymmetric 

CFL compared to the straighter paths in bifurcations ‘A’ and ‘C’, which achieve 

symmetry-like flow more rapidly. Moreover, the angle  of the right (lower) daughter 

branches also played a role. A sharper angle  promoted a symmetric-like CFL, 

whereas a wider angle caused the RBC-rich region to migrate and skew towards the 

inner wall before becoming symmetrical over a longer distance. The observation that 

blood flow in curved microvessels is asymmetrical and skews towards the inner bend 

is supported by both the lattice Boltzmann method [262] and a study on cerebral 

microcirculation [263], which observed asymmetric velocity profiles in vivo. 

The simulation provides specific quantitative evidence for the critical role of the CFL 

in haemodynamics. In bifurcation ‘B’, the CFL region was significantly larger under 

the low inflow condition (12%) compared to high inflow (3%). The finding that a 

larger CFL promotes flow symmetry is supported by observations in penetrating 

arterioles [264], where the plasma layer varies with vessel diameter and acts as a 

buffer, allowing the central RBC-rich region to remain stable and less unaffected by 

the vessel wall movements. 

 

4.4.3 Resistance 

The overall energy required to drive blood through a vascular network is represented 

by the global total pressure drop (ΔP), whereas local resistance is assessed by the 

pressure drop per unit length (ΔP/L). Bifurcations ‘B’ and ‘C’ exemplify two 

contrasting strategies for regulating flow. Bifurcation ‘B’ demonstrated a high ΔP/L 

due to its tortuosity, which acted as a local regulator by dissipating energy and slowing 

blood flow, a feature associated with precise control in regions such as the testis, where 

temperature regulation is critical [24, 265, 266]. Bifurcation ‘B’ maintained a high 

total P, demonstrating that its geometry overwhelms the effect of its short length and 

this feature served for a specific, localised function of testis. Conversely, bifurcation 

‘C’ exhibited low global resistance (i.e., low total P) resulting from the parallel multi-

branching path, a strategy that reduced total resistant. Its low P/L indicated that this 

resistance was distributed more evenly, supporting its role in efficient global perfusion.  
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Pressures within biological systems are complex and dynamic, influenced by the 

cardiac cycle and local gradients, while arteriolar resistance modulates the exchange 

area [252]. Numerous studies have established the pressure drop as a key diagnostic 

tool for perfusion and oxygen delivery, with this metric being primarily shaped by 

local geometry [134, 267, 268]. Tortuosity diminishes the Fahraeus effect by reducing 

the average RBC speed, which could influence the rate of oxygen transport [269]. 

Hossain et al. (2024) [270] reported that  significant increases in pressure drop can 

result from changes in vessel length and bifurcated angle, such as those found in 

hypertensive vessels, supports this view [271]. This is functionally demonstrated in 

the hamster testis, where wide variations in arterial pressure play a role in maintaining 

a consistently low mean capillary pressure. 

 

4.4.3 Plasma skimming 

Bifurcation morphology drives unequal flow between daughter branches, leading to 

disproportionate RBC separation into higher-flow pathways, a hallmark of plasma 

skimming. The identical pressure model of the present study proved non-

physiological, creating a skewed distribution that overloaded proximal branches while 

starving distal ones, representing a fragile and inefficient system. Such fragility 

mirrors the risk of ischaemia when upstream supply is disrupted.  In contrast, the 

diameter-based pressure model, which adheres to Murray’s Law [185], represented an 

optimised and healthy physiologically-relevant case, ensuring efficient and equitable 

perfusion to all branches. The two-inlet collateral supply model demonstrated 

resilience and redundancy. It eliminated poor perfusion by ensuring all branches 

received adequate flow, highlighting the body’s use of collateral pathways as a crucial 

safety net to protect against ischemia. Testicular arterioles exhibit this through arterio-

arterial anastomoses, which maintain stable blood flow and prevent ischaemia when 

disruptions occur [23]. This comparison underscores the importance of boundary 

conditions in accurately modelling the spectrum of vascular haemodynamics, from 

ideal efficiency to robust survival. 
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These findings highlight that plasma skimming is not static but can be modulated by 

the flow dynamics of the surrounding network. This observation aligns with a study 

on dog testicular arteries, where blood flow parameters varied by region and stage 

[266]. Microfluidic experiments further show that biased flow distribution in 

bifurcated vessels is highly sensitive to downstream vascular resistance [271], and that 

high flow in smaller branches makes the CFL thinner, thereby increasing haematocrit 

to those branches [182]. 

 

4.4.5 Wall shear stress 

This study presents a new perspective on WSS in curved and tortuous vessels, 

revealing that the shear gradient, visualised through vorticity, is a more dominant 

factor than near-wall viscosity. This challenges the findings of idealised models, which 

locate the highest WSS at the initial inner wall of the daughter entrance. In a realistic 

bifurcation such as bifurcation ‘A’, the highest WSS occurred at a downstream 

constriction, where high vorticity, driven by the constriction, and elevated near-wall 

viscosity, was influenced by an almost absent CFL, combined to produce high WSS. 

Conversely, at the entrance of the smoother right branch, low WSS was observed due 

to a low vorticity, despite the presence of high near-wall viscosity. These findings 

highlight that the dynamics of asymmetric CFL and the geometry of tortuous or 

constricted vessels are key determinants of WSS, as they modulate both viscosity and 

the shear gradient. 

Several studies confirm that the high WSS in stenosed and bifurcated vessels is found 

in tortuous regions and at points of high curvature [269, 271]. These findings establish 

a direct link between tortuosity and WSS, demonstrating that tortuosity induces CFL 

asymmetries, which in turn lead to WSS asymmetry. However, these studies do not 

decompose WSS into its contributing component in the same manner as the present 

work. 

WSS is a crucial regulatory signal in microcirculation. Computational modelling has 

shown that vessel constriction induces substantial and widespread WSS changes 
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across the network, suggesting a mechanism for remote vasoregulation [272]. 

Moreover, WSS acts as a key mechanical signal for endothelial cells, as their 

sensitivity to its gradients triggers gene activation essential for processes such as 

angiogenesis and vessel remodelling [273]. A sustained, optimal level of WSS also 

supports a healthy endothelium by promoting the production of vasodilators such as 

nitric oxide, which helps to prevent atherosclerosis [268, 274]. Therefore, the high 

WSS detected in tortuous areas of the vessels suggests that these could be key locations 

for WSS-mediated biological responses. 

 

4.4.6 Limitation and Future work 

This work is limited to a small number of subject-specific anatomically-correct 

geometries, with bifurcations ‘A’ and ‘B’ representing an arteriole splitting into 

smaller arterioles or thick capillaries. Bifurcation ‘C’ could represent a mesh-like 

network of peritubular capillaries or serve as an arterio-venous or arterio-arterial 

anastomosis connecting to capillaries. A limitation of this approach is that these few 

geometries may not be representative of the full testicular network. Future work could 

involve reconstructing a larger number of geometries (e.g., 10–20 bifurcations) and 

extending the upstream and downstream sections of the bifurcations to connect with 

venules, thereby representing a wider range of capillary types.  

Our simulations, which use fixed-pressure outlets, were limited in that they could not 

replicate the physiological autoregulation of arterioles. This process, which goes 

beyond simple geometric effects, involves the myogenic (Bayliss) response [254], 

where rising pressure triggers vasoconstriction to stabilise flow. Conversely, local 

metabolic signals induce vasodilation to increase perfusion in areas of high demand. 

In future work, we will address this limitation by incorporating a dynamic component 

that adjusts vessel diameter in response to simulated haemodynamic parameters, 

mimicking the myogenic response and chemical signalling such as the release of nitric 

oxide in response to shear stress [252, 255].  
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Another limitation is that the multi-phase, multi-component model does not 

incorporate a temperature model, which may limit its physiological relevance in the 

context of testicular function. Testes regulate their temperature to support normal 

spermatogenesis through a specialised counter-current heat exchange system [24, 265, 

266]. The convoluted and coiled testicular artery transfers heat to the cooler 

pampiniform plexus, and its unique path effectively slows blood flow velocity to 

enhance the cooling process. Future work will address this limitation by incorporating 

a temperature model into the simulation. 

To advance translational impact, we will conduct systematic occlusion experiments, 

ranging from partial narrowing to complete blockage and branch removal, on 

high‑fidelity, three‑dimensional non‑planar bifurcations, where geometric complexity 

drives CFL asymmetry, WSS localisation, and RBC flow biasing. Prior studies 

demonstrate that isolated occlusions elicit compensatory redistribution, while 

multi‑site obstruction accelerates perfusion failure and tissue hypoxia [16, 275]. 

CFL-mediated WSS computed on the true 3D wall manifold will be converted to nitric 

oxide bioavailability and tone, while CFL-limited oxygen diffusion furnishes 

extraction predictions concentrated in arterioles and early capillaries [276, 277]. 

Incorporating Moeini et al.’s framework [278], we will compute CTH (Capillary 

Transit Time Heterogeneity) as a network-level vulnerability index and correlate it 

with redistribution patterns under progressive vessel loss. By integrating these 

haemodynamic and metabolic markers, the model will provide a clinically relevant 

platform for forecasting perfusion resilience and guiding interventions in 

microvascular disease. 
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Chapter 5 

 5. Single-phase phase haemodynamic comparison of 

control and atrophic testicular arterial networks and 

exploration of atrophy with the multi-phase, multi-

component flow model 

 

5.1 Introduction 

The typical human adult testis is approximately 4-5 cm in length [28], although its size 

can vary. When smaller than the 50th percentile for age, it is considered abnormally 

small [28, 29]. This condition, known as testicular atrophy, is a major contributor to 

male infertility and results from several conditions that impair blood supply and cause 

tissue damage. For instance, testicular torsion directly interrupts blood flow [26, 30], 

while mumps orchitis causes swelling and pressure that destroys sperm-producing 

tubules [31, 32]. Inguinal hernias and hydroceles can compress blood vessels, reducing 

circulation [26]. Varicoceles are associated with venous reflux and increased testicular 

temperatures, a combination that impairs sperm production [26, 33] and is linked to a 

significant reduction in testicular arterial blood flow and poor microcirculation [27]. 

Lastly, scrotal trauma can increase internal pressure, causing tissue death and 

reabsorption [30]. 

Testes are located outside the body to maintain a cooler temperature (2–8 °C) 

necessary for sperm production, a function supported by a counter-current heat 

exchange system [279]. Hypertension can disrupt this system by causing vascular 

abnormalities and reduced blood flow to the testes [23]. Even a moderate reduction in 

blood supply can trigger germ cell death (necrosis and apoptosis) and inflammation, 

while a more severe reduction can cause widespread tissue necrosis [280]. Therefore, 

testes are sensitive to even minor blood flow disruptions, which can lead to impaired 

spermatogenesis and male infertility. This highlights the critical need to characterise 
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testicular haemodynamics, particularly to map differences between abnormal flow in 

small, diseased testes and healthy controls. Analysing these flow changes provides a 

direct perspective into the state of the underlying microvasculature, linking structural 

vascular alteration to the resulting functional impairment.  

Investigating these haemodynamics relies upon specific imaging technologies. Current 

non-invasive methods, such as Doppler ultrasound and Ultrasound Localization 

Microscopy (ULM), are commonly used to assess testicular blood flow. However, 

these methods are limited in their ability to fully map the entire three-dimensional 

testicular network. Doppler ultrasound is restricted to measuring flow in large vessels 

on the surface of the testis [265, 266, 281, 282]. While ULM provides super-resolution 

imaging of microvessels, it is constricted to a two-dimensional perspective [261]. This 

limitation hinders the ability of clinical and in vivo studies to establish a definitive link 

between microvascular 2D imaging and three-dimensional haemodynamic behaviour. 

Computational modelling can bridge this gap by exploring how vessel geometry 

influences blood flow distribution, pressure and resistance, which are difficult to 

measure directly in vivo.  

The testicular artery originates from the abdominal aorta, follows a winding route 

through the pampiniform plexus, and then pierces the tunica albuginea, the outer 

capsule of the testis [24, 25]. A capsule artery then runs along the surface, branching 

into centripetal arteries that extend inward towards the centre (Fig. 5.1). These arteries 

then branch into radiating arteries, which supply both superficial and deep layers, 

ensuring consistent blood flow throughout the entire testicular vascular network. The 

system also includes arterio-arterial anastomoses [23, 24], which provide a fail-safe 

blood supply, and arterio-venous anastomoses that regulate blood flow, heat exchange 

and hormone transport. Overall, the testicular artery serves as the main blood supply 

to the testis. Its branches, the intratesticular arteries, deliver blood to the inner testis, 

while intertubular arterioles supply the capillaries located between the seminiferous 

tubules. These capillaries are responsible for the vital exchange of gases and nutrients. 
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Figure 5.1: Testicular vasculature. (A), Diagram showing testis and vasculature 

(https://radiologykey.com/doppler-imaging-of-the-scrotum/). (B), arterio-arterial 

anastomoses (arrow) from micrograph of micro-dissected cast. (C), whole vascular 

cast of the rat testis. (D), Branching arterial pattern by partially filled cast, arrowheads 

representing major arterial branches [23]. 

 

We conducted a computational fluid dynamics (CFD) analysis to quantify the 

haemodynamic difference between healthy control and atrophic mouse testicular 

arterial networks. This investigation aims to clarify how morphological differences (89 

µm parent vessel diameter in control, 48 µm in atrophic) translate into functional 

deficits in flow distribution and resistance. The multi-phase, multi-component model 

effectively captured flow of the atrophy but extending this approach to the control was 

constrained by meshing complexity, requiring further optimisation work. Therefore, a 

single-phase continuum-based model was employed for an initial analysis of blood 

flow, comparing the control and the atrophic cases. This study demonstrated that the 

single-phase model enables efficient investigation of how anatomical variations 

impact flow distribution and pressure, revealing distinctive haemodynamics between 

the two networks. Furthermore, the multi-phase, multi-component model of the testis 
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atrophy revealed haemodynamic features that both aligned and differed from those 

predicted by the single-phase model. This alignment supports the use of the single-

phase framework as a practical tool for identifying the haemodynamic differences 

between control and atrophic networks, however the multi-phase, multi-component 

model remains essential for capturing RBC-rich partitioning, CFL dynamics, and local 

viscosity change. 

 

5.2 Material and methods 

5.2.1 3D vascular reconstruction 

The three-dimensional geometries of the whole mouse testes were first visualised 

using MATLAB’s volshow function to identify arterial bifurcation networks. Based 

on established differences in vascular structure and function [283], vessels of smaller 

diameter were designated as arteries. A region of interest (a0–a1 in Fig. 5.2A&B was 

selected in the control testis based on branching hierarchy and tapering diameter; a 

matching region was chosen in the atrophic testis (a0–a1 in Fig. 5.2C&D) for direct 

comparison. The main vessel lengths a0–a1 were comparable: 2625 µm (control) and 

2470 µm (atrophy). These regions were reconstructed into realistic three-dimensional 

vascular models using SimVascular [258], with centreline paths and lumen boundaries 

manually segmented. The networks were generated using the PolyData method and 

smoothed to reduce artefacts. To minimise boundary effects, the vessels were extended 

by 10D (where D is the local branch diameter) using VMTK [259]. Inlet diameters 

were ~89 µm (control) and ~48 µm (diseased), measured using MicroDicom. 

(https://www.microdicom.com/).   

https://www.microdicom.com/
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Figure 5.2: Testis control and atrophy. (A, B) Control testis. (C, D) Atrophied testis. 

(A, C) Whole testicular vasculature with the main arteries labelled (a0–a1) and colour-

coded subtrees. (B, D) Reconstruction of arterial networks used in this study, with 

vessel diameter, length, and flow splits. 

 

5.2.2 Single-phase CFD model 

The computational meshes were discretised using polyhedral and prismatic elements 

in Simcenter STAR-CCM+ (Siemens). To capture the viscous effects, the first 

boundary layer was specified at a distance of ~0.004a0 away from the wall, where a0 

was the diameter of the inlet of the network, with seven layers. The first layer was 

calculated based on a low y+ wall treatment using the formula ρ(WSS/ρ)1/2y/µ, where 

ρ, WSS, y, and µ are the density (1060 kg/m3), the wall shear stress (140 dyn/cm3) 

[43], the target dimensionless wall distance, and the viscosity (0.00345 Pa-s). 

According to a grid independence analysis based on the maximum velocity upstream 

of the networks, meshes of around 3.7 and 1.9 million elements for the control and 
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diseased cases, respectively, were found to be sufficient for the flow regimes examined 

in this study. The mesh independence test was performed as detailed in Appendix D.1 

(Fig. D.1 and D.2). 

Blood flow in the testicular arterial networks was simulated in Siemens STAR-CCM+. 

The flow was assumed to be steady, laminar and incompressible, and governed by the 

Navier-Stokes equations: 

 𝛻 ∙ 𝑢 = 0                      (5.1) 

    𝜌(𝑢 ∙ ∇)𝑢 =  −∇𝑝 + 𝜇∇2𝑢               (5.2) 

where 𝑢, 𝑝, 𝜌, 𝜇 is the blood velocity vector, the pressure, the density and dynamic 

viscosity, respectively. In the model, a steady, parabolic inlet velocity profile was 

assigned at the inlet, according to the equation: 

  𝑈𝑝𝑎𝑟(𝑥, 𝑦) = 2U ∗ (1 −
4(𝑥2+𝑦2) 

𝐷2 )       (5.3) 

with mean velocity U = 6 mm/s, an approximately physiological value for arterial 

diameter of ~89 µm [91]. To maintain the physiological flow by controlling the 

pseudo-shear rate (U/D) [9, 66], the mean velocity of 3.2 mm/s was used in the  testis 

atrophy.  

The outlet flow distribution was determined using the Murray's law [185], which 

predicts flow rates in branching vessels based on their respective diameters. The flow 

split ratio for each branch (𝑄𝑖/𝑄𝑡) could be expressed as: 

  𝑄𝑖/𝑄𝑡 =  
𝐷𝑖

3

∑ 𝐷𝑖
3

𝑖
       (5.4) 

where i indexes each branch and 𝑄𝑡 the total flow rate. The resulting flow split for 

each branch is presented in Fig. 5.2B&D.  

The non-Newtonian Generalized Carreau-Yasuda viscosity model ( 𝜇(𝛾) = 𝜇∞ +

(𝜇0 − 𝜇∞)[1 + (𝜆𝛾)𝑎]
𝑛−1

𝑎 ) was prescribed with an infinite shear viscosity (𝜇∞) of 

0.00345 Pa-s, a zero shear viscosity (𝜇0) of 0.056 Pa-s, a power constant (n) of 0.356, 
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an ‘𝑎’ parameter of 2.0, and a relaxation time (𝜆) of 1.902 s [197]. The viscosity and 

density (1060 kg/m3) were assumed identical for both control and atrophic cases. The 

segregated flow solver employing the SIMPLE algorithm was utilised. The mass flow 

rate (𝑚̇ = ∑ 𝜌𝑓𝑣𝑓 ∙ 𝑎𝑓𝑓 ) was calculated for each subtree, where 𝜌𝑓 , 𝑣𝑓, 𝑎𝑓 was the face 

density, the face velocity, and the face area vector, respectively. 

 

5.2.3 Multi-phase, multi-component flow model 

The meshing setup followed the procedure outlined in Chapter 2. A final mesh of 1.8 

million cells was achieved for the atrophic geometry using a base size of 2.0x10-6 m, 

20 prism layers, and prismatic layer total thickness of 6.0x10-6 m, while other 

parameters were fixed as provided in Appendix C.1. Consequently, the near-wall first 

layer thickness was 1.0x10-7 m, satisfying the criterion of being finer than the y⁺-based 

first layer thickness of 1.7x10-7 m (derived from a 3.0 mm/s velocity). 

The EMP model was implemented as detailed in Chapter 4, employing the diameter-

based pressure outlet (section 4.2.2). The inlet velocity for the multiphase plasma-RBC 

and pure plasma components was prescribed at 3.2 and 2.8 mm/s, respectively, while 

the initial CFL thickness was specified as 3 m [199]. For transient simulation (t = 

5x10-4 s), the number of inner iterations was increased to 10, compared with the three 

iterations previously sufficient for the idealised bifurcations and the arteriolar 

bifurcations. This adjustment was necessary for the atrophied network to achieve 

adequate convergence of the pressure–velocity coupling and phase interaction 

equations at each time step. 

 

5.3 Result  

5.3.1 3D vascular reconstruction of control and atrophied testes 

The arterial network of the control testis was characterised by capsular arteries on the 

surface and centripetal arteries radiating inward towards the mediastinum. In Fig. 

5.2A&B, the capsular trunk (a0 to a1) branched into four capsular and one centripetal 
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vessel, representing the 1st-generation of five subtrees, denoted with ‘b’ (white), ‘c’ 

(green), ‘d’ (yellow), ‘e’ (purple), and ‘f’ (magenta), shown in different colours in Fig. 

5.2A&B. For subtrees ‘b’, ‘c’ and ‘f’, most 2nd-generation branches traversed along 

the surface of the organ before turning inwards; only a few vessels remained 

superficial. Further branching led to small, convoluted arterioles. A hierarchical 

reduction in vessel diameter (tapering) was observed, with the trunk measuring 89 µm, 

the 1st-generation entrance averaging 379 µm, and the terminal distal branches 

measuring 266 µm (Fig. 5.3A).  

In the atrophied case, most arterial branches remained superficial, without extending 

into the deeper parenchyma (Fig. 5.2C&D). The diameter at the a0 entrance, the 

entrance of the 1st-generation and the terminal distal branches were 48 µm, 28.1±1 µm 

and 29±3 µm, respectively (Fig. 5.3A). The averaged length from the entrance of the 

1st-generations to the end of the most distal branches in the atrophic geometry was 

599.8±434 µm, which was shorter than that of the control (2202.4±687 µm) (Fig. 

5.3B).  
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Figure 5.3: Geometry and haemodynamics of testis control and atrophy. (A) Diameter. 

(B) Length. (C) Flow fraction. (D) Velocity. (E) Pressure drop. (F) Pressure drop per 

length. Art., Con., 1st-gen stand for atrophy, control, and 1st-generation, respectively.  
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5.3.2 Haemodynamics in the control geometry 

5.3.2.1 Branch flow split ratios 

The single-phase simulation investigated arterial blood flow by assuming branch flow 

splits according to their relative outlet diameters (Murray’s law), thereby reflecting a 

haemodynamically optimal perfusion. This approach ensured consistent velocities in 

the distal vessels, allowing sufficient blood pressure to reach the terminal branches to 

enable their function, such as supplying capillaries for oxygen exchange. The main 

branch (a0 to a1) tapered from 89 µm to 63.8 µm; however, the a1 outlet carried 36% 

of the total flow due to its role in supplying a major downstream region. Among the 

terminal distal branches, which had an average diameter of 24 to 30 µm (Fig. 5.3A), 

the subtree ‘c’ (8 branches) accounted for 35% of the total flow (Fig. 5.3C), the subtree 

‘b’ (5 branches) for the 15% of the total flow and the subtree ‘d’ (3 branches) for 7%. 

With smaller distal diameters (~19 µm), subtree ‘f’ (5 branches) carried only 5% of 

the total flow, and branch ‘e’ only 2%. Fig. 5.3C showed that most distal branches 

exhibited, individually, a similar average flow fraction of 0.03±0.026 of the total flow. 

However, two specific branches in subtree ‘c’ were the exceptions: a 45-µm vessel 

with a flow fraction of 0.13Qt and a 35-µm vessel with a flow fraction of 0.06Qt. These 

two branches supplied a downstream branching region comparable to that of a1, 

whereas the remaining branches connected to smaller arterioles or capillaries 

responsible for oxygen delivery. The large volume of the control testis accommodated 

more extensive branching and elongated centripetal arteries. The varied mass flow 

rates for subtrees ‘c’, ‘b’, ‘d’ and ‘f’ (18.5×10-9, 7.6×10-9, 3.8×10-9 and 3.4×10-9 kg/s, 

respectively) directly demonstrate that this branching pattern was structured to 

distribute blood flow in accordance with specific metabolic demands and 

physiological requirements.  

 

5.3.2.2 Vascular resistance 

The simulation demonstrated that pressure regulation in the arterial network was 

governed by two distinct parameters. The total pressure drop (ΔP) was a global 

parameter, showing that long distal branches in subtrees ‘c’, ‘b’ and ‘d’ at 1590-3822 
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µm (Fig. 5.3B) induced a significant ΔP of 8.2±1.8 mmHg (Fig. 5.3E and 5.4D). This 

pressure gradient was crucial for decelerating blood flow from high entrance velocities 

(6.4, 5.2 and 2.0 mm/s in the ‘c’, ‘b’ and ‘d’ subtrees, respectively) to slow terminal 

velocities (1.98±0.5, 1.85±0.1 and 1.41±0.1 mm/s among the distal end outlet vessels 

in the ‘c’, ‘b’ and ‘d’ subtrees, respectively) (Fig. 5.3D and 5.4A). The shorter length 

in subtree ‘f’ (1646±257 µm) exhibited a lower pressure drop of 6±0.7 mmHg. The 

resulting slow flow in the terminal distal branches before entering into the capillaries 

was essential for minimising mechanical stress and maximising the time available for 

efficient oxygen and nutrients exchange.  

The pressure drop per length (ΔP/L), on the other hand, served as a local parameter 

indicative of the system’s efficiency. The low and uniform ΔP/L of 3.5±0.8 

mmHg/mm (Fig. 5.3F) across all subtrees demonstrated that pressure was declined at 

a constant and well-regulated rate. This controlled deceleration ensured the blood flow 

was optimally prepared for oxygen and nutrients exchange in the capillaries, 

highlighting the system’s high efficiency and stability.  

The main trunk, with a length of 2625 µm, was found to have the lowest ΔP (2.6 

mmHg) and the lowest ΔP/L (1.0 mmHg/mm), as illustrated in Fig. 5.4D. This 

demonstrated its role as a low-resistance conduit. Its primary function was to transport 

a substantial volume of blood with minimal pressure loss, while preserving high 

upstream pressure to drive flow through the more resistive distal network (Fig. 5.5C). 

This contrasted with the smaller branches, which were structurally adapted to 

transform high-velocity, high-pressure flow into low-pressure conditions optimal for 

microcirculatory exchange. 

 

5.3.2.3 WSS 

The highest WSS was observed in a constricted, tortuous segment of the 2nd-generation 

of subtree ‘c’, labelled as region  (Fig.5.5A&C). This was attributed to a high flow 

rate (12.6 x10-12 m3/s) passing through a narrow lumen, which significantly increased 

the near-wall shear gradient (Fig.5.5C). For region , located in the 1st-generation of 
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the same subtree, had a comparable flow rate (13.4×10−12 m³/s) but a wider and 

smoother geometry. This resulted in a low near-wall shear rate, and consequently a 

reduced WSS. In subtree ‘b’, region  also featured a constricted region with a 

diameter similar to that of region  but the substantially lower flow rate (5.7 x10-12 

m3/s) resulted in a diminished near-wall shear gradient and, subsequently, a lower 

WSS.  

The main trunk at region  exhibited the highest flow rate (28.9 x10-12 m3/s); however, 

due to the absent of constriction, the shear rate, and thus the WSS, was lower than in 

region . Interestingly, the WSS at region  was also influenced by near-wall viscosity, 

possibly because the velocity profile was blunt (Fig. 5.5C). In contrast, WSS in the 

other regions was primarily governed by the near-wall shear rate.  
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Figure 5.4: Haemodynamics in arterial testicular networks using a single-phase non-

Newtonian flow model. (A-D) Control. (E-H) Atrophy. (A, E) Velocity. (B, F) 

Normalised velocity relative to the inlet. (C, G) Pressure. (D, H) Pressure difference.  
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Figure 5.5: Wall shear stress in the testicular control and atrophy cases using a single-

phase non-Newtonian flow model. (A, B) WSS of the control and atrophy vascular 

networks, respectively. (C) 3D velocity profiles coloured according to vorticity and 

viscosity on the cross-sectional area for specific areas on the main trunk (, ), subtree 

‘b’ (, ) and subtree ‘c’ (, ). The diameter of these regions calculated from 

√4 ∗ 𝐴𝑟𝑒𝑎/𝜋, where the Area was 5.35, 5.80, 1.11, 1.30, 2.01, and 1.10 x10-9 m2, 

respectively. The shear rate or shear gradient was the slop of the velocity profile, which 

was equal to vorticity. 
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5.3.3 Blood perfusion in the control vs the atrophied vascular network 

The atrophied testis exhibited a smaller diameter (48 µm), was modelled with a lower 

inlet velocity (3.2 mm/s) than the control case (6 m/s) to keep PSR (=U/D), as smaller 

arterioles are known to have reduced flow speeds [50, 91], which was consistent with 

the arterial flow reduction found in small testes [27]. Most distal branches in the 

atrophied testis resembled those of the control subtree ‘e’, being superficial and 

lacking further branching, whereas other control subtrees predominantly penetrated 

inwards. The averaged diameters of the atrophied distal branches (29 ± 3 µm) were 

comparable to those of the control (26 ± 6 µm), and the control subtree ‘e’ (27 µm), as 

shown in Fig. 5.3A. The atrophied vascular pathway was significantly shorter, 

averaging 599.8 ± 434 µm compared to 2202.4 ± 687 µm in the control network (Fig. 

5.3B). However, its length was similar to that of the control subtree ‘e’ (734 µm). 

Despite having similar distal diameters, the terminal velocities in the small, atrophied 

testis (1.2±0.3 mm/s) were lower than those in the control testis (1.7±0.4 mm/s), as 

demonstrated in Fig. 5.3D and 5.4A&E. This was due to a lower inlet velocity (3.2 vs 

6 mm/s) and a higher flow split ratio (0.1±0.05 vs 0.03±0.03, as shown in Fig. 5.3C. 

The latter was a consequence of reduced branching in the atrophied vascular network. 

However, after normalising the velocity, both networks showed similar terminal 

velocities (0.31 for the atrophy network and 0.28 for the control), as depicted in Fig. 

5.4B&F.  

This performance was managed by the pressure. The shorter atrophied vascular 

network required a lower pressure drop (4.2 ± 1 mmHg) to reduce its entrance velocity, 

while the longer healthy control network required a greater pressure drop (7 ± 2 

mmHg), as demonstrated in Fig. 5.3E and 5.4D&H. In Fig. 5.3F, the atrophic testis 

exhibited a significantly higher P/L (12.11±8 mmHg/mm) compared to the control 

(3.51±0.8 mmHg/mm), indicating excessive pressure loss along the distal branches. 

This high resistance vessel caused the normalised velocity in the main trunk to 

increase, which in turn resulted in higher WSS (Fig. 5.5B).  

In conclusion, the elevated resistance observed in the distal branch of the atrophied 

testis was a direct consequence of its less extensive branching and smaller overall size. 
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Fig. 5.4H showed a progressive pressure drop along the vascular network, including 

the main trunk. This haemodynamic profile is fundamentally different from the healthy 

control network (Fig. 5.4D), which functionally separated its low-resistance trunk 

from its high-resistance distal branches. In the atrophied model, the high resistance of 

the distal branches appeared to be reflected proximally, meaning the main trunk could 

not overcome the distal load and instead became an inefficient, high-resistance channel 

itself. Notably, the WSS patterns were reversed between the two networks. In the 

atrophy configuration (Fig. 5.5A&B), WSS was highest along the main trunk and 

decreased in the branching arterioles, whereas in the control, the opposite trend was 

observed, with WSS being predominantly higher within narrowed branching arterioles 

than in the trunk. 

  

5.3.4 Multi-phase, multi-component flow model in the atrophy network 

The multi-phase, multi-component model provided a more detailed characterisation of 

the RBC-rich flow and effectively captured the dynamic near-wall CFL at the network 

level in the atrophied testis. As illustrated in Fig. 5.6A&B, the RBC-rich region shifted 

towards the inner wall downstream of the first junction (a0-b), as observed in the main 

branch (inset of Fig. 5.6B showing the iso-surface of 50% volume fraction of the RBC-

rich region in the arteriole segment ‘a-2’ and the distal branch ‘b’). This phenomenon 

is consistent with observations in idealised and testicular arteriolar bifurcations, as 

discussed in Chapters 2-4. A further characteristic was noted in the main branch 

segment ‘a-3’, where the RBC-rich region shifted towards the outer wall while the 

distal branch ‘f’ still exhibited a small RBC-rich region skewed towards the inner wall. 

This behaviour was attributed to two scenarios. Firstly, the short inter-bifurcation 

distance of the main branch ‘a-2’, preserving the asymmetric CFL before branching to 

the next bifurcation. Secondly, the higher flow rate in the main branch segment ‘a-3’ 

(Q = 4.7x10-12 m3/s), which pulled a greater volume fraction of the RBC-rich region, 

consequently enlarging the near-wall CFL at the bifurcation curve between the main 

branch ‘a-2’ and ‘f’, resulting in greater flux of near-wall CFL was drawn into the ‘f’ 

(Q = 0.1x10-12 m3/s). The multi-phase, multi-component model thus elucidated that 

the high resistance in the short distal branches promotes this strong plasma skimming 
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effect. 

The asymmetric CFL strongly influenced haemodynamic outcomes, as demonstrated 

by comparison with the single-phase model under comparable boundary conditions. 

The multi-phase, multi-component simulation predicted lower WSS throughout the 

network (Fig. 5.6B), with a high WSS location in the main trunk and minimal WSS in 

distal branches. The pressure drop exhibited a similar trend, with the multi-phase, 

multi-component model showing a progressive decline along the vascular network, 

though less pronounced than in the single-phase case (Fig. 5.6C). Importantly, both 

models preserved the same overall spatial distribution of WSS and pressure drop. This 

supports the use of the single-phase model as a computationally efficient tool for 

comparative analysis of larger vascular networks. Although the multi-phase, multi-

component model was not applied to the healthy control network, the agreement in 

spatial haemodynamic patterns with the single-phase model in the atrophied case 

supports the reliability of the single-phase data for evaluating haemodynamic 

differences between control and atrophy. 

 

Figure 5.6: Haemodynamics in the atrophied testis using the multi-phase, multi-

component flow model in comparison with the single-phase model. (A) Tube 

haematocrit profile on the cross-section planes of branches ‘b’, ‘a-1’, ‘a-3’ and ‘f’. (B) 

WSS distribution with inset showing the RBC-rich region distribution represented by 

iso-surface of 50% volume fraction of the RBC-rich region. (C), Pressure drop 

distribution. 
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5.4 Discussion 

This chapter aimed to distinguish the haemodynamic difference between the testicular 

atrophic and control mouse networks, with particular attention to the flow dynamics 

from the main trunk to the terminal distal branches. The novelty of this work lies in 

the use of a single-phase model to conduct the primary investigation, demonstrating 

how morphological variations translate into functional deficits. A further 

methodological contribution is the justification of this single-phase framework, by 

demonstrating its alignment with multi-phase multi-component model for the atrophy 

case.  

 

5.4.1 Morphological differences between testis control and atrophy 

The control network is a deeply penetrating, multi-branched system designed for 

volumetric perfusion, whereas the atrophic network is shorter, simpler, and confined 

to the surface. This structural contrast means the control network supplies the entire 

organ, while the atrophic network is limited to superficial regions. Despite this, both 

networks exhibit similar terminal vessel diameters (26 ± 6 µm vs. 29 ± 3 µm), 

suggesting that capillaries connected to distal branches may retain functional capacity, 

albeit at a smaller total cross-sectional area. These findings indicate that pathological 

changes in the vascular morphology primarily affect upstream architecture, length, 

depth, and branching, however a smaller number of terminal vessels mean a 

proportionally much smaller total cross-sectional area of peripheral tissue perfusion. 

 

5.4.2 Haemodynamics in the arterial control testis 

The use of fractional outlet boundary condition in this study reflects the physiological 

principle that blood flow is distributed according to tissue demand and vascular 

architecture. A direct correlation is observed between branching complexity and the 

percentage of flow received. For instance, the highly branched subtree ‘c’ (8 branches) 

receives 35% of the total flow, whereas the simpler subtree ‘d’ (3 branches) carries 
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only 7%. This demonstrates a precise, demand-based perfusion strategy. Furthermore, 

the functional role of these subtrees is not uniform. The high flow fractions (13% and 

6%) in the two large-diameter distal vessels of subtree ‘c’ imply that this subtree does 

not merely supply local capillaries but serves as a critical conduit to major downstream 

multi-branching territories, indicating a sophisticated, multi-scale tissue perfusion 

system. 

Testicular vascular morphology is key to haemodynamic function of the organ. The 

main trunk acts as a low-resistance conduit, evidenced by its minimal ΔP and ΔP/L 

relative to distal branches. This design facilitates high-volume blood transport with 

minimal pressure loss, thereby maintaining upstream pressure for perfusion of 

complex subtrees. Direct measurements in the hamster testis [270] revealed that the 

pressure in unbranched capsular artery is already less than 50% of the systemic 

pressure (41 vs 88 mmHg), demonstrating a considerable upstream pressure reduction 

and supporting its role as a low-resistance conduit. The trunk’s low resistance is 

therefore critical to preserve this remaining pressure, ensuring an adequate force 

mechanisms exist to overcome the cumulative resistance of the distal subtrees. 

Unlike the main trunk, the distal branches are designed to dissipate pressure through 

increased length and branching, creating a marked pressure gradient across the 

network. This morphological arrangement ensures that blood flow decelerates 

sufficiently for effective capillary exchange of gases and nutrients [252]. This is 

supported by Doppler ultrasound measurements demonstrating a gradual reduction in 

flow parameters along the spermatic artery [265]. The slower flow also enhances 

thermal equilibration between arterial and venous blood, preserving the temperature 

required for spermatogenesis [252]. 

 

5.4.3 Blood perfusion in atrophied testis in comparison to control 

The anatomical simplification of the atrophic network (being shorter, less coiled and 

less branched) suggests two key functional impairments. First, reduced arterial coiling 

likely disrupts countercurrent heat exchange with the pampiniform plexus, 
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compromising testicular thermoregulation [24]. Second, the atrophic network’s 

reduced length and branching suggest impaired tissue perfusion capacity. Although 

our model assumed flow distribution proportional to the outlet diameters, implying 

optimised flow at the terminal vessels, the reduced number of terminal branches in the 

atrophic network inherently suggests different flow pattern and perfusion capability to 

the testis control. Studies in stallions confirm this link, showing that smaller, 

dysfunctional testes have significantly lower total arterial blood flow and higher 

vascular resistance [284]. Together, these structural changes possibly contribute to 

testicular dysfunction. 

Our simulation reveals a crucial link between structural changes and pathological 

haemodynamics. Elevated ΔP/L and reversed WSS patterns indicate a compensatory 

shift in the main trunk in response to distal branch simplification. This distinct 

haemodynamic pattern provides a signature for the underlying structural deficiencies. 

Such deficits are observed in non-obstructive azoospermia (NOA) patients, whose 

low-density vasculature exhibits a ‘relatively uneven’ and ‘non-uniform’ pressure 

distribution, notably characterised by ‘regions of low or absent pressure’ [261]. The 

localised WSS patterns in the trunk of the atrophy are critical because WSS acts as a 

mechanical trigger for endothelial vasoregulatory feedback [272]. The contrasting 

localised WSS patterns in control and atrophied networks may reflect that this 

feedback mechanism is impaired in the atrophy. 

 

5.4.4 Limitation and Future work 

The current single-phase blood flow model successfully explains the haemodynamic 

differences between control and atrophied testes, providing crucial insights into 

convective transport and poor perfusion in the diseased state. The continuum approach 

is widely adopted in network level and has been applied to oxygen transport studies 

[285, 286]. The reliability of this continuum-based framework is supported by 

Rasmussen et al. (2017), who demonstrated that such models provide good global 

correspondence with experimental data and produce physiologically realistic 

haematocrit distributions even without discrete cell tracking [287]. However, a key 



 

163 
 

limitation is its tendency to overestimate parameters such as velocity and WSS, as 

confirmed by our multi-phase, multi-component simulations and previous studies. The 

simplification excludes multiphase phenomena such as CFL formation and plasma 

skimming, potentially lowering haematocrit in distal branches and exacerbating 

perfusion heterogeneity [288, 289]. These mechanisms could significantly alter 

oxygen availability in microvascular beds, especially under low-flow conditions 

associated with atrophy.  

The absence of a formal uncertainty quantification framework in this study constrains 

the generalisability of testicular control results. Reliance on Murray’s Law assumes an 

energetically optimal, passive system, whereas microvascular resistance is actively 

modulated by mural cells to regulate blood flow [290]. This active regulation 

introduces complexity that idealised partitioning fails to capture, particularly in 

systems including the retina where models must account for autoregulation to ensure 

accurate haemodynamic predictions [291]. Rasmussen (2025) demonstrates that 

boundary conditions at cut vessels heavily influence simulated results and represent a 

persistent challenge in microvascular modelling [292]. This suggests that deviations 

from Murray-type flow partitioning may significantly alter predicted haemodynamic 

metrics. Furthermore, extreme perfusion pressure changes can lead to a complete 

breakdown of autoregulatory control [35]. Without assessing how these active 

biological changes and boundary uncertainties interact, the precision of predicted WSS 

remains unknown. 

The precision of the present model is constrained by the manual determination of 

segment radii, which introduces significant uncertainty due to the inverse fourth-power 

relationship (Poiseuille’s law) between vessel radius and vascular resistance. Since 

vessel size and haematocrit vary inherently across patients and locations, results 

remain sensitive to input uncertainties. Rasmussen (2025) notes that diameter-related 

errors significantly influence the accuracy of microcirculatory simulations [292]. The 

static nature of the model ignores the active physiological responses described by 

Pappelis et al. (2020) and Milanovic et al. (2021), in which vessels adapt their calibre 

to metabolic stimuli [290, 291]. Diameter variations occurring at the time of imaging, 
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but not represented in the static geometry, therefore introduce additional uncertainty 

in the resulting pressure and wall shear stress predictions. 

Material assumptions within the current modelling framework represent an additional 

source of uncertainty. Although the single-phase model provides a computationally 

efficient tool for large-scale network analysis, it lacks the discrete resolution required 

to capture RBC migration and interface dynamics. While a shear-thinning Carreau-

Yasuda model is employed to capture non-Newtonian effects, the model does not 

account for the local viscosity fluctuations driven by discrete haematocrit partitioning 

at bifurcations.  

Applying the multi-phase model to the control testis remains challenging due to its 

anatomical complexity, including tapering from 89 m proximally to approximately 

15 m distally, pronounced tortuosity, and frequent constrictions. These features 

require a high mesh density. Specifically, the height of prismatic layer total thickness 

must exceed the thickness of the CFL, complicating the mesh generation. 

Consequently, the multi-phase, multi-component model was only feasible to 

implement in the atrophic model. Future work should focus on developing mesh 

optimisation strategies that reduce cell count while preserving the prismatic layer 

fidelity, enabling accurate modelling of the control testis.  

Application of the multi-phase meshing strategy to the control network is restricted by 

the interplay between CFL resolution and prism-layer growth constraints. For large 

arterioles (~89 µm), CFL estimates of approximately 3.9 µm [199] provided the choice 

of a prismatic layer total thickness exceeding the CFL by roughly two-thirds 

(≈6.5 µm), ensuring stable phase separation across varying flow conditions. In 

contrast, the single-phase control model was discretised with ~3.7 million cells using 

seven prism layers, a stretching ratio of 1.3, and a total prismatic thickness of ~0.7 µm. 

Multi-phase simulations require a lower stretching ratio (1.1); in the atrophied network 

this already necessitated ~20 prism layers to reach 6 µm. Together, the increased total 

thickness and reduced stretching substantially increase layer count and mesh size, 

rendering full multi-phase discretisation impractical. 
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Chapter 6 

 6. Macroscale pulmonary artery bifurcation 

 

6.1 Introduction 

Turner syndrome (TS) is a chromosomal disorder characterised by partial or complete 

absence of the second X chromosome. Although uncommon, it is the most frequent 

chromosomal abnormality in females, affecting ~1 in 2,500 live births (Europe/East 

Asia/North America) [293-295]. Approximately half of women with Turner syndrome 

are born with a congenital cardiovascular defect, and this prevalence persists among 

children aged 2–19 years [296-298]. These congenital cardiovascular abnormalities 

predominantly involve the left heart and the aortic arch, notably an elongated 

transverse aortic arch, bicuspid aortic valve, aortic dilatation, coarctation, and aberrant 

right subclavian artery [299-303]. These anatomical defects, together with a 

predisposition to obesity and hypertension, contribute to increased cardiovascular risk 

and reduced life expectancy of this patient group [304]. These features, alongside 

metabolic and blood-pressure predispositions, underpin elevated cardiovascular risk 

in TS.  

Direct structural defects of the pulmonary artery (PA) in TS are rare, with works 

largely limited to case reports of valve stenosis [305]. More significantly, functional 

PA changes are common due to related conditions such as Partial Anomalous 

Pulmonary Venous Return (PAPVR). With a prevalence of 13%-15.7%, PAPVR 

causes volume overload on the PA, demonstrating that abnormal flow can exist within 

a structurally normal vessel [301, 303]. Considering the systemic abnormality 

characteristic of Turner Syndrome, this study extends the investigation in bifurcating 

vessels to the pulmonary arteries. We aim to determine whether haemodynamic and 

geometric features, such as distributed flow patterns or secondary flow vortices, are 

also present at the PA bifurcation, which provides a clear rationale for this functional 

flow analysis. 



 

166 
 

The pulmonary arteries exhibit distinctive anatomy and biomechanics. Under 

physiological conditions, the bifurcation operates as a low-resistance, low-pressure 

and high-flow circuit [306]. Alterations in systemic or pulmonary pressures can 

modify the arterial wall compliance and thickness, affecting both the proximal and 

distal segments of the arterial tree [307, 308]. Because anatomical geometry strongly 

shapes haemodynamic behaviour in both normal and diseased states, this relationship 

remains an important target for further research [309-311]. 

Computational fluid dynamics (CFD) effectively analyses pulmonary 

haemodynamics.  In tetralogy of Fallot (TOF), patient-specific models have 

demonstrated the influence of pulmonary bifurcation geometry (branch angles, 

curvature, tortuosity and planarity) on haemodynamic factors including wall-shear 

distributions, inter-branch pressure differences and flow splits [312-314]. Similarly, 

studies in pulmonary hypertension have demonstrated that flow disturbances are 

influenced by anatomical and functional changes within cardiopulmonary circulation 

rather than by pressure alone [315]. While CFD has illuminated the interplay between 

pulmonary artery and haemodynamics in those pathologies, to our knowledge, 

analogous patient-specific analyses of the pulmonary arteries in Turner syndrome have 

not been reported before. We therefore apply CFD methods to the PA in paediatric 

Turner syndrome patients to assess the presence of distinctive flow and shear 

characteristics. 

 

6.2 Material and methods 

6.2.1 Patients cohorts 

This retrospective study analysed magnetic resonance imaging (MRI) scans obtained 

from a cohort of four girls (n=4; mean age 13±5 years) with karyotypically proven 

Turner syndrome, attending the paediatric TS clinic at the Royal Hospital for Children, 

Queen Elizabeth University Hospital (RHC, QEUH). It was noted that patient TS3 had 

undergone a coarctation repair during the neonatal period, whilst TS5 had a left 

congenital diaphragmatic hernia repaired at birth; both surgical interventions were 
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anatomically remote from the proximal pulmonary arteries, the region of interest. For 

patient TS5, an anomalous crisscross origin of the branch pulmonary arteries was 

identified, with the left pulmonary artery (LPA) arising superiorly to the right 

pulmonary artery (RPA) and appearing smaller in diameter. It is noted that the ‘TS5’ 

number designation is linked with the corresponding aortic geometry presented 

previously in Johnston et al. (2023) [316]. 

All cardiac data were acquired on a 1.5T Siemens MAGNETOM scanner (2015–2018) 

with full ECG and respiratory gating. Through-plane flow was quantified at the main 

pulmonary artery root using a 2D time-resolved phase-contrast MRI sequence. Key 

acquisition parameters included: VENC = 150–400 cm/s; TE = 2.66–3.33 ms; TR = 

9.94 ms; slice thickness = 3.5–5 mm; FOV = 300 × 300 mm. This protocol resulted in 

an image matrix of 256 x 256 and a spatial resolution of 1.17 × 1.17 × 3.5–5 mm. 

A healthy control group was established using data obtained from the Vascular Model 

Repository, comprising five age- and gender-matched girls (average age 13 ± 2 years) 

without any history of pulmonary disease. The control cohort (H1 [317], H2 [318], H3 

[317], H4 [318] and H5 [318]) primarily consisted of anatomical datasets. A key 

limitation was that detailed hemodynamic flow information was present for only a 

single individual (H5). Although BMI was not explicitly provided, the repository's 

quality standards suggest it is reasonable to assume all individuals fell within a normal 

physiological range. 

 

6.2.2 Flow information 

To characterise the velocity profile at the main pulmonary artery (MPA) root, phase-

contrast magnetic resonance imaging (PC-MRI) data were analysed using the Segment 

Research software [319]. For each of the four patient geometries, both phase-contrast 

and magnitude image stacks were acquired throughout the cardiac cycle (Fig. 

6.1C&D). The luminal circumference of the MPA was delineated on every frame to 

determine the instantaneous velocity (Fig. 6.1E & Fig. 6.2). The time average mean 

velocity (TAMV) calculated as the integral of the velocity (time curve divided by the 
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total duration of measurement), providing a robust estimate of the MPA velocity 

(Table 6.1). 

 

Figure 6.1: Overview of the MRI data processing workflow. (A) Anatomical magnetic 

resonance imaging of the pulmonary artery bifurcation, detailing the main (MPA), left 

(LPA), and right (RPA) arteries. (B) The resulting reconstructed patient-specific 

geometry (patient TS2). (C-E) The process of extracting blood flow data, where (C) 

magnitude and (D) phase-contrast (PC-MRI) images are used to isolate the MPA root 

(red circle) and calculate the (E) resulting velocity profile. 

 

 

Figure 6.2: Inlet velocity waveforms for healthy and TS cohorts. (A) The inlet velocity 

profiles used for the five healthy subjects. As flow rate data was only available for one 

subject (H5), this single profile was scaled by the inlet area of each individual to 

generate their respective velocity profiles. (B) The patient-specific pulsatile inlet 

velocity profiles for the TS subjects, derived from their individual measurements. 
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Table 6.1: Pulmonary Artery Characteristics in Turner Syndrome and Healthy 

Control Cohorts.  
 

Age 

(y) 

Diameter (mm) 
 

Flow split % Q U ReMPA 

  MPA RPA LPA   RPA LPA (mL/s) (m/s) 

H1 11 19 10 11   0.43 0.57 83.5 0.29 1441 

H2 8 26 15 16  0.45 0.55 83.5 0.17 1146 

H3 11 25 13 12  0.56 0.44 83.5 0.16 1079 

H4 13 23 15 14  0.55 0.45 83.5 0.21 1254 

H5 22 28 17 20  0.38 0.62 83.5 0.14 1032 

mean 13.0 24.2 14.0 14.6  0.5 0.5 83.5 0.2 1190.2 

std. 4.8 3.1 2.4 3.2  0.1 0.1 0.0 0.1 145.8 

TS1 14 19 12 12   0.5 0.5 70.9 0.15 755 

TS2 10 22 15 14  0.55 0.45 117.6 0.19 1108 

TS3 15 27 13 12  0.56 0.44 80.0 0.11 787 

TS5 13 16 11 8  0.66 0.34 59.3 0.18 763 

mean 13.0 21.0 12.8 11.5  0.6 0.4 81.9 0.2 853.3 

std. 1.9 4.1 1.5 2.2   0.1 0.1 21.8 0.0 147.3 

Note: ‘TS’ designation was previously linked with the aorta in a study by  Johnston et 

al. (2023) [316]. 

 

6.2.3 3D vascular reconstruction 

Patient-specific three-dimensional models of the pulmonary artery bifurcation were 

reconstructed from MRI data using the SimVascular software [320]. To capture the 

vessel anatomy with high fidelity, the vessels centrelines were segmented, by first 

segmenting the centreline of the main pulmonary artery (MPA) and extending it into 

the right pulmonary artery (RPA). A second, separate centreline was created to 

delineate the geometry of the left pulmonary artery (LPA). 

Along each centreline, the vessel lumen was segmented on each image slice using a 

semi-automatic active contour tool, with manual refinement undertaken to ensure 

accuracy. The segmentation of the RPA and LPA was terminated prior to their first 

distal bifurcations. The two-dimensional contours from each path were then lofted into 

separate three-dimensional models, which were subsequently merged and smoothed to 

form a single, cohesive geometry. Finally, to mitigate the influence of boundary 

conditions on subsequent simulations, vessel extensions were performed. An extension 
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of 0.5 times the inlet diameter (D) was added to the MPA inlet [313], whilst extensions 

equivalent to 10 times the vessel diameter were added to the RPA and LPA outlets. 

The diameters of the MPA, RPA, and LPA vessels for each patient are shown in Table 

6.1. 

 

6.2.4 Computational fluid dynamics 

CFD simulations were conducted in Siemens STAR-CCM+. The nine geometries were 

discretised with polyhedral elements, refined near the vessel wall using a seven-layer 

prismatic mesh to accurately capture near-wall viscous effects and velocity gradients. 

The first prismatic layer (∆𝑦1) was positioned at a distance of approximately 0.001–

0.002D from the wall and ranged between 0.1 and 0.6 m in thickness. They were 

closer to the wall than the distance calculated from the target dimensionless wall 

distance (𝑦+) via ∆𝑦1 = 𝜇𝑦+/(√𝑤𝑠𝑠/𝜌). This calculation utilised a density (𝜌) of 

1060 kg/m3, viscosity of 4x10-3 Pas WSS of 4 dyn/cm2 [321], and the dimensionless 

wall distance (𝑦+ = 𝑢𝑏𝑢𝑙𝑘/√𝑤𝑠𝑠/𝜌 , where 𝑢𝑏𝑢𝑙𝑘 = 0.1 m/s). The total number of 

elements for the nine geometries was between 0.4 – 1.2 million cells. 

The governing equations were the incompressible Navier–Stokes equations: 

 ∇ ∙ 𝒖 = 0                 (6.1) 

 𝜌
𝜕𝒖

𝜕𝑡
+ 𝜌(𝒖 ∙ ∇)𝒖 = −∇𝑝 + 𝜇∇2𝒖              (6.2) 

where 𝒖  is the mean velocity and 𝑝  is the pressure. Blood was modelled as an 

incompressible non-Newtonian fluid using the  Generalized Carreau-Yasuda viscosity 

law: (𝜇(𝛾) = 𝜇∞ + (𝜇0 − 𝜇∞)[1 + (𝜆𝛾)𝑎]
𝑛−1

𝑎 ) with an infinite shear viscosity (𝜇∞) of 

0.00345 Pa-s, a zero shear viscosity (𝜇0) of 0.056 Pa-s, a power constant (n) of 0.356, 

an 𝑎  parameter of 2.0, and a relaxation time (𝜆) of 1.902 s [197]. The SST k–ω 

turbulence model was applied to capture transitional and turbulent features of the flow 

[322]. Pressure–velocity coupling was handled via the pressure-implicit with splitting 

of operators (PISO) scheme under an unsteady segregated solver. Rigid, no-slip 
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boundary conditions were applied at the walls. Inlet conditions were defined from 

patient-specific pulsatile velocity waveforms (Fig. 6.2B), while physiological mean 

flow splits were applied at the RPA and LPA outlets based on diameter (Table 6.1). 

This physiological flow split was calculated using Murray’s Law [185], a formula 

where the flow rate (Q) is proportional to the branch diameter (D) cubed (n=3). The 

expression for the LPA is given by: 

 𝑄𝐿𝑃𝐴/(𝑄𝐿𝑃𝐴 + 𝑄𝑅𝑃𝐴) =  𝐷𝐿𝑃𝐴
3 /(𝐷𝐿𝑃𝐴

3 + 𝐷𝑅𝑃𝐴
3 )                        (6.3) 

The time-averaged wall shear stress (TAWSS) was calculated for each model by 

integrating the instantaneous wall shear stress over the period of a single cardiac cycle 

(T), according to the formula: TAWSS =
1

𝑇
∫ 𝑤𝑠𝑠

𝑇

0
𝑑𝑡. For comparative purposes, the 

resulting TAWSS distribution was subsequently normalised by the TAWSS value 

computed at the inlet of each respective model. 

 

6.3 Results 

6.3.1 Morphological analysis 

The healthy cohort demonstrated considerable morphological variability. While some 

models including H3 and H5 were fairly symmetric, others such as H1 and H2 

displayed significant MPA curvature and non-planar branching (Fig. 6.3A). This 

suggested that a wide range of shapes were able to exist within a healthy population. 

The bifurcation angles appeared generally wide and open. 

The TS cohort also showed variability but included the most extreme outlier. In line 

with the clinical notes, TS1 and TS2 appeared morphologically normal and were 

difficult to distinguish from the symmetric healthy cases (Fig. 6.3B). TS3 was subtly 

different due to its high branching point. However, TS5 was anatomically distinct from 

all other geometries. Its crisscross, non-planar origin and the size discrepancy between 

the LPA and RPA represented a clear congenital anomaly that would be expected to 

produce blood flow patterns that deviate from those of normal PA anatomy.  
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Figure 6.3: Wall shear stress distribution. (A, B) Non-dimensional time-average WSS 

(TAWSSn) in the healthy and TS patient-specific geometries, respectively. The inset 

provided a posterior view of the abnormal TS5 geometry. (C) TAWSS plot, calculated 

based on the whole geometry of PA. 

 

6.3.2 Time-average Wall shear stress 

The distribution of TAWSSn, normalised by the inlet value for each model and 

visualised in Fig. 6.3A&B, was found to be highly heterogeneous, reflecting the 

underlying vascular morphology. Across most geometries, TAWSSn was 

predominantly low, with distinct regions of elevated WSS consistently localised at the 

bifurcation apex, or flow divider, and the outer wall of the LPA entrance (H1, TS3). 

This concentration of high TAWSSn was an expected consequence of direct flow 

impingement at the point where the main pulmonary artery divides into its primary 

branches [314]. 
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The results indicate that there is no clear distinction of TAWSSn patterns between the 

healthy with the TS patients. Two dominant TAWSSn patterns were observed across 

both the healthy and patient geometries, governed by subtle variations in arterial 

geometry such as the MPA curvature. The first pattern was characterised by localised 

elevated TAWSSn concentrated at the flow divider, as observed in models H1, H3 

(Fig. 6.3A) and TS3, TS5 (Fig. 6.3B). The second pattern in the remaining cases 

involved elevated TAWSSn extending more diffusely along the outer walls of the RPA 

and LPA. It was suggested that these differences were driven by subtle variations in 

each patient’s unique anatomy, including the curvature of the arteries. 

The magnitude and pattern of TAWSS was primarily governed by the inlet velocity 

and 3D morphology. This velocity-dependence was clearly demonstrated in the 

healthy cohort, where a uniform pulsatile flow profile was applied to each patient’s 

unique inlet area resulted in proportionally higher velocities in smaller diameter 

arteries. The extreme TAWSS in case H1 (almost 8.0 Pa across the entire geometry, 

as demonstrated in Fig. 6.3C) was a direct result of its high inlet velocity (~0.85 m/s 

peak velocity value, as depicted in Fig. 6.2A), which is a consequence of its relatively 

small MPA diameter. A decreasing trend in absolute TAWSS was observed from H2 

down to H5, which correlated with an increase in their MPA diameters.  

The haemodynamic of the TS cohort was more complex with distinct velocity profiles 

and generally moderate TAWSS values (1.5-3.2 Pa), as provided in Fig. 6.2B and 

6.3C. TS5, whose anomalous ‘crisscross’ morphology, exhibited the highest velocity 

and TAWSS (~3.2 Pa) of the TS group. TS2 displayed a higher peak velocity than 

TS3, but their absolute TAWSS values were almost identical (~2.8 Pa and ~2.7 Pa). 
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6.3.3 Velocity distribution 

6.3.3.1 Velocity streamlines 

Analysis of the non-dimensional velocity streamlines in the healthy cohort consistently 

identified a three-phase haemodynamic sequence throughout the cardiac cycle 

including peak systole, mid-deceleration and mid-diastole. As demonstrated in Fig. 

6.4, at peak systole (I), the flow in all healthy patients (H1-H5) was represented as a 

smooth, high-velocity laminar stream splitting efficiently at the pulmonary artery 

bifurcation. As the flow decelerated (II), this organised pattern was disturbed with the 

emergence of secondary flows, indicated by rotating streamline paths, particularly near 

the outer vessel walls. Finally, the cycle culminated in a low-flow diastolic phase (III) 

dominated by large, slow-moving vortical structures and flow recirculation within the 

MPA.  

The evolution of blood flow in the TS patients revealed significant haemodynamic 

instabilities throughout the cardiac cycle. At peak systole (Fig. 6.5I), patient TS3 

exhibited intense acceleration forming a high-velocity stream within the narrowed 

segment of the daughter branches, while TS5 presented different flow development, 

with a skewed flow and streamlines diverted predominately towards LPA branch, 

leaving the RPA branch poorly perfused due to anatomical anomalies. During systolic 

deceleration (II), this asymmetry in TS5 persisted and transformed into a secondary 

vortex and a strong skewness, similar to the behaviour observed in TS1. The cycle 

culminated in a chaotic mid-diastolic phase (III), characterised by complex, 

disorganised vortical structures, and in some cases, near-stagnant flow. 
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Figure 6.4: Velocity streamlines and associated flow waveforms within the healthy 

patients. Results were shown for three selected points of the cardiac cycle: peak (I), 

mid deceleration at systole (II), and mid diastole (III) for the healthy patients’ inlet 

waveform. The streamlines were coloured according to the non-dimensionalised 

velocity magnitude, which was normalised based on the average inlet velocity. 
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Figure 6.5: Velocity streamlines and associated flow waveforms within the TS cases. 

Results were shown for three selected points of the cardiac cycle: peak (I), mid 

deceleration at systole (II), and mid diastole (III) for the corresponding TS inlet 

waveform. The streamlines were coloured according to the non-dimensionalised 

velocity magnitude, which was normalised based on the average inlet velocity. 
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6.3.3.2 Secondary flow 

The secondary flow within the healthy subjects was varied. At peak systole (Fig. 6.6 

(I)), the flow was observed as a C-shaped accelerated flow adjacent to the outer wall 

(as in H1 and H2) and a more diffuse central high-velocity core (H3; LPA of H4 and 

H5). Patient H4 exhibited a single in-plane vortex at the posterior OW of the RPA. 

This flow pattern is in agreement with previous results for healthy volunteers [313]. 

During systolic deceleration (II), the initial high-velocity stream mostly transformed 

into a pair of counter-rotating Dean vortices, some cases showed a single vortex (RPA 

of H4, LPA in H1). However, the highly skewed velocity in H2’s LPA created a 

distinctly asymmetric vortex pair. During mid-diastole (III), the flow followed two 

different pathways: most cases (H1, H2, H4) resolved into a complex, multi-vortex 

state, while in others (specifically the RPA of H4 and H5) the flow merged into a 

single, larger vortex. 

Pathological haemodynamics can seemingly mimic healthy patterns, but subtle or 

specific variations often distinguish the two states. For example, the TS2 and H4 

exhibited similar swirling flow patterns in the RPA and had slightly different patterns 

in the LPA. As shown in Fig. 6.6 (I), TS2 exhibited a distinct pair of vortices at peak 

systole, in contrast to the more diffuse and less defined swirling pattern observed in 

H4. Furthermore, instability within the patient cohort was also evident at peak systole, 

characterised by accelerated flow in TS3. In the case of TS5, the crisscross anatomy 

caused the blood flow to develop pairs of Dean vortices in both the RPA and LPA at 

the peak systole (I), which progressed into more asymmetric and then single enlarged 

vortices at time points (II) and (III), respectively. 
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Figure 6.6: Secondary flow on cross-sectional planes (at the distal end of Fig. 6.4-6.5, 

prior to the first branching) in the RPA and LPA branches of healthy and TS patients. 

The flow was visualised using in-plane velocity vectors and contours of normalised 

velocity during peak (I), mid deceleration at systole (II) and mid diastole (III). The 

outer (OW) and inner (IW) walls are indicated for anatomical reference. 
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6.4 Discussion  

To the best of our knowledge, this chapter presents the first haemodynamic study in 

the pulmonary arteries of paediatric Turner syndrome patients. Although the PA is not 

a primary locus of pathology in TS, it is susceptible to secondary hemodynamic effects 

from associated left-heart and aortic abnormalities. This work provides a novel 

characterisation of these sub-clinical flow disturbances and establishes a foundational 

hemodynamic baseline essential for future research and clinical assessment of this 

patient cohort. 

 

6.3.1 Haemodynamics on variation morphology among healthy and TS 

This study characterised the complex interplay between pulmonary artery 

morphology, velocity pattern and TAWSS in healthy subjects and a patient cohort The 

results indicate that the key distinctions between patient groups are primarily driven 

by anatomical differences. The healthy cohort, despite its morphological variability 

(including variations in MPA curvature or bifurcation angles), established a 

predictable flow characterised by laminar systolic acceleration and the consistent 

formation of symmetric, paired Dean vortices. The use of a uniform, pulsatile input 

velocity profile pattern for all five models may contribute to this observed consistency 

in flow characteristics. In contrast, TS patients universally exhibited flow instability 

(Fig. 6.5) as the flow deviates from being laminar, even in cases considered 

morphologically normal such as TS1, showing high skewness at time points II and III 

of the cardiac cycle. The flow instability that was evidently caused by morphological 

abnormality is demonstrated by asymmetric and skewed flow in TS5 (crisscross 

anatomy) or accelerated flow in TS3 (high branching point). The TAWSSn distribution 

was consequently affected. Extreme TAWSS values for H1 was driven by the inlet 

velocity. TS5 exhibited high TAWSSn predominantly at the bifurcation apex, whereas 

TS3 with lower inflow than TS5 showed accelerated flow and a more spatially 

extensive region. These observations confirm that although TAWSS is velocity-

dependent, extreme anatomical irregularities can disrupt this principle. 
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6.3.2 Clinical relevance 

The clinical relevance of the obtained results is multifaceted. Several notable 

haemodynamic similarities and differences were identified between healthy and TS 

patients. The TS1 patient geometry, despite being identified morphologically normal, 

demonstrated flow characteristics comparable to those of the H2 patient during peak 

systole, but transitioned to a more skewed configuration during deceleration and 

diastole (Fig. 6.4 and 6.5). This finding underscores that haemodynamic disturbances 

can occur even in anatomically normal pulmonary arteries, reinforcing the need for 

functional analysis in diagnostic practice. From a clinical perspective, TS1 therefore 

represents a case in which haemodynamic complexity is detectable without reaching 

established thresholds for intervention. In this case, the presence of hypertension, 

bicuspid aortic valve morphology, and aortic dilatation constitutes a recognised 

high‑risk aortopathy phenotype, for which surveillance and intervention thresholds are 

determined by indexed aortic dimensions and growth rates rather than pulmonary flow 

behaviour [299, 323]. The haemodynamic observations presented here thus support 

exclusion of pulmonary vascular involvement while reinforcing the need for structured 

aortic monitoring in TS1. 

In TS2, the clinical report identified that structurally normal pulmonary artery 

coexisted with a significant PAPVR shunt, resulting in a pulmonary circuit overload 

(Qp:Qs ratio of 1.37). The Qp:Qs ratio is a haemodynamic metric that quantifies the 

total blood flow returning to the lungs (Qp) relative to the blood flow distributed to the 

rest of the body (Qs), indicating the severity of the shunt. In contemporary congenital 

heart disease frameworks, Qp:Qs ratios below 1.5 are generally considered to represent 

mild haemodynamic disturbance when not accompanied by right ventricular dilatation 

or pulmonary hypertension [300, 304]. The haemodynamic characteristics of TS2 

remained comparable to that of H2 (Fig. 6.6). This suggests that the elevated flow into 

the MPA may not substantially alter the overall haemodynamics. Nevertheless, the 

presence of an elongated transverse aortic arch in TS2 case constitutes a recognised 

anatomical risk factor for future aortopathy in Turner syndrome, necessitating careful 

longitudinal surveillance [299, 323]. In this context, CFD offers a potential tool to 

identify early haemodynamic transition points, such as the emergence of disorganised 
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flow patterns or elevations in WSS, that may precede irreversible structural 

remodelling and thereby inform earlier intervention [324]. 

The findings for patient TS3 are indicative of a latent functional anomaly. Although 

the pulmonary artery was morphologically normal, the CFD analysis revealed 

anomalous, high-velocity flow at the bifurcation (Fig. 6.5 and 6.6). In the absence of 

a stenosis, this observation strongly suggested a functional disturbance originating 

upstream, perhaps in the heart’s pumping mechanism. In individuals with a history of 

coarctation repair, re‑intervention is typically guided by haemodynamic criteria, 

particularly a systolic pressure gradient > 20 mmHg or signs of left‑ventricular 

adaptation [325]. The CFD‑derived flow abnormalities therefore provide functional 

evidence to interrogate whether a morphologically normal vessel masks a significant 

pressure drop. Despite normal pulmonary venous drainage, such accelerated flow has 

been associated with haemodynamic instability that may precede MRI‑detectable 

structural changes, supporting the use of multimodality surveillance and potentially 

closer follow‑up in post‑repair patients with Turner syndrome [299, 323, 324]. 

In the case of TS5, the CFD analysis served to confirm and explain the functional 

consequences of a known clinical structural defect. The clinical report identified a 

significant crisscross congenital anomaly, and the CFD results demonstrated that this 

abnormal geometry was the direct cause of the observed chaotic, asymmetric and 

disorganised flow patterns. Importantly, crisscross pulmonary artery anatomy is 

recognised to induce disturbed flow and elevated WSS through acute branch 

angulation rather than fixed luminal obstruction, providing a mechanistic basis for 

abnormal haemodynamics in the absence of stenosis [326, 327]. In clinical practice, 

isolated criss-cross anatomy is typically haemodynamically benign, with intervention 

guided primarily by the development of airway compromise or secondary 

complications rather than Qp:Qs alone [328, 329]. Although TS5 maintains a 

near-physiological shunt ratio (Qp:Qs = 1.16), three-dimensional geometric 

assessment remains critical for identifying early functional changes. Consequently, the 

clinical decision point for TS5 is not immediate surgical repair but intensified 

multimodality surveillance. In this strategy, CFD analysis enhances traditional 

anatomical imaging by identifying high-risk haemodynamic transition points, such as 
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pathological WSS or pressure spikes, that may manifest before measurable structural 

progression. 

 

6.3.3 Integrating micro- and macroscale 

The separation between the microscale investigations presented in earlier chapters and 

the macroscale pulmonary analysis reflects differences in dominant physical 

mechanisms rather than a lack of haemodynamic continuity. Across all chapters, blood 

flow is governed by shared conservation principles and organised by vascular 

architecture, with pressure–flow relationships and WSS serving as central descriptors 

of haemodynamic behaviour. While the microscale analyses addressed 

low-Reynolds-number particulate flow dominated by RBC-core phase migration, 

plasma skimming and CFL formation, the macroscale pulmonary study examined 

inertial, pulsatile flow characterised by curvature-induced secondary structures and 

transient shear. Despite these differences, both regimes exhibit analogous 

haemodynamic outcomes: geometric complexity produces skewed velocity fields, and 

heterogeneous time-averaged WSS (TAWSS), highlighting architectural asymmetry 

as a unifying source of flow inefficiency across scales. 

This architectural continuity provides a strong foundation for future simulations in 

which microscale and macroscale models are explicitly connected rather than 

sequentially interpreted. Building on the multiscale pulmonary strategies of 

Ebrahimi (2020) [330] and the structured-tree arterial–venous coupling developed by 

Colebank et al. (2021) [34], multi-phase microcirculatory solvers could be integrated 

downstream of a pulsatile pulmonary network, with both systems running concurrently 

and exchanging haemodynamic state variables. In such a framework, microscale 

bifurcation-induced plasma skimming and CFL formation would inform effective 

resistance and WSS distributions at the macroscale, while curvature-driven secondary 

flows would impose physiologically realistic loading on the microcirculation.  
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6.3.4 Limitation and future work 

A limitation of this study is the sample size. Furthermore, the Turner syndrome group 

was notably heterogeneous. It included a clinically normal geometry (TS1), a subject 

with marked volume overload (TS2), a case exhibiting a functional accelerated flow 

(TS3), and an anatomy with a major congenital anomaly (TS5). Although this diversity 

yields valuable case-level insights, it restricts the generalisation of findings at the 

group level and limits the strength of any statistically robust conclusions regarding TS 

pulmonary haemodynamics overall. This limitation is clinically relevant, as structural 

defects of the pulmonary artery in TS are uncommon, while functional alterations are 

frequently driven by anomalies such as Partial Anomalous Pulmonary Venous Return 

(PAPVR) [301, 303]. With a prevalence of 13–15.7%, PAPVR imposes considerable 

volume loading on the pulmonary artery, illustrating that haemodynamic disturbance 

can arise even in the absence of intrinsic arterial malformation [303, 331]. To confirm 

these preliminary results, a larger, multi-site cohort is needed. Future studies should 

enrol more patients and stratify them into subgroups such as TS with- vs without-

PAPVR, to isolate condition-specific effects on haemodynamics. Beyond this, the 

coexistence of pulmonary venous varices with PAPVR and typical lesions such as 

bicuspid aortic valve introduces a layered complexity, amplifying the challenge of 

accurate haemodynamic interpretation and risk stratification [331]. 

Another limitation concerns the input conditions for the healthy group, where a single 

velocity profile (from H5) represented the inflow for all subjects due to the absence of 

further individual measurements. This uniformity may obscure physiological 

variability and reduce the sensitivity of comparisons with patient data. In contrast, 

patient-specific simulations incorporate unique flow features, enabling more precise 

interpretation of pathological haemodynamics. Nevertheless, computational studies 

suggest representative pulsatile waveforms effectively recover dominant pulmonary 

haemodynamics [332]. The use of quasi-patient-specific, waveform-invariant 

conditions preserves systematic WSS trends across disease severity groups, indicating 

limited sensitivity to individual variability. An averaged inflow waveform from 

healthy 4D Flow MRI datasets was sufficient to reproduce the principal flow 

organisation and WSS distributions in both individual and averaged geometries [313, 



 

184 
 

314]. As healthy bifurcations are highly efficient, dominant flow structures remain 

consistent across subjects, primarily dictated by arterial geometry rather than specific 

inlet profiles [309].  

Our PA simulations assumed rigid arterial walls, a common simplification in 

pulmonary CFD research. Other vascular artery study suggests that secondary-flow 

patterns change minimally when dynamic compliance is introduced. However, that 

same study establishes that those authors also found that full wall motion is required 

to accurately mimic in vivo flow, suggesting that rigid models may lack the precision 

necessary to capture nuanced heart-vessel interactions. Furthermore, Bazileves et al. 

(2009) demonstrated that even where  wall displacements reach ~0.064 cm at rest, rigid 

assumptions fail to capture the energy-damping effect of arterial expansion in a 

patient-specific study[333]. This omission potentially leads to an over-prediction of 

both instantaneous flow speed and peak wall shear stress by as much as 17%. Although 

peripheral resistance was not explicitly modelled, physiologically relevant outlet splits 

were applied. The pulmonary valve was not represented, which may limit accuracy 

near the valve.  
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Chapter 7 

 7. Discussion and Future Work 

 

7.1 Novelty 

The primary novelty of this work lies in the development of a robust methodology for 

the implementation of the Eulerian multiphase (EMP) method and appropriate 

configuration of the EMP parameters to investigate the CFL formation downstream of 

15-48 m vascular bifurcations. This approach integrates a novel hybrid meshing 

strategy, multi-phase plasma-RBC and pure plasma initialisation, and optimised EMP 

settings to ensure numerical stability. Validation studies confirmed that the model 

accurately predicts the CFL thickness across a range of haematocrit values and 

reproduces the shear-thinning behaviour characteristic of non-Newtonian blood 

rheology. Operating at a macroscopic scale while capturing microscale phenomena, 

such as plasma skimming, this framework provides a mechanistic link between CFL 

geometry, lift forces, and WSS distribution, advancing continuum-based CFD 

modelling of microvascular haemodynamics. 

Another novelty of this work is its ability to reveal the model’s capacity to explain the 

interplay between the CFL formation and haemodynamic forces. For idealised 

bifurcations, the study demonstrates how CFL governed by shear-induced lift force 

influences the velocity profiles and WSS distribution, providing a mechanistic basis 

for RBC-rich partitioning and plasma skimming across varying inflow and network 

asymmetry. This connection between systemic flow and local forces offers a predictive 

framework for microvascular regulation. 

Extending this approach to realistic testicular bifurcations introduces a further novelty. 

The approach captures geometry-dependent phenomena absent in idealised models, 

such as asymmetric CFL formation, tortuosity-driven resistance, and shear-gradient 

dominance in WSS regulation. By testing multiple boundary conditions, the study 
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reveals adaptive strategies for energy efficiency and perfusion stability, offering a 

physiologically-grounded framework for understanding blood flow regulation in 

reproductive microcirculation. 

The single-phase model offers a practical and computationally efficient tool for 

comparative haemodynamic analysis between control and atrophied networks. Its 

ability to replicate the spatial WSS and pressure patterns of multi-phase, multi-

component simulation validates its use for preliminary screening. Crucially, it revealed 

a reversal in WSS architecture in the atrophied network, characterised by elevated 

proximal resistance and inefficient trunk flow, offering a mechanistic insight into 

systemic vascular dysfunction. 

This study provides a new perspective on the challenge of distinguishing TS from 

healthy individuals when morphological differences are minimal. Although most 

Turner Syndrome cases appeared morphologically similar to healthy controls, 

combined velocity and TAWSS analysis revealed subtle functional differences, 

demonstrating that haemodynamic assessment can uncover vascular abnormalities not 

evident from geometry alone. 

 

7.2 Key findings 

This thesis presents a series of key findings on the haemodynamics of vascular 

bifurcations using a novel multi-phase, multi-component model and single-phase 

continuum-based CFD approximations, building upon the research questions provided 

in Chapter 1. 

• The new developed multi-phase, multi-component model successfully 

simulates the downstream recovery of a symmetric CFL, which occurs between 

8D and 16D in a 16 µm daughter vessel, under varying feeding haematocrit 

values (18% – 66% at 53 s-1), inflow conditions (13 – 153 s-1 at 44%HF), and 

asymmetric diameter bifurcations (at 44%HF and 53 s-1), as summarised in 

Table 7.1. Lower haematocrit and stronger inflow conditions contribute to a 
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delayed CFL symmetric recovery due to reduced viscosity and intensified 

shear forces, respectively. Additionally, asymmetric bifurcations exhibit 

diameter-dependent recovery behaviour, where wider branches with higher 

flow rates extend the recovery distance. These results align closely with 

previous mesoscale computational studies, which report CFL recovery 

distances ranging from 8D to 25D for vessel diameters between 15 and 33 µm 

[3, 5, 6]. Overall, the results emphasise the intricate interdependence 

haematocrit, flow rate, vascular resistance, and vessel geometry in governing 

the behaviour of downstream CFL dynamics. (Chapters 2 & 3). 

Table 7.1: CFL Recovery distances and thickness under varying haematocrit, Inflow, 

and bifurcation conditions 

Scenario parameter 

CFL recovery 

distance 
 

CFL 

thickness 

(m) 

d1 d2  d1 d2 

Baseline 44% HF; 1Q0 16D 16D  0.9 0.9 

High HF 55% HF 15D 15D  0.8 0.8 
 66% HF 8D 8D  0.4 0.4 

Low inflow 0.2Q0 8D 8D  1.5 1.5 

High inflow 3Q0 16D 16D  0.4 0.4 

Narrow 

diameter 
d2=0.7d1 14D 11D  0.6 0.4 

Wide 

diameter 
d2=1.2d1 16D 18D  1.3 1.8 

 

• The asymmetric CFL formation influences microvascular haemodynamics. At 

the bifurcation entrance, the velocity profile skews towards the outer wall [89, 

90, 209], coinciding with the enlarged CFL, a phenomenon typical of low 

Reynolds number flows. RBC-rich distribution exhibits inverse skewness [212, 

213], concentrating near the inner wall where CFL is minimal. This results in 

elevated local viscosity and reduced shear gradients due to increased cell-wall 

interactions. Downstream, the CFL thickens, causing the effective viscosity to 

drop and the shear rate to peak before gradually declining as the flow becomes 
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symmetric. These changes produce local WSS spatial variations that reflect 

shear-thinning behaviour. (Chapter 2). 

• Hydrodynamic interactions are fundamental drivers of CFL development and 

plasma skimming. Wall-induced lift, driven by near-wall pressure gradients, is 

combined with shear-induced lift governed by plasma vorticity and slip 

velocity to reposition the RBC–plasma interface towards the vessel centre 

where low-shear regions exist, reflecting Saffman’s model of velocity-

gradient-driven particle motion [203, 216]. The RBC-rich lateral migration is 

promoted, while the pure plasma region migrates outwards, establishing the 

near-wall CFL. The plasma vorticity, generated by steep shear gradients, 

amplifies the lift forces. The slip velocity mapping reveals that strong gradient-

slip zones at the RBC–plasma interface govern the direction of lift vectors, 

even when the slip velocity magnitude does not coincide with peak lift force. 

(Chapter 2) 

• The model effectively bridges the conceptual gap between numerical volume 

fraction of the multi-phase plasma-RBC component (𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ) and physical 

tube haematocrit (HT) by translating grid-level data into physiologically 

meaningful metrics. While 𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ shares conceptual similarities with HT, 

it operates at a macroscopic scale, capturing the RBC–plasma interface through 

averaged mesh values rather than discrete particle resolution. By scaling 

𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ  with area-weighted influx and converting it to discharge 

haematocrit, the model achieves strong agreement with in vivo measurements 

[72, 199], validating its utility as a correction factor. (Chapter 2) 

• The multi-phase multi-component simulation reveals that blood rheology in 

20 µm-diameter microvessels with a distinct CFL diverges significantly from 

bulk and wider microvascular studies. Unlike bulk flow (blood outside 

microvessel), where aggregation and friction dominate, the presence of a 

lubricating CFL in our model attenuates non-Newtonian effects, yielding a 

higher Power-law index and lower Casson yield stress. These values contrast 

sharply with those reported in wider microchannels and bulk vessels, where 

CFL formation is less pronounced. The Carreau–Yasuda analysis further 

supports this distinction, with lower zero-shear viscosity and faster relaxation 
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times reflecting enhanced radial migration and reduced wall friction. 

Comparable studies in microvessels of similar scale have demonstrated 

analogous rheological patterns. The findings highlight the critical role of the 

CFL structure in modulating local viscosity, a factor often underrepresented in 

conventional rheological models. (Chapter 2) 

• Our direct measurements confirm that a pronounced CFL can emerge through 

two distinct mechanisms: low haematocrit, which reduces cell-to-cell 

interactions and results in weak lift forces, or high flow rate, which intensifies 

shear gradients and generates strong, shear-driven lift that actively organises 

RBC-rich migration and CFL structure. These simulation results highlight the 

dual influence of the haematocrit and flow rate on the CFL dynamics, offering 

a mechanistic explanation for the observed variations in CFL thickness and 

symmetry. The CFL thickness has been shown to be a function of shear rate 

[239] and haematocrit [83, 238]. (Chapter 3) 

• The new multi-phase, multi-component model captures plasma skimming 

through three distinct but interconnected mechanisms: biased outflow, 

diameter asymmetry, and short inter-bifurcation distance. In biased flow, the 

RBC-rich region follows the high-flow path due to streamline shifts, increasing 

the local lift and vorticity. Diameter-asymmetric geometries similarly favour 

the RBC-rich entry into the wider, low-resistance branch, enhancing 

haemodynamic forces. Additionally, short inter-bifurcation distances preserve 

the upstream CFL asymmetry, guiding RBCs into the downstream branch 

aligned with the thinner CFL region. These results demonstrate the model’s 

ability to reproduce physiologically relevant RBC-rich partitioning driven by 

both structural and functional asymmetries. (Chapter 3) 

• A multi-phase, multi-component model is applied to testicular bifurcated 

arterioles (20 m) that diverge significantly from simplified vascular 

representations, which typically assume planar, symmetric branching with 

minimal curvature. In contrast, bifurcations ‘A’, ‘B’, and ‘C’ exhibit non-

planar geometries, acute angles, and curvilinear paths. These features reflect 

the spatial constraints imposed by the seminiferous tubules and result in 

asymmetric flow paths. For instance, bifurcation ‘A’ shows sharper angles and 
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less convolution than ‘B’, while geometry ‘C’ presents a more hierarchical 

structure with reduced tortuosity. (Chapter 4) 

• Anatomically-correct (non-planar, tortuous) vascular geometries alter the CFL 

formation, compared to simplified bifurcations, which nonetheless capture the 

main characteristics and are useful in understanding the underlying 

haemodynamic mechanism. While simplified bifurcations produce perfectly 

symmetric CFL regions, realistic vessels exhibit only “symmetry-like” 

patterns, where the RBC-rich core gradually migrates toward the centre but 

retains residual asymmetry. Greater tortuosity, as observed in bifurcation ‘B’, 

delays this transition and results in persistent skewing of the RBC-rich region 

towards the inner wall, whereas straighter paths in bifurcations ‘A’ and ‘C’ 

achieve symmetry-like flow more rapidly. Additionally, branch angle 

influences the CFL behaviour; sharper angles promote faster centralisation of 

the RBC-rich region, while wider angles prolong asymmetry. These findings 

confirm that vessel geometry, rather than boundary conditions, is the dominant 

factor governing CFL development and RBC-rich distribution in realistic 

microvascular networks. (Chapter 4)  

• Reconstructed testicular tortuous bifurcations exhibit higher pressure drops 

and localised energy loss, with bifurcation ‘B’ showing the greatest ΔP/L due 

to its convoluted path. This structural complexity also intensifies the shear 

gradients, producing elevated WSS values at constricted regions where the 

vorticity is high. Such localised resistance is consistent with mechanisms for 

precise flow control in temperature-sensitive regions [24, 265, 266]. The 

plasma skimming follows classic principles, with the RBC-rich region 

preferentially entering high-flow branches, as observed in bifurcations ‘A’ and 

‘B’. In contrast, bifurcation ‘C’ demonstrates that network connectivity can 

override this bias, directing RBC-rich flow into curved branches feeding 

downstream splits. These results highlight that morphological variations, rather 

than boundary conditions, dictate flow partitioning and near-wall dynamics. 

(Chapter 4) 

• Under varying inflow conditions while maintaining the same pressure outlets 

in bifurcation ‘B’, similar to simplified bifurcations, it was found that high 
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inflow reduces the CFL thickness and increases asymmetry, whereas low 

inflow enlarges the CFL and restores near-symmetric RBC distribution. 

Plasma skimming remains a common mechanism, directing the RBC-rich 

region into the higher-flow branches; however, the degree of skewing and its 

persistence downstream are far greater in realistic bifurcations. These 

observations underscore that realistic bifurcations capture complex geometry-

driven interactions, such as shear gradients and lift forces. (Chapters 3&4) 

• Boundary conditions strongly influence the haemodynamics in bifurcation ‘C’. 

The identical pressure outlet model, though non-physiological, is valuable for 

isolating geometric effects and establishing a baseline. However, it creates 

non-physiological patterns, with proximal branches dominating perfusion and 

distal branches under-supplied. This imbalance elevates WSS locally and 

exaggerates plasma skimming. Conversely, diameter-based outlets reduce ΔP 

and ΔP/L, promote uniform flow, and distribute shear forces more evenly. The 

collateral inlet model further enhances robustness by introducing redundancy 

and mitigating perfusion deficits. These findings show that while identical 

pressure outlets aid controlled comparisons, realistic conditions are essential 

for capturing adaptive strategies such as energy optimisation and shear 

regulation. (Chapter 4) 

• The non-planar, tortuous geometries of arteriolar bifurcations (20 µm) are 

representative of the small, convoluted arterioles that form the essential micro-

scale components of the control testicular network. The control network (89 

µm) is described as a long, deep, multi-branched system designed for 

volumetric perfusion, and its function is achieved by these micro-scale 

structures. Conversely, the atrophic network (48 µm) remains confined to the 

surface, with markedly shorter branches and reduced complexity. This 

structural complexity ensures efficient distribution of flow and oxygen 

delivery, supported by mechanisms such as plasma skimming and CFL 

formation. In contrast, the atrophic network exhibits markedly reduced 

branching depth and length, confining perfusion to superficial regions and 

limiting haemodynamic adaptability. Despite similar terminal diameters, the 

loss of hierarchical branching compromises vascular resistance regulation and 



 

192 
 

shear distribution, reinforcing the functional importance of upstream geometry 

in maintaining microvascular efficiency. (Chapter 4&5) 

• The multi-phase, multi-component simulations of arteriolar bifurcations and 

the atrophied network reveal consistent haemodynamic behaviours, including 

RBC-rich skewing towards the inner walls and asymmetric CFL formation, as 

observed in simplified bifurcations. However, the atrophy reveals complex 

network-level phenomena, such as asymmetry being preserved over short 

inter-bifurcation distances or even reversing (skewing to the outer wall) due to 

a higher-flow dynamics. This asymmetric CFL reduced the WSS and pressure 

drop compared to the single-phase model. Despite these magnitude differences, 

both models predicted similar spatial patterns of WSS and P. This spatial 

agreement is the key finding that supports the use of the computationally 

efficient single-phase model [267, 334] as a reliable tool for a preliminary 

comparative analysis, to distinguish the patterns of blood flow between the 

control and atrophy networks. (Chapter 4&5) 

• The numerical single-phase model provides a mechanistic perspective for how 

the vascular architecture achieves its function, surpassing the limitations of 

conventional experimental studies that primarily on anatomical observation. 

The simulation’s ability to resolve pressure drop locally versus globally is a 

key finding. High global P in long distal branches to slow flow for capillary 

exchange, while maintaining a low local resistance (P/L) to dissipate pressure 

at a constant, effective rate. This local-level insight is also pivotal for WSS. 

While in vivo methods might identify a WSS pattern, the CFD model explains 

why it exists. For example, the high WSS values in region ‘’ identifies its 

cause (a high shear gradient driven by high flow through a constriction), while 

simultaneously explaining why other high-flow (region ‘’) or constricted 

(region ‘’) areas do not experience peak WSS. (Chapter 5) 

• Assuming a physiologically based diameter-dependent outlet flow in both 

networks, the single-phase CFD model reveals that the difference between 

control and atrophied testes is not simply a matter of scale but a fundamental 

divergence in haemodynamic architecture. The control system features a low-

resistance trunk to supply high-resistance distal branches, resulting in low 
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trunk WSS and high distal WSS. Conversely, the atrophied network’s high 

distal resistance (P/L) is reflected proximally, creating an inefficient, high-

resistance trunk. This causes a complete reversal of the WSS pattern, with high 

WSS in the trunk and low WSS in the distal branches. For biology, this 

provides a mechanistic insight into testicular atrophy as a systemic failure of 

flow regulation. For computational science, despite its simplicity, the single-

phase model matched the spatial haemodynamic patterns of the multi-phase, 

multi-component simulation, confirming its reliability and efficiency for this 

comparative analysis. (Chapter 5) 

• In this thesis, modelling vascular bifurcations at different scales requires 

distinct approaches. In the microvascular testicular network, low Reynolds 

numbers (Re ~0.143) justify steady-state, laminar, and particulate nature of 

blood. The multi-phase, multi-component model is essential to capture the CFL 

formation and plasma skimming. The single-phase model is proved to be a 

practical tool for comparative analysis between control and atrophy. 

Conversely, the macrovascular pulmonary artery bifurcation (Re ~1040), 

required an unsteady turbulence model and a pulsatile inlet waveform to 

simulate cardiac-driven flow. Here, the single-phase model was sufficient to 

resolve transient flow structures and quantify TAWSS or secondary flow. 

(Chapter 5&6) 

• This study revealed that distinguishing Turner Syndrome (TS) from healthy 

patients based on morphology and TAWSS is challenging due to overlapping 

features. Healthy models varied from symmetric (H3, H5) to more complex 

geometries (H1, H2), while TS1–TS3 appeared morphologically typical. TS5 

was the only case with a clear structural anomaly, characterised by a crisscross 

vessel origin and disproportionate branch sizes, which led to highly 

asymmetric flow and elevated TAWSS in the RPA. TAWSS distributions 

across both cohorts showed two dominant patterns, localised stress at the 

bifurcation and diffused stress along branch walls, driven by arterial curvature. 

For example, TS2 and H4 both exhibited diffused stress along the outer walls, 

highlighting how subtle anatomical differences can produce overlapping 

haemodynamic signatures. 
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• The velocity analysis revealed both convergence and divergence in flow 

behaviour between healthy and TS cohorts, complicating diagnostic clarity. 

Healthy subjects showed consistent laminar flow at peak systole and 

predictable vortex development during deceleration and diastole. TS5, 

however, demonstrated a clear pathological signature, with skewed and chaotic 

flow due to its crisscross anatomy. However, TS2 presented a diagnostic 

challenge, as its RPA flow closely mirrored that of the healthy model H4, with 

similar swirling patterns. Differences emerged only in the LPA, where TS2 

exhibited more defined vortex pairs.  

 

7.3 Limitations and future works 

The primary limitation of this study is the lack of direct experimental validation, which 

is necessary to fully confirm the model’s accuracy. Although our simulations 

reproduce hemodynamic trends consistent with previous findings, the absence of a 

one-to-one comparison with physical experiments means these results are primarily a 

theoretical exploration. Moreover, the current assessment of non-Newtonian 

properties is limited by its focus on a single 20 µm tube, which prevents a 

comprehensive analysis of diameter-dependent rheology. The current assessment of 

non-Newtonian properties is limited by its focus on a single 20 µm tube, which 

prevents a comprehensive analysis of diameter-dependent rheology. 

A key limitation is its visual output, which shows a smooth, diffuse gradient between 

the RBC-rich core and the plasma due to grid-based averaging. This contrasts with the 

distinct, sharp separation seen in real red blood cells, but it does not undermine the 

robustness of the model’s underlying haemodynamic predictions. Future work could 

employ a Lagrangian–Eulerian model to overcome the visual limitations of the current 

approach by simulating RBCs as discrete particles, thus capturing sharp, physically 

realistic interfaces [226, 227]. This approach allows for detailed tracking of cell 

migration and dispersion, offering a direct performance comparison to the current 

model. Despite these advantages, the existing Eulerian model remains attractive for its 

computational efficiency in large-scale applications. 
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The model’s primary limitation is its neglect of RBCs deformability and aggregation, 

which are crucial for microscale accuracy despite its success in capturing the bulk flow 

phenomena. These features significantly impact the local viscosity and the CFL 

thickness, so future work should incorporate them to better simulate pathological 

conditions where these effects are pronounced [11, 64, 65]. 

Another limitation of the current study is its assumption of a symmetric CFL, so future 

work should incorporate more realistic asymmetric upstream conditions. Since an 

RBC’s path is determined by its initial radial position, simulating a non-uniform 

haematocrit distribution would allow for a more accurate investigation of downstream 

partitioning. This would also clarify how heterogeneous flow conditions contribute to 

pathologies. 

To advance the model from a fluid dynamics tool to a comprehensive physiological 

one, it is imperative to incorporate the transport of oxygen and nitric oxide (NO) [228-

230]. Modelling these species is critical because their bioavailability, which is 

influenced by flow, haematocrit, and the CFL, directly links haemodynamics to 

cellular function. This enhancement will enable the study of key biochemical 

responses in health and disease, such as tissue oxygenation and vascular dysfunction.  

To advance beyond the current model’s fixed pressure outlets, future work will 

incorporate physiological autoregulation by dynamically adjusting vessel diameters. 

This will be based on simulated haemodynamic parameters to mimic both the pressure-

induced myogenic response and local metabolic signalling [252, 254, 255].  

For realistic bifurcated arterioles, this study is limited to a few specific geometries, 

which may not be representative of the full testicular network. Future work should 

therefore involve reconstructing a larger number of bifurcations (10–20). Extending 

these models to connect with venules would also allow for the representation of a wider 

range of capillary types. To more accurately reflect testicular function, the model must 

account for temperature regulation, a critical process for spermatogenesis [24, 265, 

266]. Therefore, a key area of future work is to address this current limitation by 

incorporating a temperature model into the simulation. 
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For the large, complex testicular arterial network, a significant limitation of the single-

phase model, confirmed by comparison with the multi-phase, multi-component 

simulations, is its overestimation of crucial haemodynamic parameters including 

velocity and WSS. To improve the single-phase model, a carefully validated wall slip 

could be added to simulate the near-wall slip velocity of the CFL. For the multi-phase 

model, future work requires improving the meshing to handle large, complex 

networks. This approach is difficult because the testicular arteries require a high mesh 

density to ensure the prismatic layer thickness is greater than the CFL. 

Finally, in pulmonary studies, the primary limitations are the small and notably diverse 

patient sample, which limits generalisability despite yielding important individual case 

insights. The analysis also relied on necessary modelling assumptions, including rigid 

vessel walls and the absence of a pulmonary valve. To build upon this foundational 

work, future research will require larger, multi-site studies with stratified patient 

cohorts to confirm these results and better isolate the specific haemodynamic 

consequences of conditions like PAPVR in Turner Syndrome. 
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 8.Appendix A 

Supplementary material for Chapter 2 

A.1 Mesh independence analysis. 

A mesh independence study was performed on the 20-m symmetric bifurcation. This 

analysis was conducted using a single-phase, Newtonian laminar flow model with an 

inlet velocity of 1.1 mm/s. The parameters including cell-based size, number of prism 

layers and PLTT (prism layer total thickness) were varied as listed in Table A.1. Other 

meshing parameters were constant, including a relative surface size of 200%, 

minimum surface size of 10%, surface growth rate of 1.2, prism layer stretching of 1.1, 

volume growth rate of 1.2 and maximum Tet size of 100%. Based on the results (Fig. 

A.1), an optimal mesh with a base size of 8x10⁻⁷ m and 20 prism layers was chosen 

for subsequent analysis. 

 

Figure A.1: Mesh independence based on maximum velocity. 

 

Table A.1: Mesh parameter variation for a mesh independence analysis. 

Based size (m) No. PL PLTT (m) No. cell Max. 𝒖𝒃𝒖𝒍𝒌 (m/s) 

6x10-7 20 5x10-6 865478 2.18x10-3 

7x10-7 20 5x10-6 610292 2.18x10-3 

8x10-7 20 5x10-6 559764 2.18x10-3 

1x10-7 10 2x10-6 330104 2.16x10-3 

1x10-5 3 1x10-6 113378 2.01x10-3 

5x10-5 3 1x10-6 8645 1.23x10-3 

1x10-4 3 1x10-6 3001 8.63x10-4 
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A.2 Velocity distribution 

 

Figure A.2: Velocity profile of the RBC-rich and plasma phases at 1P of the parent 

vessel. (A) Volume fraction of the RBC-rich phase (𝜶𝑹𝑩𝑪−𝒓𝒊𝒄𝒉) distribution on the 

cross-sectional plane. It is used to define the RBC-rich core region, where 

𝜶𝑹𝑩𝑪−𝒓𝒊𝒄𝒉>0.5, and the CFL region, where 𝜶𝑹𝑩𝑪−𝒓𝒊𝒄𝒉 <0.05. The inner dashed circle 

delineates the boundary of the RBC-rich core region, and the CFL region is the area 

external to the outer dashed circle, extending to the vessel wall. (B) Velocity 

distribution of the plasma phase. (C, D) Volume fraction of the RBC-rich phase and 

velocity profile along the white dashed line in (A) and (B), respectively. The CFL 

thickness (CFL) corresponds to the CFL region along the white line. 

 

 

Figure A.3: Vector patterns of the RBC-rich region and plasma velocities, indicating 

that the flow is mostly parallel to the tube. The black line represents the slip velocity 

profile. The white lines represent the velocity vector, which paralleled to the axis. 
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A.3 The boundary and initial conditions for various scale. 

Inlet boundary conditions were defined based on vessel scale. A pseudo shear rate 

(PSR = U/D) of 60 s⁻¹ was imposed on the plasma-RBC component velocity 

(𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ ) for symmetric bifurcations with diameters of 20 µm, 200 µm, 1 mm, 

resulting in 𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ of 1.2×10⁻³, 1.2×10⁻² and 6.0×10⁻² mm/s, respectively (Table 

A.2). The initial pure plasma component velocity (𝑢𝑝𝑙𝑎𝑠𝑚𝑎 ) was assigned slightly 

lower than that of RBC-rich core; and, the bulk velocity (𝑢𝑏𝑢𝑙𝑘) was calculated using: 

𝑢𝑏𝑢𝑙𝑘 =  𝑢𝑅𝐵𝐶−𝑟𝑖𝑐ℎ𝛼𝑅𝐵𝐶−𝑟𝑖𝑐ℎ +  𝑢𝑝𝑙𝑎𝑠𝑚𝑎𝛼𝑝𝑙𝑎𝑠𝑚𝑎 . The PSR for the bulk velocity 

values listed in Table A.2 correspond to RBC-rich velocities within the 55–60 s⁻¹ 

range. The initial CFL was assumed at 1.4 m for all cases. 

The densities for the 200-µm and 1-mm bifurcations were kept consistent with the 20-

µm case, and apparent viscosity was maintained across all diameters. Plasma viscosity 

was fixed at 1.3 mPa·s, and RBC-rich phase viscosity was adjusted using Eq. 2.18, as 

shown in Table A.3. 

 

Table A.2: Boundary conditions in the scaled bifurcations. 

 
𝒖𝒃𝒖𝒍𝒌 

(m/s) 

𝒖𝑹𝑩𝑪−𝒓𝒊𝒄𝒉 

(m/s) 

𝒖𝒑𝒍𝒂𝒔𝒎𝒂 

(m/s) 

PSR 

(s-1) 

Pressure outlet 

(Pa) (mmHg) 

20 mm 1.1x10-3 1.2x10-3 8.0x10-4 55 6666.12 50 

200 mm 1.2x10-2 1.2x10-2 8.0x10-3 60 6666.12 50 

1 mm 6.0x10-2 6.0x10-2 5.6x10-2 60 15998.7 120 

 

Table A.3: Properties in the scaled bifurcations. 

 
𝝁𝒂𝒑𝒑 

(mPas) 
𝝁𝑹𝑩𝑪−𝒓𝒊𝒄𝒉 

(mPas) 
𝝁𝒑𝒍𝒂𝒔𝒎𝒂 

(mPas) 
𝝆𝒃𝒖𝒍𝒌 
(g/cm3) 

𝝆𝑹𝑩𝑪−𝒓𝒊𝒄𝒉 
(g/cm3) 

𝝆𝒑𝒍𝒂𝒔𝒎𝒂 

(g/cm3) 
20 m 2.90 3.45 1.3 1.060 1.125 1.025 

200 m 2.80 2.85 1.3 1.060 1.125 1.025 

1 mm 2.88 2.88 1.3 1.060 1.125 1.025 
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A.4 The methods for non-Newtonian viscosity investigations 

The computational domain was a three-dimensional straight tube of 20 µm diameter 

and 400 µm length. All EMP settings followed Chapter 2, except for the initial and 

boundary conditions, which were adjusted to examine the effects of feeding 

haematocrit, inflow rate, and two intrinsic pseudo-solid viscosities (3.45 and 6.50 

mPa·s). The HF was set to 55%, 44%, 18% and 1%, with corresponding CFL 

thicknesses of 1.0, 1.4, 1.8, 3.3 and 5.0 µm, respectively. This range covered 

physiological norms (~44%) and haemotological disorders [237], as well as very dilute 

condition (1%) used in certain in vitro protocols [73]. The PSR lied within the 

physiological range for 20 µm microvessels, at 1 - 380 s-1 [89, 199]. Choosing pseudo-

viscosity is based on the general blood viscosity (3.45 mPa-s) and cytoplasmic 

viscosity (6.5 mPa-s) [335]. 

Fig. A.4 outlined the data fitting with viscosity models. The apparent viscosity and 

discharge haematocrit were organised into μeff -PSR data and μeff -HD pairs and 

subsequently fitted to the rheological models specified in Table A.4. A non-linear 

least-squares method (lsqcurvefit) in MATLAB, informed by data-driven initial 

values, was employed for the Casson and Carreau-Yasuda models. In contrast, the 

Power-law model was linearised via logarithmic transformation and fitted using a 

linear polynomial function (polyfit). The performance of each optimised model was 

then quantitatively assessed by calculating the coefficient of determination (R²). 
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Figure A.4: Flow chart of curve fitting. 

 

Table A.4: Chosen rheological models. 

Constitutive equations governing Model parameters Initial 

guess 

Power-law 

𝜇(𝛾) = 𝐾𝛾𝑛−1 

  

 

𝐾 consistency (Pa·sⁿ) 

𝑛 index 

 

- 

- 

Casson 

𝜇(𝛾) = (
√𝜏0

√𝛾
+ √𝜇𝑝)

2

 
 

 

𝜏0 Yield Stress (Pa) 

𝜇𝑝 High shear viscosity (Pa·s) 

 

1x10-4 

5x10-4 

Carreau-Yasuda 

𝜇(𝛾) 

= 𝜇∞ + (𝜇0 − 𝜇∞)[1 + (𝜆𝛾)𝛼](𝑛−1)/𝛼 

  

 

𝜇0 Zero shear viscosity (Pa·s) 

𝜇∞ Infinite shear viscosity (Pa·s) 

𝜆 Time constant (s) 

𝑛 Power-law index 

𝛼 Transition sharpness 

 

Lower 

Upper 

1 

0.6 

2  

Note: The Lower and Upper received from the set of μeff from the multi-phase multi-

component model. The initial guess values are roughly estimated based on known 

rheological ranges for blood. 
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A.5 The results for non-Newtonian viscosity investigations 

In the Power-law model, the flow behaviour index (𝑛) remained below unity for all 

cases (Table A.5), confirming the shear-thinning response, with a slight tendency 

towards more Newtonian behaviour at the lowest HF (𝑛≈0.94). The Casson model 

demonstrated that the fluid’s rheological properties were directly proportional to the 

HF. Decreasing the haematocrit consistently lowered both the yield stress (𝜏0) and the 

plastic viscosity (𝜇𝑝). For instance, at the pseudo-solid viscosity of 3.4 mPa·s, 𝜏0 

dropped from 0.50 to 0.13 mPa, while 𝜇𝑝  fell from 3.65 to 1.16 mPa·s. This was 

physically expected, as τ0 represented the force to break RBC rouleaux network at rest, 

and 𝜇𝑝  reflected high-shear viscosity. Furthermore, the Carreau-Yasuda model 

suggested that viscosity was highly dependent on HF. Both zero-shear (𝜇0 ) and 

infinite-shear (𝜇∞) viscosities decreased as haematocrit was reduced. For example, in 

the pseudo-solid viscosity of 3.4 mPa·s, 𝜇0 decreased from 4.84 to 1.58 mPa·s while 

𝜇∞  dropped from 3.45 to 1.14 mPa·s (Table A.5). The decrease in μ0 with lower 

haematocrit reflected the reduced formation of RBC aggregates (rouleaux) at rest. At 

very high shear rates, the drop in 𝜇∞ occurred because of the low RBC fraction to 

generate flow resistance. 

Table A.5: Rheological model fits. 

  𝛍𝐑𝐁𝐂−𝐫𝐢𝐜𝐡 =3.4   𝛍𝐑𝐁𝐂−𝐫𝐢𝐜𝐡 =6.5 

HF 55% 44% 18% 1%  55% 44% 18% 1% 

Power-Law  

𝐾 (mPa·sⁿ) 2.96 2.66 1.89 0.88  5.50 4.92 3.54 1.67 

𝑛  0.92 0.91 0.88 0.94  0.93 0.92 0.89 0.94 

R² 0.92 0.97 0.99 0.95  0.92 0.97 0.99 0.99 

Casson 

𝜏0 (mPa) 0.50 0.58 0.78 0.13  0.33 0.38 0.46 0.06 

𝜇𝑝 (mPa·s) 3.65 3.08 1.77 1.16  1.87 1.58 0.90 0.62 

R² 0.82 0.90 0.95 0.98  0.83 0.91 0.96 0.95 

Carreau–Yasuda 

𝜇∞ (mPa·s) 1.78 1.43 0.90 0.59  3.47 2.98 1.73 1.14 

𝜇0 (mPa·s) 2.57 2.40 1.59 0.88  4.84 4.30 2.98 1.58 

𝜆 (s) 0.02 0.07 0.05 0.15  0.02 0.03 0.04 0.09 

𝑛  0.10 0.50 0.10 0.50  0.10 0.10 0.10 0.37 

𝛼  2.00 1.25 2.00 1.00  2.00 2.00 2.00 1.64 

R² 0.98 0.98 1.00 0.96   0.98 1.00 1.00 1.00 
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Figure A.5: Curve fitting of effective viscosity to pseudo shear rate (PSR = U/D) from 

the multi-phase, multi-component model. (A, B) Power-Law model. (C, D) Casson 

model. (E, F) Carreau Yasuda model for pseudo-solid viscosity of 3.45 and 6.50 

mPa·s. 
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Figure A.6: Influence of haematocrit. (A) viscosity and (B) CFL dynamics with 

varying discharge haematocrit for pseudo-solid viscosities of 3.45 and 6.50 mPa·s. 
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A.6 Impact of CFL eccentricity on shear rate, viscosity, and WSS  

 

Figure A.7: Local rheology and flow dynamics. (A) Spatial distribution along the 

inner wall of WSS, volume fraction of plasma component, effective viscosity and shear 

rate. (B) Normalised profiles of these parameters relative to their maximum values, on 

the white dashed line in Fig. A.7. (C) Conceptual illustration showing that increased 

CFL thickness lowers near-wall effective viscosity and elevates near-wall shear rate 

during 0D to 2D. 
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Appendix B 

Supplementary material for Chapter 3 

 

B.1 Hydrodynamic forces in variation of feeding haematocrit 

 

Figure B.1: Hydrodynamic forces including (A) slip velocity, (B) vorticity and (C) 

lift force in the symmetric bifurcation with different feeding haematocrit. 
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Figure B.1: Hydrodynamic forces including (A) slip velocity, (B) vorticity and (C) 

lift force in the symmetric bifurcation with different feeding haematocrit (continued). 
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B.2 Hydrodynamic forces in variation of inflow 

 

 

Figure B.2: Hydrodynamic forces including (A) Slip velocity, (B) vorticity and (C) 

lift force in the symmetric bifurcation with different inflow. 
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Figure B.2: Hydrodynamic forces including (A) Slip velocity, (B) vorticity and (C) 

lift force in the symmetric bifurcation with different inflow (continued). 

 

 

 

 

 

 

  



 

210 
 

B.3 Dividing streamline 

The dividing streamline is the boundary that separates fluid destined for each daughter 

branch. It ends at the stagnation point, the location where flow impinges on the wall 

and velocity becomes zero (Fig. B.3A). While the true streamline typically curves near 

the bifurcation to meet this point, in this study, we use a straight dashed pink line (Fig. 

B.3B) as a simplified geometrical projection. The benefit of this common visualisation 

is that it clearly demonstrates our key finding: the eccentric origin of this streamline in 

the parent branch.  

 

 

Figure B.3: Visualisation of dividing streamline. (A) Actual streamline curvature 

approaching the stagnation point. (B) Common simplified depiction (pink dashed line) showing 

its shift toward the low-flow branch under flow imbalance, highlighting the eccentric origin of the 

streamline. 
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B.4 Hydrodynamic forces in variation of biased outflow 

 

 

Figure B.4: Slip velocity, vorticity of plasma phase and lift force in the symmetric 

bifurcation with unbalanced outflow (Q2/Q1=0.2) compared to baseline. 
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B.5 Hydrodynamic forces in variation of asymmetric diameter 

bifurcation 

 

 

Figure B.5: Slip velocity, vorticity of plasma phase and lift force in the asymmetric 

diameter bifurcation (d2=0.7d1). 
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B.6 Hydrodynamic forces in variation of inter-bifurcation distance 

 

 

 

Figure B.6: Slip velocity, vorticity of plasma phase and lift force in the networks 

with different inter-bifurcation distance. 

 

 

  



 

214 
 

 9. Appendix C 

Supplementary material for Chapter 4 

 

C.1 Meshing independence analysis. 

A mesh independence study was performed on the bifurcation ‘B’, the 20-m testicular 

bifurcation. This analysis was conducted using a single-phase, Newtonian laminar 

flow model with an inlet velocity of 1.0 mm/s. The parameters including cell-based 

size, number of prism layers and PLTT (prism layer total thickness) were varied as 

listed in Table C.1. Other meshing parameters were constant, including a relative 

surface size of 200%, minimum surface size of 10%, surface growth rate of 1.2, prism 

layer stretching of 1.1, volume growth rate of 1.2 and maximum Tet size of 100%. 

Based on the results (Fig. C.1), an optimal mesh with a base size of 8.5x10⁻⁷ m and 30 

prism layers was chosen for subsequent analysis. The height of the 1st mesh layer was 

3.08x10-8 m, which is lower than the theorical value of 5.75x10-8 m (see meshing 

section in Chapter 2). For bifurcations ‘A’ and ‘C’, mesh independence was not 

separately verified. The meshing relied on parameters consistent with bifurcation ‘B’, 

adopting a similar height for the first layer 

 

Figure C.1: Mesh independence based on maximum velocity on the bifurcation ‘B’. 
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Table C.1: Mesh parameter variation for a mesh independence analysis of 

bifurcation ‘B’. 

Based size (m) No. PL PLTT (m) No. cell Max. 𝒖𝒃𝒖𝒍𝒌 (m/s) 

4.3x10-7 20 8.5x10-6 2531831 1.99x10-3 

8.5x10-7 25 8.5x10-6 778813 1.97x10-3 

8.5x10-7 30 8.5x10-6 925622 1.99x10-3 

3.4x10-6 20 4.3x10-6 518475 1.95x10-3 

4.3x10-6 10 2.1x10-6 281489 1.92x10-3 

3.4x10-5 5 4.3x10-7 29382 1.60x10-3 

4.3x10-5 3 2.1x10-7 14710 1.39x10-3 

Note: PL and PLTT stand for prism layer and prism layer total thickness, 

respectively.  
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C.2 Multi-phase, multi-component models on engineered capillary 

The complexity of replicating functional vasculature in engineered constructs remains 

a major barrier to advancing tissue engineering, as current designs fail to establish a 

robust link between haemodynamics and biological outcomes. This limitation restricts 

construct size to below the cm² scale and compromises perfusion efficiency. To 

address this, the present study explores whether a multi-phase, multi-component 

model can accurately predict haematocrit behaviour and improve physiological 

relevance in engineered networks. 

The model was applied to bio-artificial microvascular networks fabricated by culturing 

human umbilical vein endothelial cells (HUVECs) in collagen hydrogels. Two-

dimensional images of the capillary networks, provided by Laure Vidal-Roussel were 

processed to reconstruct the vascular geometry for simulation. Meshing and Eulerian 

Multiphase (EMP) parameters followed the methodology outlined in Chapter 2, 

enabling the model to represent RBC-rich and plasma phases under laminar, time-

dependent conditions. 

Preliminary simulations on two capillary structures (Fig. C.3–C.4) successfully 

captured key haemodynamic parameters, including the spatial distribution of the RBC-

rich component and WSS profiles, and hydrodynamic forces. These findings confirm 

the capability of the multi-phase, multi-component model to resolve microvascular 

flow behaviour under identical pressure outlet conditions. The next step will involve 

implementing diameter-based pressure outlet boundaries to achieve a more 

physiologically accurate representation of flow regulation and pressure gradients. 
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Figure C.2: Workflow for reconstructing vascular geometry from 2D imaging data. 
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Figure C3.: Preliminary haemodynamic data of the capillary model 1. 
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Figure C4.: Preliminary haemodynamic data of the capillary model 2. 
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 10. Appendix D 

Supplementary material for Chapter 5 

D.1 Meshing independence analysis. 

A mesh independence analysis was performed for testis control (89 m) and atrophy 

(48 m), applying a Newtonian laminar flow model with inlet velocities of 6.0 mm/s 

and 1.0 mm/s, respectively. For the testis control, parameter variations are provided in 

Table D.1, while the fixed parameters consisted of PLTT (prism layer total thickness) 

at 33%, volume growth rate at 1.3, surface growth rate at 1.3, and prism layer 

stretching at 1.3. For the testis atrophy, the PLTT (33%) and volume growth rate (1.3) 

were fixed, whilst other parameters were varied as shown in Table D.2. 

As shown in Fig. D.1 and D.2, the suitable meshed selected for further analysis 

consisted of 3.7 million (control) and 1.9 million (atrophy) cells. The first mesh layer 

height (Δ𝑦1) of these meshes was 3.82x10-8 and 3.53x10-8 m, which were shorter than 

the theoretical values (3.4x10-7 and 5.7x10-8 m, respectively) calculated using the 

viscous sublayer thickness equation: 

Δ𝑦1 =
𝜇𝑦+

𝜌𝑈𝑇
;     𝑈𝑇 = √𝑤𝑠𝑠/𝜌;    𝑦+ =  𝑈+ = 𝑈/𝑈𝑇.  

,where the 𝜇 , 𝑤𝑠𝑠  and 𝜌  was 0.00345 Pas, 60 dyn/cm3 [43] and 1060 kg/m3, 

respectively.   
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Figure D.1: Mesh independence based on maximum velocity on the testis control. 

 

 

 

Figure D.2: Mesh independence based on maximum velocity on the testis atrophy. 
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Table D.1: Mesh parameter variation for a mesh independence analysis of testis 

control. 

Based size 

(m) 

Target 

surface 

size (%) 

No. 

PL 

PLTT 

(%) 

No. cell Max.𝒖𝒃𝒖𝒍𝒌  (m/s) 

6.18x10-7 500 7 100 4692345 1.2000 x10-2 

6.66x10-7 500 7 100 3745527 1.2000 x10-2 

8.56x10-7 500 7 100 2391666 1.1985 x10-2 

8.56x10-6 500 5 33 1024681 1.1962 x10-2 

8.56x10-6 500 3 10 725435 1.1962 x10-2 

8.56x10-6 100 2 10 581499 1.1958 x10-2 

Note: PL and PLTT stand for prism layer and prism layer total thickness, 

respectively. The percentage value is relative to based size. 

 

Table D.2: Mesh parameter variation for a mesh independence analysis of testis 

atrophy. 

Based size 

(m) 

Target 

surface 

size (%) 

Surface 

growth 

No. 

PL 

PL-

stretching 

No. cell Max.𝒖𝒃𝒖𝒍𝒌  

(m/s) 

1.35x10-6 100 1.3 5 1.2 4424066 1.98x10-3 

1.35x10-6 150 1.1 6 1.3 1909837 1.97x10-3 

1.35x10-6 200 1.1 7 1.2 1352748 1.97x10-3 

2.03x10-6 150 1.1 6 1.3 954744 1.93x10-3 

2.70x10-6 200 1.1 7 1.2 599151 1.91x10-3 

1.35x10-4 150 1.1 2 1.3 14176 1.74x10-3 

Note: PL and PLTT stand for prism layer and prism layer total thickness, 

respectively. The percentage value is relative to based size. 
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 11. Appendix E 

Supplementary material for Chapter 6 

E.1 Meshing independence analysis. 

A mesh independence analysis was performed for pulmonary artery TS1, applying a 

Newtonian laminar flow model with inlet velocities of 1.5 m/s. parameter variations 

are provided in Table E.1, while the fixed parameters consisted of surface growth rate 

of 1.1, prism layer stretching of 1.2 and volume growth rate of 1.2. 

As shown in Fig. E.1, the suitable meshed selected for further analysis consisted of 0.5 

million cells. The first mesh layer height (Δ𝑦1) of these meshes was 4.67x10-5 m, 

which were shorter than the theoretical values (1.5x10-4 m, respectively) calculated 

using the viscous sublayer thickness equation as mentioned in Appendix D.1. The 

WSS used to calculate the Δ𝑦1 is 4 dyn/cm2 for MPA in healthy control [321]. 

 

 

Figure E.1: Mesh independence based on maximum velocity on pulmonary artery 

TS1. 
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Table E.1: Mesh parameter variation for a mesh independence analysis of pulmonary 

artery TS1. 

Based size (m) Target 

surface 

size (%) 

No. 

PL 

PLTT 

(%) 

No. cell Max.𝒖𝒃𝒖𝒍𝒌  (m/s) 

3.0x10-4 200 7 100 1193438 0.209 

6.0 x10-4 200 7 100 518803 0.209 

8.0 x10-4 1000 7 100 446997 0.208 

4.0 x10-3 200 3 10 166585 0.200 

8.0 x10-2 200 2 1 1534 0.176 

Note: PL and PLTT stand for prism layer and prism layer total thickness, 

respectively. The percentage value is relative to based size. 
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