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I. Abstract  

 

Trauma conditions affecting the microvasculature in humans such as Acute 

Compartment Syndrome (ACS) lack reliable and fast diagnosis methods. Advances 

in “Lab-on-a-chip” technology through the use of microfluidics have allowed for in 

vitro models of microvascular dysfunction and collapse to be created. Their design is 

complex, with variables such as biological compatibility, geometry, and the ability of 

the hydrodynamics to be experimentally measured at the microscale competing with 

the creation of a design that maintains physiological relevance.  

Various microfluidic models of blood vessels and blood vessel networks were 

developed to investigate the effect of microvascular collapse on wall shear stress 

using soft lithography methods and PDMS. The flow within the models over a 

physiologically relevant range of applied upstream pressures 2000 to 4700 Pa was 

measured using Ghost Particle Velocimetry (GPV), an optical method. Changes in 

wall shear stress are known to affect cell behaviour which could be used in creating 

diagnostic criteria for conditions such as ACS. It was found that small changes in the 

geometric design, using models with channel widths of 200, 300 and 400 μm, could 

be used to mimic the resistance changes seen as the microvasculature collapses 

and mimic shear stress ranges seen in vivo, 1-9.5 Pa in the 200 μm model. Flows 

within the models had Reynolds numbers of 1-23 in the non-stenosed region and a 

maximum of 38 in the stenotic region at the highest pressure, 4700 Pa. Increased 

resistance to flow was observed when a stenosis, an area of decreased cross-

sectional area, is incorporated into the design mimicking increased resistance in the 

channel during collapse, at the physiologically relevant pressures of 2000, 3200 and 
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4700 Pa. Using ANSYS Fluent, laminar steady-state Computational Fluid Dynamics 

(CFD) models were created to replicate the experiments and were validated using 

GPV data and via analytical solutions, supporting claims of increasing resistance, 

decreasing flow rate and detecting a peak range in wall shear stress.   

Experimental models incorporating side branches following Murray’s law, side 

branching with one branch at 45° from the main channel and even branching, where 

the main channel branches into two channels both at 45° to the main channel; were 

found to increase resistance further and display variation of shear stress in different 

locations within the device, with values of 0.1-3.5 Pa at Reynolds numbers of 0.3-1. 

These branched models also mimicked shear stress ranges seen in vivo, creating 

suitable models for studying cell behaviour under physiologically relevant conditions. 

Models with deformable side walls, controlled by fluid bladders (referred to as 

micropumps) on the sides of the channel, were created through modification of the 

initial 200 μm designs using a 25:1 ratio of PDMS base to curing agent. Additionally, 

the inclusion of micropumps into the device design allowed for dynamic studies of up 

to 100% deformation of the channel width at the point of maximum stenosis. These 

models highlighted how the channel cross-section affects the in vitro resistance 

increase and the resultant shear stress ranges, maintaining suitable shear stress 

values for the study of cell behaviour, 0.3-2.4 Pa at flows with Reynolds numbers of 

0.02-0.06. 

  

 

 

 



4 
 

II. Acknowledgements 

 

Firstly, I would like to thank the EPSRC for funding my research and giving me the 

opportunity to conduct this study through the PREMIERE Programme Grant and the 

University of Birmingham Doctoral Training Grant.  

To my supervisors: Prof. Mark Simmons, Dr. Nina Kovalchuk, Dr. Zoe Schofield and 

Dr. Pranav Vasanthi Bathrinarayanan, I would like to thank you for your support, 

guidance and patience with me throughout this project. For answering all my 

questions at any time and diving through my many spreadsheets and documents to 

get to where my tangent started. I really appreciate your direction, ideas and the 

opportunities you have given to me. It has been an honour and a privilege to work in 

such a vastly talented and multidisciplinary team. Also thank you to Ryan Jones, for 

all your support both in the lab, clean room and emotionally. 

To my family, without your ongoing encouragement of education and good moral 

values throughout my life this would not have been possible. Thank you for your love, 

support, for always being at the other end of the phone and never faltering belief that 

this was achievable for me. To my friends, of which there are too many to mention by 

name, thank you immensely for your support. From bringing me emergency support 

biscuits, ESBs, cooking me meals at busy periods, listening to my rants and 

encouraging words and advice. For every drink shared at the Goose and every train 

journey to see one another across the country. I couldn’t have done it without you.  

 

 



5 
 

Table of Contents 
I. Abstract ................................................................................................................ 2 

II. Acknowledgements.......................................................................................... 4 

III. List of Figures .................................................................................................. 9 

IV. List of Tables .................................................................................................. 14 

V. List of Acronyms ............................................................................................ 15 

VI. List of Equations ............................................................................................ 16 

VII. List of Symbols .............................................................................................. 18 

Chapter 1: Introduction .......................................................................................... 19 

1.1 Motivation ...................................................................................................... 20 

1.2 Scope ............................................................................................................ 21 

1.3 Aims and Objectives ...................................................................................... 22 

1.4 Thesis Structure ............................................................................................ 23 

Chapter 2: Review of the Literature ...................................................................... 25 

2.1  Medical Origins of Acute Compartment Syndrome, Diagnosis and 

Microvasculature ...................................................................................................... 26 

2.1.1 Cause and Pathophysiology .................................................................... 26 

2.1.2 Diagnosis ................................................................................................. 31 

2.1.3  Microvasculature ..................................................................................... 33 

2.2 In Vitro Microfluidics Models, Measurements and In Silico Modelling ............ 40 

2.2.1  Microtechnology and Lab-on-a-Chip ....................................................... 40 

2.2.2   Vascular Lab-on-a-Chip Models ............................................................. 44 

2.3 Microtechnology Applications for Replication of ACS Pathophysiology ......... 46 

2.4  Deformation and Blood Flow Models ............................................................. 57 

2.5  Models of Hydrodynamics in Microfluidics (in silico) ...................................... 60 

2.5.1  Shear Stress ............................................................................................ 63 

2.5.2  Numerical Models Including CFD ............................................................ 64 

2.6  Measurement Techniques .............................................................................. 67 

2.6.1 Ghost Particle Velocimetry ...................................................................... 69 

2.7  Conclusions ................................................................................................... 73 

Chapter 3: Materials and Methods ........................................................................ 75 

3.1 Fabrication of mould for microfluidic devices ................................................. 76 

3.1.1 Modification of Process for 50 µm Geometry ........................................... 81 

3.2 Production of PDMS Channel and Microfluidic Device .................................. 81 



6 
 

3.3 Tensile Testing of PDMS Compositions ......................................................... 83 

3.4  Geometries .................................................................................................... 85 

3.4.1 Straight Channel ...................................................................................... 85 

3.4.2 Fixed Short Stenosis ............................................................................... 86 

3.4.3  Long Stenosis .......................................................................................... 87 

3.4.4 Short Deformable Wall ............................................................................. 88 

3.4.5 Long Deformable Wall ................................................................................... 90 

3.4.6 Murray’s Law Branched Model ................................................................ 92 

3.4.7 Evenly Branched Model ........................................................................... 94 

3.4.8 Side Branch Model .................................................................................. 95 

3.4.9 Branched Deformable Model ................................................................... 96 

3.5  Cross-Sectional Area ..................................................................................... 97 

3.6  Microfluidic Rig Design for Flow Measurements ............................................ 98 

3.6.1   Microscope Set Up ................................................................................. 99 

3.6.2 Camera Settings ...................................................................................... 99 

3.6.3  Data Collection and Processing............................................................ 101 

3.6.4   Fiji-ImageJ Processing ......................................................................... 103 

3.6.5   PIVLab Processing ............................................................................... 103 

3.7  Characterisation of Microparticle Dispersion ............................................... 104 

3.8  Computational Fluid Dynamics .................................................................... 105 

3.8.1 Mesh ...................................................................................................... 106 

3.8.2 Boundary Conditions ............................................................................. 108 

3.8.3 Solver .................................................................................................... 108 

3.8.4 Mesh Independence .............................................................................. 110 

3.8.5 Development Length ............................................................................. 111 

Chapter 4 The Effect of Changing Geometry on Velocity Magnitude and Wall 

Shear Stress in an In Vitro Capillary Stenosis Model ........................................ 113 

4.1 Introduction .................................................................................................. 114 

4.1.2  Selection of Parameters ....................................................................... 114 

4.1.3   Experimental Models ............................................................................ 115 

4.1.4 Measurements ....................................................................................... 116 

4.1.5 Selection of Recording Speed ............................................................... 116 

4.2 Calculation of Variables ............................................................................... 117 

4.2.1 Analytical Resistance and Flow Rate .................................................... 117 



7 
 

4.2.2 Flow Rate from GPV Measurements ..................................................... 121 

4.2.3 GPV Flow Rate Compared to Analytical Flow Rate ............................... 126 

4.2.4 Wall Shear Stress from GPV Measurements ......................................... 128 

4.2.5 Effect of Resolution ............................................................................... 131 

4.2.6  Determination of Wall Shear Stress from CFD Data ............................. 133 

4.3 Error Quantification: Channel Aspect Ratio and Flow Rate Estimation ........ 136 

4.3.1 Flowrate in Different Aspect Ratios ........................................................ 142 

4.3.2 Velocity magnitude changes with Decreasing Cross-Sectional Area ..... 144 

4.4 Extraction and Validation of Shear Stress Data ........................................... 146 

4.5 The effect of increasing the degree of stenosis on a ‘short’ stenosis 400 μm 

channel ................................................................................................................... 149 

4.6 The effect of increasing stenosis on a ‘short stenosis’ 300 µm channel....... 152 

4.7 The effect of increasing the degree of stenosis on the ‘short stenosis’ 200 μm 

channel ................................................................................................................... 155 

4.8 The effect of increasing the degree of stenosis on the long stenosis channels

 159 

4.9 Conclusions ................................................................................................. 163 

Chapter 5 The Influence of Increased Stenosis and Branching Geometry on 

Wall Shear Stress in In Vitro Models of Microvascular Collapse ..................... 165 

5.1 Introduction .................................................................................................. 166 

5.2 Experimental Parameters ............................................................................ 167 

5.3   Murray’s Law .............................................................................................. 170 

5.3.1 Geometric Murray’s Law ........................................................................ 170 

5.3.2 Error Quantification ................................................................................ 171 

5.4 Bifurcation Design ....................................................................................... 176 

5.5 Side Branching ............................................................................................ 178 

5.6 Determination of Variables ........................................................................... 178 

5.6.1 Analytical vs Experimental Flow Rate .................................................... 179 

5.7 Murray’s Branching ...................................................................................... 181 

5.8 Even Branching ........................................................................................... 188 

5.9 Side Branching ............................................................................................ 193 

5.10 Pressure loss ............................................................................................... 199 

5.11 Branching .................................................................................................... 202 

5.12 Application of findings to in vivo studies ...................................................... 202 



8 
 

5.13 Conclusions ................................................................................................. 204 

Chapter 6 The Effect of Increasing Resistance in a Novel Deformable Model of 

microvascular Collapse on Wall Shear Stress ................................................... 205 

6.1  Introduction .................................................................................................. 206 

6.2 Material choice: PDMS composition and elasticity ...................................... 206 

6.3 Single Pump ‘Short’ Deformation ................................................................. 209 

6.4 Long Deformable Stenosis .......................................................................... 215 

6.4.1 Maximum Deformation .......................................................................... 215 

6.4.2 Maximum Pressure ................................................................................ 219 

6.5 Experimental Parameters ............................................................................ 222 

6.6 GPV Deformable Model ............................................................................... 223 

6.6.1   Resistance to flow ................................................................................ 225 

6.6.2   CFD ..................................................................................................... 228 

6.7 GPV and CFD Deformable Branched Model ............................................... 230 

6.8  Deformable Compared to Branched Deformable ........................................ 235 

6.9 Deformable Compared to Fixed ................................................................... 236 

6.10 Conclusions ................................................................................................. 236 

Chapter 7: Conclusions and Future Work .......................................................... 238 

7.1  Conclusions ................................................................................................. 239 

7.2  Future Work ................................................................................................. 242 

7.2.1 Experimental Studies .................................................................................. 243 

7.2.2 Computational Studies ................................................................................ 243 

8.  References .................................................................................................. 245 

Appendices............................................................................................................. 285 

 

 

 

 

 

 

 



9 
 

III. List of Figures 

 

Chapter 2 

Figure 2.1 Tibia bone taken from Quintens et al. 2019 

Figure 2.2 Leg compartments from Khan et al. 2024 

Figure 2.3 The cycle of pressure build-up in the compartment and the physiology of 
ACS. Taken from Von Keudell et al. 2012 

Figure 2.4 Capillary wall linings taken from Cleaver and Melton, 2003 

Figure 2.5 Representation of a branched vessel with labelling for Murray’s Law 
adapted from Chen et al. 2020 (58) 

Figure 2.6 Shear stress values for blood vessels (1 dyn/cm2 =0.1 Pa) 

Figure 2.7 Lung-on-a-chip model from Wyss Institute for Biologically Inspired 
Engineering, Harvard 

Figure 2.8 Photolithography and Soft lithography process depicting the creation of a 
microfluidic channel 

Figure 2.9 Important considerations for the model of microvascular collapse 

Figure 2.10 Laser-ablated PDMS microchannels used for the growth of cells simulating 
tumour angiogenesis with successful angiogenesis by day 7 from Duchamp 
et al. 2019 

Figure 2.11 Pressure vs cross-sectional area for an elastic tube modelling a blood 
vessel taken from Chow, 2006 

Figure 2.12 A 3D model of a velocity profile distribution from Tanyeri et al., 2011 

Figure  2.13 Depiction of microfluidic channel labelling axis and fluid flow direction, plane 
of measurement is light blue area 

Figure 2.14 Raw image data collected from GPV, speckle pattern, vector maps collected 
from autocorrelation algorithm 

Figure 2.15 A schematic of a thin-walled cuboid 

 

Chapter 3 

Figure 3.1 
Production process of a positive resist wafer using photolithography and SU-8 
on a silicon wafer 

Figure 3.2 
Calibration images from the Maskless Aligner showing the clarity and correct 
formation when using a dose and defocus of 600 nm -2 and 600 nm +6 at 60x 
zoom 

Figure 3.3 
A microfluidic device formed using soft lithography with tubing secured in the 
inlet and outlet holes 

Figure 3.4 The set-up of the grips for the Zwick Roell tensile testing measurements 

Figure 3.5 A straight channel geometry 

Figure 3.6 A short stenosis model 

Figure 3.7 A long stenosis device 

Figure 3.8 AutoCAD design of short deformable wall device 

Figure 3.9 Long Deformable Wall model 

Figure 3.10 Device design of Murray’s Law model 

Figure 3.11 Evenly branched Model 

Figure 3.12 A side branch model design 

Figure 3.13 A deformable branched model design 



10 
 

Figure 3.14 A microscope image of a cross-section of a microfluidic channel 20x zoom 

Figure 3.15 Ghost Particle Velocimetry set up 

Figure 3.16 Varying Fastcam camera types and their resolution vs frames per second 

Figure 3.17 
Data collection stages of GPV, raw images, speckle patterns from ImageJ, 
spatial velocity distributions and extraction from PIVLab 

Figure 3.18 Flow in a 400 μm device recorded at 40000 fps 

Figure 3.19 
An example of a 200 μm short stenosis CAD design created in AUTODESK 
Fusion for use in CFD in a 200 μm x 50 μm x 20 mm channel 

Figure 3.20 Arc geometry used in CFD design of models 

Figure 3.21 CFD mesh of 200 μm x 50 μm stenosed device created in ANSYS Fluent 

Figure 3.22 
Velocity magnitude through a fluent model with varying stenosis- the width at 
the base of each peak can be considered the length before flow normalises 

 

Chapter 4 

Figure 4.1 
Short stenosis model depicting where the stenotic and main channel 
measurements were taken from 

Figure 4.2 A diagram representing the microfluidic set-up with resistances 

Figure 4.3 A diagram of the microfluidic set-up with simplified resistances 

Figure 4.4 
A spatial velocity distribution map as created using PIVLab of a 200 μm 
straight channel at 2000 Pa 

Figure 4.5 
A velocity profile showing the average velocity shown by a line and velocity 
profiles at 2000 Pa, 3200 Pa and 4700 Pa in the 200 µm straight channel 
model 

Figure 4.6 

A 3D depiction of the velocity profile in a 200 x 57 μm channel with 
highlighted regions, the orange line to show the central plane where CFD 
measurements are taken and the blue section to show the region at which 
GPV was sampled modelled using Equation 2.21 from Section 2.19.1. 

Figure 4.7 
Extraction from 3D model comparing GPV and model data for a 200 x 57 μm 
channel at 2000 Pa 

Figure 4.8 
Analytical and GPV flow rates for each straight channel, 200, 300 and 400 
μm at 2000 Pa, 3200 Pa, and 4700 Pa including the maximum and minimum 
GPV readings. 

Figure 4.9 
Velocity profile showing velocity vectors used in extracting wall shear stress 
for the 200 μm straight channel device at 2000 Pa 

Figure 4.10 
Illustration depicting the interrogation areas (yellow) and pass overlap 
(orange) across the stenosis when using an FFT window correlation 
algorithm each box is 8 px x 8 px on a 200 μm channel 

Figure 4.11 
Different methods of calculating shear stress on the straight channel 200 μm 
model at 2000 Pa 

Figure 4.12 
Alternative analysis mask design in PIVLab covering GPV data at the 
stenosis 

Figure 4.13 CFD mesh showing additional boundary layers to improve wall resolution 

Figure 4.14 
Number of cells vs pressure extracted across two planes P1, P2 for various 
mesh sizes 

Figure 4.15 
Area over which the finite volume would calculate velocity if cell size was 
increased 

Figure 4.16 
Flow rate and shear stress values extracted from CFD including tubing 
resistance, excluding tubing resistance and the GPV values at 2000, 3200 
and 4700 Pa of the 400 μm model 



11 
 

Figure 4.17 
Flow rate calculations using the method described in Section 3.3.2 from 
GPV, Tanyeri’s approximation and CFD values based on a pressure input in 
the 400 μm model 

Figure 4.18 
a b aspect ratios of the channels in the a) main channel and b) stenotic 
region and the relative maximum velocity to average velocity. 

Figure 4.19 
Wall shear stress values extracted from the CFD simulation where a fixed 
flow rate was applied, calculated using Hudson’s 1.18 ratio of maximum to 
average velocity based on aspect ratio 

Figure 4.20 
The flow rates in the 0, 20, 40 and 60% stenosis models from the (left to 
right) 400 µm, 300 µm and 200 µm devices. 

Figure 4.21 
The velocity magnitudes in the 20, 40 and 60% stenosis models from the 
(left to right) 400 µm, 300 µm and 200 µm devices depending on their cross-
sectional area 

Figure 4.22 
Decision tree depicting the selection and validation of shear stress 
measurements through CFD and GPV 

Figure 4.23 

The mean velocity magnitude of 400 μm devices with increasing cross-
sectional area in the stenosed region with standard deviation, (b) The mean 
flow rate in the non-stenosed region of 400 μm devices with increasing 
stenosis with maxima and minima, (c) The wall shear stress in the stenosed 
region, (d) The wall shear stress in the non-stenosed region;(e) the wall 
shear stress in the stenosed region from GPV and CFD, (f) the wall shear 
stress in the non-stenosed region from GPV and CFD all at 20, 32 and 4700 
Pa. 

Figure 4.24 

The mean velocity magnitude of 300 μm devices with increasing cross-
sectional area in the stenosed region and their standard deviations, (b) The 
mean flow of 300 μm devices with increasing stenosis in the non-stenosed 
region with their maxima and minima as calculated from the non-stenosed 
area (c), The wall shear stress in the stenosed region, (d) The wall shear 
stress in the non-stenosed region; all at 2000, 3200 and 4700 Pa, (e) The 
wall shear stress values as calculated from the 300 μm devices in the 
stenosed region from GPV and CFD, (f) The wall shear stress values from 
the non-stenosed region in the main channel 

Figure 4.25 

The mean velocity magnitude of 200 μm devices with increasing cross-
sectional area in the stenosed region and their standard deviations, (b) The 
mean flow rate of 200 μm devices with increasing stenosis in the non-
stenosed region with their maxima and minima as calculated from the non-
stenosed area (c), The wall shear stress in the stenosed region, (d) The wall 
shear stress in the non-stenosed region; all at 2000, 3200 and 4700 Pa, (e) 
The wall shear stress values as calculated from the 200 μm devices in the 
stenosed region from GPV and CFD, (f) The wall shear stress values from 
the non-stenosed region in the main channel 

Figure 4.26 

The mean velocity magnitude of long 200 μm devices with increasing cross-
sectional area in the stenosed region and their standard deviations, (b) The 
mean flow rate of long 200 μm devices with increasing stenosis in the non-
stenosed region with their maxima and minima as calculated from the non-
stenosed area (c), The wall shear stress in the stenosed region, (d) The wall 
shear stress in the non-stenosed region; all at 20, 32 and 4700 Pa, (e) The 
wall shear stress values as calculated from the long 200 μm devices in the 
stenosed region from GPV and CFD, (f) The wall shear stress values 

Figure 4.27 
Flow rate agreement for the long stenotic model including in the main 
channel (mc), stenosis, (sten) and the CFD values 

 



12 
 

Chapter 5 

Figure 5.1 Branched model highlighting areas in which each reading is taken from 

Figure 5.2 CFD mesh from Murray’s law model 0% stenosis  

Figure 5.3 Murray’s Law Device design 

Figure 5.4 
Similarity between hydraulic radius values when fabricated and their 
closeness to following Murray’s and Hooper’s Law 

Figure 5.5 
Wall shear stress distribution across the cross-section of Branch 1 on a  200 
µm Murray’s law device from CFD model 0% stenosis at 3200 Pa 

Figure 5.6 
Flow rates as calculated using resistance calculations and as measured 
using GPV. 

Figure 5.7 A Murray’s branched device 20% stenosis at 3200 Pa 

Figure 5.8 
Flow rate and wall shear stress as measured by GPV and CFD in the 
Branch 1 Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for 
the Murray’s law model 

Figure 5.9 
Resistance data for Branch 1 of the Murray’s law models from GPV and 
CFD  

Figure 5.10 Wall shear stress in each branch at 2000 Pa, 3200 Pa and 4700 Pa 

Figure 5.11 
Estimation of resistance using Murray’s law formula with resistances 
calculated using Equation 5.16 for rectangular cross sections and calculated 
using Poiseuille’s law using a hydraulic diameter 

Figure 5.12 
The velocity distribution map for an evenly branched 200 µm model with 
20% stenosis at 3200 Pa 

Figure 5.13 
Flow rate and wall shear stress as measured by GPV and CFD in the 
Branch 1 Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for 
the even branched model 

Figure 5.14 
Resistance with increasing stenosis in evenly branched models from GPV 
and CFD 

Figure 5.15 
The flow rate in branch 2 vs branch 3 at all pressures in all stenosis even 
branched models 

Figure 5.16 
GPV spatial velocity distribution from the 20% stenosed side branch 200 µm 
channel at 3200 Pa 

Figure 5.17 
Flow rate and wall shear stress as measured by GPV and CFD in the 
Branch 1 Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for 
the side branched model 

Figure 5.18 
Flow rate in Branch 2 and 3 in each stenosis at 2000, 3200 and 4700 Pa in 
the side branch models. 

Figure 5.19 Pressure, resistance and flow rate in a branched system 

Figure 5.20 
Pressure drop along a 200 µm non-stenosed model following Murray’s law 
at 3200 Pa  

 

Chapter 6 

Figure 6.1 
The Young’s moduli of the PDMS as calculated from measurements of stress 
and strain by the Zwick Roell tensile tester with increasing base-to-curing 
agent ratio  

Figure 6.2 Stress-strain graph for the 25:1 PDMS with 3 repeats from the Zwick Roell 

Figure 6.3 
Schematic representation of the pressure supply to the micropump system 
and main channel with purple bromocresol dye 

Figure 6.4 The deformation of a 25:1 channel with channel pressure at 2000-4700 Pa 



13 
 

and pressure supplied to the micropumps from 0-900000 Pa for a single 
short deformable pump 

Figure 6.5 
GPV velocity spatial distributions of a short deformable stenosis model at 
3200 Pa at 30000 fps  

Figure 6.6 
GPV taken at maximum stenosis at 3200 Pa internal pressure at 90000 Pa 
external pressure showing areas of errors in a short deformable model at 
30000 fps 

Figure 6.7 
Cross section of a capillary deformation and expected cross sectional 
deformation of a microfluidic device created on Biorender.com 

Figure 6.8 Cross sectional view of channel deformation in the Y plane at y=Y/2 

Figure 6.9 
Different pump designs tested in varying ratios of PDMS as detailed in 
methods and materials labelled  

Figure 6.10 

The mean average (of three measurements) percentage of maximum 
deformation achieved in situ with each type of pump design of the long 
stenosis deformable models and the range the pressure corresponds to 
Figure 6.8. 

Figure 6.11 
The maximum working pressure of the external micropumps before the 
device ruptured for all three deformable geometries, some points overlap 

Figure 6.12 Image showing layers of PDMS and their total cure time  

Figure 6.13 
Closure of 25:1 and 10:1 combination of branched deformable device, 100% 
deformation at 150000 Pa, figure b rupture of internal geometry at 150000 
Pa 

Figure 6.14 Location of GPV measurements in deformable models highlighted in yellow  

Figure  6.15 

Data extracted from ghost particle velocimetry measurements in the 
deformable model with micropumps in series showing the velocity magnitude 
with standard deviation (too small to see), flow rate and range, wall shear 
stress and standard deviation and channel width with increasing pressure – 
Maximum 4% stenosis 

Figure 6.16 
Analytical resistance calculations for resistance and flow rate of the 
deformable model 

Figure 6.17 
CFD values for the fixed stenotic models of the dimensions of the dynamic 
microfluidic model at 0, 20, 40, and 60% stenosis, tested at 2000, 3200, and 
4700 Pa. 

Figure 6.18 
GPV, analytical, and CFD values for the fixed stenotic model at 0% stenosis, 
tested at 2000, 3200, and 4700 Pa. 

Figure 6.19 
The flow rate in the branched deformable model in each branch from GPV 
and CFD at 2000 Pa, 3200 Pa, and 4700 Pa 

Figure 6.20 
Figure 6.20: Deformation of the stenotic region in response to increasing 
external pressure in the long deformable branched model 

Figure 6.21 
Figure 6.21 The wall shear stress in the branched deformable model in each 
branch from GPV and CFD at 2000 Pa, 3200 Pa, and 4700 Pa  

 

Appendix 

Figure 7.1 
Mesh showing solid and fluid regions of the deformable wall CFD model with 
solid regions yellow and fluid regions pink 

Figure 7.2 
Timestep values for a courant number of 1 for different flow velocities and 
different characteristic cell sizes 

 

 



14 
 

IV. List of Tables 

 

Table 2.1: Vascular lab-on-a-chip models  

Table 2.2:  Network and branched models of microvasculature 

Table 2.3: Deformable blood flow models  

Table 2.4: Modelling techniques and their capabilities  

Table 2.5: Computational blood vessel models investigating wall shear stress 

Table 2.6: Techniques used to analyse flow behaviour on the microscale 

Table 2.7: Advisory parameters for GPV analysis 
  
Table 3.1: Maximum spin speeds for various SU-8 compositions the measured variation 
across the wafer is stated. 
Table 3.2: Ramp settings used for spin coating of SU-8 

Table 3.3: Pre and post-exposure bake settings for SU-8 2075 during photolithograph 

Table 3.4: Dimensions of the straight channel model 

Table 3.5: Dimensions for the short stenosis model  

Table 3.6: Dimensions of the long stenosis device  

Table 3.7: Dimensions for short deformable wall model  

Table 3.8: Dimensions for Long Deformable Wall Model 

Table 3.9: Dimensions for Murray’s Law model 

Table 3.10: Dimensions for evenly branched model  

Table 3.11: Dimensions for the side-branched model 
Table 3.12: Dimensions for the branched deformable model 
Table 3.13: Maximum fps and resolution of varying Fastcam models 

Table 3.14: Computational Fluid Dynamics meshes and parameters for cell size  
 

Table 4.1: Accuracy of straight channel geometry fabrication using photolithography 

Table 4.2: Frame rates used for capture of GPV measurements 

Table 4.3: Device resistance calculations for straight channel 

Table 4.4: Analytical flow rate as calculated following the above method 

Table 4.5: Analytical mean average velocity magnitude as calculated following the above 
method 
Table 4.6: Estimation of maximum and minimum flow rate from GPV data 

Table 4.7: Percentage of pressure drop on tubing as a percentage of the total system 
pressure drop 
Table 4.8: Mesh independence data for the 200 μm straight channel model 

Table 4.9: Values for input into CFD simulation using a 1.8 ratio as suggested in work by 
Hudson et al. to 3 significant figures 
Table 4.10: Resistances of Long Stenosis’  
 

Table 5.1: Models investigated in this chapter as detailed in Section 2.4.6-2.4.8.  

Table 5.2: Measured heights of each branched device, even branched, Murray’s and side-
branched models 
Table 5.3: Design parameters for a device following Murray’s Law 

Table 5.4: Height, width and hydraulic diameter measurements of the Murray’s law 
devices in each branch 



15 
 

Table 5.5: Resistance of each non-stenosed branched device 

Table 5.6: Flow rate of each non-stenosed device 

Table 5.7: Geometries and average flow rates for non-stenosed channels 

 

Table 6.1: Analytical and experimental resistance values for non-deformed multipump 
deformable device 

 

V. List of Acronyms  

 

ACS Acute Compartment Syndrome 

ATP Adenosine Triphosphate 

BEM Boundary Element Method 

CFD Computational Fluid Dynamics 

CGMD Coarse Grained Molecular Dynamics 

CT Computed Tomography Angiography 

CTA Computed Tomography Angiography 

DEM Discrete Element Method 

DMP Discrete Multiphysics 

DNA Deoxyribonucleic Acid 

DVT Deep Vein Thrombosis 

ELS Electrophoretic Light Scattering  

FEM Finite Element Method 

FFT  Fast Fourier Transform 

FPS Frames Per Second 

FSI Fluid-Structure Interaction 

GPV Ghost Particle Velocimetry 

HDF Human Dermal Fibroblasts 

hiPSC Human Induced Pluripotent Stem Cells 

HPLC High Performance Liquid Chromatography 

HUVEC Human Umbilical Vein Endothelial Cells  

ICP Intracompartmental Pressure 

LB Lattice Boltzmann 

LEC Lymphatic Endothelial Cells  

LSM Lattice Spring Model 

MADLS Multiangle Dynamic Light Scattering 

MEMS Microelectromechanical Systems 

MRI Magnetic Resonance Imaging 

NHS National Health Service 

NO Nitric Oxide 

PBMC Peripheral Blood Mononuclear Cells  

PDMS Polydimethylsiloxane 

PIV Particle Image Velocimetry 



16 
 

PTV Particle Tracking Velocimetry 

SIMPLE Semi-Implicit Method for Pressure-Linked Equations 

SPH Smooth Particle Hydrodynamics 

TEPEM Transversally Enriched Pipe Element Method 

TNF Tumour Necrosis Factor 

 

VI. List of Equations  
 

2.1 Murray’s Law 
2.2 Murray’s Law 
2.3 Murray’s Law 
2.4 Hooke’s Law 
2.5 Corresponding Stress to Fung's Constitutive Equation of Hyperelasticity 
2.6 Burton’s Equation of Tension of the Capillary 

2.7 Total Critical Tension 

2.8 The Continuity Equation 

2.9 The Navier Stokes Equation 

2.10 Reynolds Number  

2.11 Hagen Poiseuille Equation  

2.12 Velocity Profile in a Circular Duct  

2.13 Volumetric Flow Rate in a Circular Duct  

2.14 Steady-State, Incompressible Parallel Flow in a Square Duct In 2D  

2.15 Volumetric Flow Rate in a Square Duct  

2.16 Aspect ratio 

2.17 Velocity in a Square Duct  

2.18 Flow Rate in a Square Duct  

2.19 Volumetric Flow Rate in a Rectangular Duct  

2.20 Wall Shear Stress Newton's Law of Viscosity 

2.21 Speed Distance Time 

2.22 Autocorrelation Function  

2.23 Speckle Characteristic Size 

2.24 GPV Time Step  
 

3.1 Young's Modulus 

3.2 Murray’s Law 

3.3 Stokes-Einstein Equation  

3.4 Henry Equation  

3.5 Navier Stokes (specific case) 

3.6 Navier Stokes (specific case) 

3.7 Conservation Of Mass 

3.8 Conservation Of Momentum  

3.9  Implicit Scheme For Steady Navier Stokes Equations  



17 
 

3.10  Implicit Scheme For Steady Navier Stokes Equations  

3.11  Implicit Scheme For Steady Navier Stokes Equations  

3.12  Implicit Scheme For Steady Navier Stokes Equations  

3.13 Intermediate Velocity Field  

3.14 Velocity Correction  

3.15 Pressure Correction 

3.16 Underrelaxation  

3.17 Underrelaxation  

3.18 Underrelaxation  

3.19 Underrelaxation  

3.20 Divergence  

3.21 Divergence 
 
4.1 Volumetric Flow Rate  

4.2 Pressure Resistance Flow Rate  

4.3 Resistance In A Circular Cross-Section Channel 

4.4 Resistance In A Rectangular Cross-Section Channel  

4.5 Special Case Of The Bernoulli Equation 

4.6 Resistance Modelling  

4.7 Resistance Modelling  

4.8 Resistance In The System  

4.9 Flow Rate Dependence On Aspect Ratio In A Rectangular Channel  

5.1 Murray’s Law Diameters 

5.2 Murray’s Law Angles 

5.3 Murray’s Law Angles 

5.1-5.6 Equations used in the derivation of Murray's Law 

5.7  Fick's Law 

5.8 Hydraulic Diameter  
5.9 Hooper’s Law 

5.10 Form of Hagen Poiseuille 

5.11 Constant for cylindrical channels 

5.12 Resistance in a rectangular channel  

5.13 Flow rate in a rectangular channel  

5.14-5.19 Branching factors 

5.20 Conservation of flow rate  

5.21-5.22 Pressure loss at a bifurcation  

 

6.1 Pressure force area  
 

7.1 CFD Timestep 
7.2 Forces in Smoothing Deformation 

7.3 Courant Number 

7.4 Courant Friedrichs Lewy condition 



18 
 

VII. List of Symbols  

 

 

  
 

Longitudinal Characteristic Speckle Size 

  Interrogation Area Size 

  Henry's Function  

d Diameter  

D Diffusion Coefficient  

E Elastic Constant/ Young's Modulus 

F Force 

G(t) Relaxation Function 

h Height 

k Spring Constant/ Boltzmann Constant/ Loss Coefficient 

L  Length  

Nac Numerical Aperture 

P Pressure 

Q  Flowrate 

R/r Radius 

T Tension 

t Time 

T Temperature 

u Velocity  

UE Electrophoretic Mobility 

v Velocity 

x Extension 

α Aspect Ratio 

ε Dielectric Constant 

ζ Zeta Potential  

η Dynamic Viscosity  

λ Extension Ratio 

λ Wavelength Of Light 

μ Dynamic Viscosity  

ρ Density 

σ Stress 

 

 

 

 

 



19 
 

 

 

 

 

 

 

 

 

 

 

Chapter 1: Introduction 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



20 
 

Introduction 

1.1 Motivation 

 

Acute Compartment Syndrome, ACS, is an emergency trauma condition that causes 

the collapse of the microvasculature (the venules, capillaries, and arterioles) within 

the tissue and requires a fast diagnosis to prevent harm to the human patient. ACS is 

typically the result of a traumatic injury such as a gunshot wound or forceful traumatic 

event, where swelling causes the pressure in a muscular compartment to rise to a 

point where the blood flow is restricted, and the pressure cannot be released without 

high-risk surgical intervention (1). The current method of diagnosis is based on 

clinical signs and intracompartmental pressure (ICP) monitoring, where the pressure 

in the muscle compartment is measured using a pressure monitoring system (2). 

However, these methods are highly inaccurate – therefore, there is no best practice 

or clear consensus. The progression of ACS is rapid thus, a rapid diagnosis is 

needed to prevent the maximum damage to the patient (3). 

To mitigate ACS, the pressure is released by a fasciotomy which is a deep incision 

into the muscle to relieve pressure. If this is not performed in a timely manner, e.g. 

due to misdiagnosis, cell necrosis (death) will occur due to lack of oxygen, which can 

lead to loss of limb or, in some cases, loss of life as well as expensive litigation for 

the National Health Service, NHS (1)(4).  The converse is unnecessary harm and 

infection risk to the patient caused by the surgery if ACS is not present.   

Since it is well known that collapse increases resistance in the microvasculature, the 

flow distribution will change and thus also the profile and ranges of values of wall 

shear stress in the network. It is important to understand the impact of these 
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parameters on the behaviour of the endothelial cells lining the blood vessel walls as 

this may provide a criterion for diagnosis (5). If tools were available that could 

examine these effects in vitro, the potential for the development of new diagnostic 

criteria for ACS could be explored via biological studies, for example, due to the 

detection of biomarkers released by the cells. 

1.2 Scope  

 

Given the above challenge, the research presented in this thesis is concerned with 

the development of in vitro and in silico models which may be used to develop a 

deeper understanding of the circulatory aspects and hydrodynamics that occur in 

vivo during ACS when there is microvascular collapse. 

A soft lithography method using polydimethylsiloxane (PDMS) is applied to develop a 

range of in vitro microfluidic models incorporating different microvasculature features 

such as branches and constrictions (stenoses). The appropriateness and applicability 

of the devices to represent the microvasculature are assessed, through the 

determination of properties of PDMS walls (e.g. Young’s modulus) and in the 

accuracy and repeatability of the fabrication methods used. 

The flows through these devices are measured over a range of physiologically 

relevant conditions to determine their usefulness and applicability for biological 

studies.  It should be noted that biological studies are beyond the scope of this 

thesis.  A state-of-the-art method for flow measurement in microchannels, Ghost 

Particle Velocimetry (GPV) was used to develop the relationship between flow and 
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consequent changes in wall shear stress for pressure-driven flows under 

physiologically relevant conditions.   

In silico laminar flow models of the microfluidic devices are developed using 

Computational Fluid Dynamics, CFD, using ANSYS Fluent. The CFD models are 

validated by experimental methods and were created to provide additional insight into 

the flows in regions where measurements were challenging or impossible due to 

geometrical constraints. These measurements coupled with GPV were used to 

determine changes in wall shear stress ranges in both stenotic and non-stenotic 

regions due to increasing stenosis in straight, branched, and deformable models.   

1.3 Aims and Objectives 

 

This thesis aims to develop in vitro microfluidic platforms that can be used to provide 

a better understanding of microvascular collapse, providing robust platforms for 

studying the resultant hydrodynamics and quantifying shear stress ranges to inform 

biological studies as a scope for a diagnosis for Acute Compartment Syndrome. 

Specific objectives of the research presented in this thesis are: 

 

1. Conduct a comprehensive review of existing models of microvascular collapse, 

lab-on-a-chip and microfluidics and their methodologies, limitations, and 

applications (Chapter 2). 

2. Identify key physiological and pathological factors contributing to microvascular 

collapse in vivo to inform the design of the in vitro and in silico models (Chapter 

2). 
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3. Design and construct an experimentally measurable microfluidic device that 

simulates flow behaviour in the microvascular environment using PDMS (Chapter 

4) 

4. Investigate flow behaviour within the microfluidic devices using Ghost Particle 

Velocimetry in response to increasing stenosis and use this data to validate in 

silico models created using CFD (Chapter 4) 

5. Investigate flow behaviour within the microfluidic devices using Ghost Particle 

Velocimetry in response to increasing stenosis within different branching 

geometries and use this data to validate in silico models created using CFD 

(Chapter 5) 

6. Design and fabricate deformable microfluidic devices by altering PDMS properties 

and fabrication processes (Chapter 6) 

7. Measure flow behaviour within the deformable microfluidic device using Ghost 

Particle Velocimetry in response to increasing deformation within straight and 

branched geometries and use this data to validate in silico models created using 

CFD (Chapter 6) 

8. Propose future studies to further validate the model and explore additional 

applications (Chapter 7) 

 

1.4   Thesis Structure 

 

This thesis is comprised of seven chapters including Introduction, Literature Review, 

Materials and Methods, three results chapters and finally Conclusions and Future 

Work. The first results chapter is concerned with initially designing the PDMS 
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microfluidic device, the results of the accuracy of the fabrication method and 

determining the experimental limitations of GPV at the microscale for models with 

increasing fixed stenosis. The second results chapter investigates the effect of 

branching on the flow behaviour in long fixed stenosis models with three different 

types of branching geometry whilst increasing stenosis. The final results chapter 

investigates the creation of a deformable microfluidic model by varying PDMS 

composition and thus Young’s modulus and how increasing deformation in the model 

affects flow behaviour as studied through GPV in straight and branched microfluidic 

devices. 

1.5 Outputs from this Research 

Journal papers 

Vasanthi Bathrinarayanan, P., Hallam, S., Grover, L.M., Vigolo, D., Simmons, M.J.H. 
2024.  Microfluidics - a powerful tool to investigate microvascular dysfunction in 
trauma conditions: a review of the state-of-the-art, Advanced Biology, 202400037, 
https://doi.org/10.1002/adbi.202400037 

 

Conference papers 

Hallam, S.M., Vasanthi Bathrinrayanan, P., Schofield, Z., Kovalchuk, N.M., Simmons, 
M.J.H. 2024. Use of ghost particle velocimetry to determine the flows within in vitro 
models of microfluidic collapse, ChemEngDayUK 2024, Imperial College London, 25-
26 April 2024, London, UK. (Poster) 

Hallam, S.M., Vasanthi Bathrinrayanan, P., Schofield, Z., Kovalchuk, N.M., Simmons, 
M.J.H. 2024. A microfluidic model of microvascular collapse, Micro and Nanoflows 
2023, University of Padua, 18-20 September 2023, Padua, Italy (Presentation) 

Hallam, S.M.¹, Vasanthi Bathrinrayanan, P ¹, Schütt M.¹, Kovalchuk, N.M¹, Schofield, 
Z.², Simmons, M.J.H.¹ 2023. The Development of an In Vitro Model of Microvascular 
Collapse using Microfluidics, 11th International Conference on Multiphase Flow, 2023, 
Kobe International Conference Centre, April 2-7 2023, Kobe, Japan. (Presentation) 

Vasanthi Bathrinarayanan, P., Hallam, S., Anderton, C., George, N., Grover, L.M., 
Vigolo, D., Arrcucci, R., Matar, O., Simmons, M.J.H. 2022.  Developing a Novel 
Deforming Vasculature-on-a-Chip Microfluidic Platform to Investigate Microvascular 
Dysfunction, Chem Eng Day U.K., 2022, University College London, April 7-8 2022, 
London, U.K. (Poster) 
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Chapter 2: Review of the Literature1 

Introduction 

This chapter contains a review of the current literature necessary to underpin the 

research carried out in this study.  The review is arranged around two major sections, 

(i) the current medical understanding and diagnostic methods for ACS, and how 

microvasculature changes are caused in trauma conditions and, (ii) how in vitro 

(microfluidic) models have been applied in aligned fields of study, the measurement 

techniques which have been used and how these can be supported by in silico 

models such as CFD.  The review concludes with an explanation of the gaps in the 

current literature which motivate this study.  

2.1  Medical Origins of Acute Compartment Syndrome, Diagnosis 

and Microvasculature 

2.1.1 Cause and Pathophysiology 

 

It is well known that ACS is typically the result of a traumatic injury, such as a gunshot 

wound or forceful traumatic event, that results in a fracture-making up 69% of cases 

(6)(7). Tibial diaphyseal (middle segment of the shin bone, Figure 2.1) fractures alone 

are responsible for 35% of cases with a further 23% of cases due to soft tissue injury, 

reported in the study by McQueen et al., (2000) of 164 patients (1)(7)(8). 

 

 

 
1 Some of the concepts and content in this chapter are reported in Vasanthi Bathrinarayanan, P., 

Hallam, S., Grover, L.M., Vigolo, D., Simmons, M.J.H. 2024. Advanced Biology, 202400037, 
https://doi.org/10.1002/adbi.202400037 

https://doi.org/10.1002/adbi.202400037
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Figure 2.1: Tibia bone taken from Quintens et al. 2019 (9)  

In some cases, the application of casts that restrict blood flow, lithotomy positioning, 

and the use of narcotics may also induce ACS (1)(10)(11).  The physician must 

assess the patient's risk of developing ACS to aid with diagnosis, with cases being 10 

times more common amongst males and having a higher prevalence in those under 

35 (6)(7). ACS can fall outside of these criteria (12)(13), but being in this category 

should alert the physician of the relative incidence and risk.  

Although there is no confirmed mechanism in which ACS occurs it is commonly 

agreed that ‘arteriovenous pressure gradient’ theory is the mechanism behind the 

condition (1)(14)(15)(16). The muscle is made up of compartments separated by 

connective tissue known as fascia as shown in Figure 2.2 (1). These compartments 

can be found in many areas of the body such as the leg (17), thigh (18), glutes (19), 

forearm (20), hands, and feet (1)(21)(22). The most common compartment for ACS is 

the anterior tibial compartment as shown in Figure 2.2 (23)(24).  
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Figure 2.2: Leg compartments from Khan et al. 2024 (25) 

 

The pressure rise in the compartment may be due to either an increase of fluid build-

up inside the compartment, known as oedema, or a decrease in the compartment 

size. The fascia tissue is not elastic enough to allow for the expansion of the 

compartment therefore the compartmental pressure rises (24). The increased liquid 

volume in the compartment can come from oedema which can also be a result of 

medications and pregnancy (26)(27); or hematomas (28). Alternatively, the 

compartment size can be decreased, typically by tight casts and dressings or any 

circumferential dressing that restricts the compartment (1)(8)(23).  
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Figure 2.3: Taken from Von Keudell et al. (2012)(1). Figure 2.3 shows the cycle of 

pressure build-up in the compartment and the physiology of ACS.2 

 
2 [a] Reprinted, The Lancet, Volume 386, Issue 10000,  Arvind G von Keudell,Michael J Weaver,Paul T 
Appleton,Donald S Bae,George S M Dyer,Marilyn Heng,Jesse B Jupiter,Mark S Vrahas from Diagnosis and 
treatment of acute extremity compartment syndrome, P1299-1310., Copyright (2015), with permission 
from Elsevier Also Lancet special credit - "Reprinted from The Lancet, Vol 386. Issue 10000, Arvind G von 
Keudell,Michael J Weaver,Paul T Appleton,Donald S Bae,George S M Dyer,Marilyn Heng,Jesse B 
Jupiter,Mark S Vrahas from Diagnosis and treatment of acute extremity compartment syndrome P1299-
1310 with permission from Elsevier." 
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The increased intra-compartmental pressure restricts the perfusion in the 

microvasculature and increases the pressure at the venule end, possibly resulting in 

their collapse as depicted in Figure 2.3 (1)(8). The permeability of the capillary bed 

increases, and net filtration increases, thus increasing the interstitial fluid pressure 

(1). The flow in the lymphatic (drainage) system and capillaries and smaller vessels 

decreases, decreasing flow in higher-order blood vessels and increasing the 

hydrostatic pressure (1,8). The onset of ischemia (reduced blood flow) may lead to 

hypoxemia, anoxia (the reduction of oxygen), and cell necrosis (cell death) (1). 

Hypoxemia reduces ATP (adenosine triphosphate) production and the 

sodium/potassium ATP channels close, resulting in the movement of chloride ions 

into the compartment. Due to osmosis water moves into the compartment leading to 

swelling and further necrosis, in a positive feedback loop (1). After 6-12 h cell 

necrosis is thought to be irreversible due to ischemia, despite a third of cases having 

cell necrosis 3-4 h after trauma highlighting how rapidly a diagnosis is needed 

(1)(23). This difference may be due to the variation in compartment size and location, 

and if the cause of ACS was a fracture, which was found in a 2021 study to not be 

present in 30% of cases (29)(30)(31). 

As the time since injury increases, the risk of irreversible outcomes increases. Nerve 

damage caused by ACS in the leg may result in contractures, abnormal sensations, 

and foot drop (24)(1)(32). In the arm, muscle fibrosis, reduced motor ability and 

sensation in the hand, and clawing in response to damage to the median nerve may 

occur (1)(24)(33). Furthermore, if ACS is left undiagnosed, muscle death, extreme 

pain, and paralysis may occur, resulting in the need for amputation (34). 
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As the pressure is released reperfusion injuries can occur. After ischemia, the blood 

flow returns, rapidly producing free radicals. This, like the closure of the ATP 

channels, results in the mass movement of chloride ions into the cells. Mitochondrial 

phosphorylation is disrupted resulting in the cells' inability to maintain their membrane 

structure. At this stage, fatal complications such as multiple organ failure can occur if 

a fasciotomy is not performed (1)(35). 

2.1.2 Diagnosis 

 

ACS is very difficult to diagnose which is detrimental to both the clinician and patient, 

with some studies citing misdiagnosis rates as high as 45% (36). The main methods 

of assessment of ACS are to evaluate the five ‘Ps’; pain, pallor, paraesthesia, 

paralysis, and pulselessness (4)(37). The addition of poikilothermia, the inability to 

regulate body temperature, was also suggested by Tran et al., 2020 (6). However, 

this method of assessment is generally used with caution as the patients' 

assessment of these symptoms is subjective and the patient may present with a 

reduced/altered state of consciousness after a traumatic event (1)(38). This is 

especially important in response to ‘high-energy’ injuries in which painkillers or 

peripheral nerve blockers may be used (6), or when diagnosing children whose pain 

tolerance may be immeasurable/unquantifiable (8). 

Additionally, the stages at which the symptoms present themselves may be too late 

to diagnose ACS without loss of motor function and thus may still result in legal 

challenges (4). The measure of pulselessness would already present a reduced 

blood flow and a decreased ATP (adenosine triphosphate) supply- used to provide 
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the cells with energy. Paralysis is a late symptom of ACS and is irreversible, 

regardless of whether the fasciotomy is performed (4). 

In children, it is more common to assess using the 3 A’s, anxiety, agitation, and 

increasing analgesic requirement (8). The accuracy of using clinical signs is debated 

due to this, therefore, alternative methods such as continuous ICP monitoring may be 

used. There is some debate around the critical values that should be used for the 

decision of a fasciotomy and the methods by which ICP monitoring can be done. 

Slit catheters, side port needles, wick catheters, and arterial line transducers may be 

used to measure ICP; however, these present additional problems (1)(8)(32). It is 

easy for needles and catheters to become blocked by blood clotting which gives 

inaccurate compartment readings (4)(39). Near-infrared spectroscopy can also be 

used to measure relative levels of oxyhaemoglobin and deoxyhaemoglobin, 

perfusion, and compartment pressures (8). It is found that these diagnoses are as 

accurate as continuous ICP monitoring (1)(8)(40).  

In some cases, a compartment pressure threshold of 30 mmHg was used to 

diagnose ACS, however, this had high levels of inaccuracy (41). Alternative 

thresholds for diagnosis have been suggested by McQueen and Court-Brown such 

as using the differential pressure between the interstitial and compartment pressure. 

In their 1996 study of 116 patients, using a differential pressure of 30 mmHg, there 

were no missed cases of ACS, significantly improving the diagnosis by 23% (42). 

Statistics for the number of cases of ACS are typically based on the number of 

fasciotomies performed, however, this may not necessarily represent the true ACS 

incidence due to the high misdiagnosis rates (43)(36). 
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Another influence on the success of diagnosis is the rate at which ACS proceeds. 

The time taken for ACS to cause irreversible damage is disputed but generally falls 

between 3-10 hours after injury (1)(8)(38). Furthermore, the speed at which the 

decision that fasciotomy is performed correlates to the success of the operation. A 

study of 626 patients by Mullett et al., (2001), showed that the outcome is greater 

before 12 hours and poor after 24 hours (32). This influences the medical 

professional's decision and may be false, which leads to several expensive fiscal 

challenges (8)(44). 

The combination of ICP monitoring and clinical signs should be used to diagnose 

ACS but the diagnosis has no gold standard. The use of biomarkers, biological 

compounds detectable in the blood, was recently suggested by Osborn et al., 2020, 

in the early stages of ACS (43)(45). 

2.1.3  Microvasculature 

 

Microvascular networks are an integral part of the circulatory transport system in the 

human body, delivering oxygen and nutrients to the muscular system to allow for 

movement and to keep the body alive (46). Their damage or dysfunction influences 

muscle behaviour and can have devastating consequences such as hypoxia (a lack 

of oxygen) and the release of toxins to the surrounding tissue (46). The 

microvascular networks consist of venules, capillaries, and arterioles, although the 

oxygen and nutrient transfer occurs in the capillaries due to the single cell wall, 

reducing the distance for transport. Each vessel has defining characteristics, such as 

its wall thickness, composition, and diameter.  



34 
 

Depending on the type of blood vessel; artery, venule, vein, or capillary, the structure 

varies from 0.5-1 μm wall thickness of a capillary to the 1500 μm thickness of the 

arteries (47). To determine the mechanics of the blood vessel wall many factors 

should be considered.  Initially, the blood vessel structure should be considered, 

particularly the elastin protein (stretchiness) and collagen protein (structural) content: 

The highly elastic arteries have an inner diameter of 6-10 mm and a wall thickness of 

1500 µm (48). This is due to their role in transporting high-pressure oxygenated blood 

away from the heart. The arteries are well studied due to their measurable size and 

importance in high-risk conditions such as thrombosis, atherosclerosis, myocardial 

infarction, and stroke. Blood pressure is measured from the arteries by taking the 

systolic and diastolic pressure, depending on the heart's filling and emptying process. 

A control blood pressure for a healthy individual is 120 mmHg (systolic) over 80 

mmHg (diastolic) (49). The arterial wall has two layers, an internal and external wall 

which have different elastin and collagen compositions (48). The internal wall is 

24.5% elastin and 37% collagen, whereas the outer wall is 2.5% elastin and 77.5% 

collagen (48). The cell composition of the wall is 33.5% smooth muscle cells. The 

wall shear stress within the artery can be estimated at 1-2 Pa (48). If there is an 

increase in the interstitial pressure, as seen in ACS or otherwise, the pressure within 

the artery is likely to be high enough to prevent collapse (50).  

The arterioles, that connect the artery to the capillary have a smaller diameter and 

wall thickness, 1-6 mm and 125-800 µm, respectively. The outer wall consists of 2% 

elastin and 70% collagen- similar to the artery (48). Whereas the inner wall consists 

of 10% elastin and 7% collagen and overall 50% smooth muscle cells, higher than 

that of the artery. The mean pressure within the arterioles is 72 mmHg (48).  
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The capillary has the smallest diameter, 10 μm, which allows for the distance of one 

red blood cell within the inner lumen of the vessel. The wall thickness is also small at 

one endothelial cell thick, 0.5-1 μm (48). This allows for the shortest distance for 

mass transfer from the blood to the interstitial area and cells. The mean capillary 

pressure is 35-15 mmHg (47-20 mbar, 4700 Pa- 2000 Pa) which varies depending on 

the length and the resistance of the capillary in the network. The wall shear stress in 

the capillary ranges from 0.1-9.5 Pa (48). Further to this, the capillaries can be 

separated further into fenestrated, sinusoidal, and continuous depending on the 

pores in their endothelial linings as shown in Figure 2.4 (51). 

 

 

Figure 2.4: Capillary wall linings taken from Cleaver and Melton, 2003 (52) 

Reproduced with permission from SpringerNature  

The venule then connects the capillary to the vein and has a 1-6 mm diameter and a 

40-500 µm wall thickness, again with an inner and outer layer (48). The outer layer is 

64% collagen and the inner layer is 1.5% elastin and 12% collagen (48). The venules 

also have the highest smooth muscle cell percentage at 60.5%.  The mean venule 

pressure is 20 mmHg (48). 
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The vein removes the deoxygenated blood away from the tissues towards the heart 

and accounts for approximately 80% of blood volume at any moment (50). It has a 6-

15 mm lumen and throughout the veins are valves to maintain the direction of flow. 

The veins also have an inner and outer layer, the outer layer consists of 2% elastin 

and 70% collagen, and the inner layer consists of 10% elastin and 7% collagen. The 

mean vein pressure is 15 mmHg. The wall shear stress in the vein can be estimated 

at 0.1-0.6 Pa (48).  

Microvascular Networks and Murray’s Law 

 

The capillary networks are complicated 3D structural networks of heavily branched 

vessels connected in the closed-circuit circulatory system. Many mechanisms have 

been considered and investigated into how blood flow networks become optimised; 

derived from fundamental transport equations such as the Navier-Stokes Equation, 

Murray’s Law, the elastic tube theory, and shear-induced remodelling (53). Young 

estimated the branching required to get from the aorta to the capillary being 29 

bifurcations at 1.26: 1 ratio of diameter of parent vessel to daughter vessel (54). 

The branching of capillaries is an essential component of the microvasculature to 

ensure the delivery of nutrients and oxygen into tissues throughout the body.  Such 

structures enable the delivery of nutrients and removal of waste materials at a 

suitable rate with minimal pressure losses. The glycocalyx, a layer of endothelial cells 

around the capillary circumference, is a key component over which the diffusion of 

these nutrients occurs (5).   

In vivo, it is seen that capillaries branch in different manners such as side branching, 

and following Murray’s law as well as rearrangements around obstructions (55)(56). 



37 
 

Murray’s law is derived from the energy cost of pumping blood vs the energy cost of 

the blood lost due to friction and transfer (57). This results in a network with the 

minimum pressure losses whilst maintaining a shear stress suitable for mass 

transport across the endothelial layer. Murray’s law assumes that the flow is steady 

state, which is the case in the capillaries at the small scale but is not applicable at 

higher order blood vessels such as the veins or arteries in which there is pulsatile 

flow.  Murray’s law is defined by Equations 2.1-2.3: 

𝐷1
3 = 𝐷2

3 + 𝐷3
3 (2.1) 

Where (55): 

cos 𝛼1 =
𝐷1

4 + 𝐷2
4 − (𝐷1

3 − 𝐷2
3)

4
3

2𝐷1
2𝐷2

2   (2.2) 

cos 𝛼2 =
𝐷2

4 + 𝐷3
4 − (𝐷2

3 − 𝐷3
3)

4
3

2𝐷2
2𝐷3

2  (2.3) 

 

Figure 2.5 Representation of a branched vessel with labelling for Murray’s Law 

adapted from Chen et al. 2020 (58) 
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In the capillaries, there are many important hydrodynamic phenomena, both the 

maintenance of a steady state flow at a constant pressure, consistent shear stress on 

the vessel walls, and a low enough velocity to facilitate the diffusion of molecules 

across the glycocalyx layer. This is affected by the blood pressure, resistance, and 

diffusion by the pressure and concentration gradients across the endothelial layer. 

Interestingly, the radius is of great importance here as the dependence of the flow is 

inversely proportional to the dependence of diffusion on the radius (54).  Therefore, 

there is an optimum point at which the pressure is maintained and there is a 

maximum rate of diffusion. This needs to be done where there is a low enough flow 

rate for diffusion across the wall, but a fast enough pressure-driven flow rate to 

maintain a gradient of nutrients across the wall.  

In vivo the competing phenomena of blood flow as pumped from the heart to transfer 

of nutrients needs to be kept homeostatic (in a state of balance), however, this will 

change when trauma conditions such as Acute Compartment Syndrome occur (35). 

The maintenance of the transfer of nutrients across the glycocalyx layer is essential, 

and in a state of low blood flow, this transfer becomes dysregulated, known as 

ischemia, which is seen in Acute Compartment Syndrome (35). When ischemia 

begins, the release of biomarkers changes, due to debated mechanisms, one of 

which being shear stress changes (59)(43). If microvascular dysfunction occurs, any 

flow change through branching may affect the downstream wall shear stress and thus 

change the range of biomarkers released. 
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Wall Shear Stress 

 

The wall shear stress throughout the microvasculature changes based on many 

factors such as geometry, branching, pressure, and specific anatomical features. 

Although it is assumed that wall shear stress of the blood vessels can be calculated 

using Newton’s Law of viscosity and the Hagen-Poiseuille Equation for pressure drop 

in a laminar flow, these values do not match the values for in vivo given in the 

literature for some vessels as shown in Figure 2.6 (60). These values are indicative, 

and each vessel has a large range quoted throughout the literature: 10-70 dyn/cm2 

for arteries, 1-6 dyn/cm2 for veins, and 1-95 dyn/cm2 for capillaries (60)(61).  

 

Figure 2.6: Shear stress values for blood vessels (60) (1 dyn/cm2 =0.1 Pa)3 

 
3 Reprinted from International journal of cardiology, 113, 1, Theodore G. 
Papaioannou,Emmanouil N. Karatzis,Manolis Vavuranakis,John P. Lekakis,Christodoulos 
Stefanadis Assessment of vascular wall shear stress and implications for atherosclerotic 
disease, 7, Copyright (2006), with permission from Elsevier [credit - "Reprinted from The Lancet, 
Vol. number, Author(s), Title of article, Pages No., Copyright (2006), with permission from 
Elsevier." 
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In arteries, this could be due to changes in the vessel's geometry such as 

vasodilation and constriction controlled by biomarkers, such as nitric oxide and 

prostacyclin, released by the endothelium (62). During vasodilation, the smooth 

muscle cells relax and further smooth out decreasing resistance and reducing the 

shear stress. Additionally, venous flow is regulated by valves, which prevent backflow 

and maintain a pressure gradient along the vein. The valve opening and closing 

create small, localised pressure differentials which prevent shear stress from building 

up on the walls and reducing the velocity. Changes in wall shear stress combined 

with blood pressure on endothelial cells are known to change cell behaviour such as 

phenotype, and biomarker release perhaps leading to a criterion for diagnosis of 

microvascular dysfunction as suggested by Osborn et al., 2014, (43) and Vasanthi et 

al., 2024 (5).  

2.2 In Vitro Microfluidics Models, Measurements and In Silico 

Modelling   

2.2.1  Microtechnology and Lab-on-a-Chip 

 

Microfluidics can be described as the study of flows that are lower in instantaneous 

volume, from 10-9 to 10-18 L of fluid (43).  Microfluidics is a developing area that can 

be used to investigate a wide range of biological and non-biological topics including, 

but not limited to, model organ systems, immunoassays, DNA analysis, and chemical 

reaction rates (41)(42). As seen in Figure 2.7, lab-on-a-chip devices are at the 

microscale, which gives many advantages when designing devices for rapid 

diagnosis such as the reduced mass transfer distances, meaning that reactions occur 
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quickly, higher throughputs, the ability to quickly perform toxicity assays and reduced 

animal testing (44).  

 

 

Figure 2.7: Lung-on-a-chip model from Wyss Institute for Biologically Inspired 

Engineering, Harvard (63) Image redacted for copyright 

Lab-on-a-chip models have been used to investigate and model vascular dysfunction 

and a range of cardiovascular diseases utilising microfluidic systems thus allowing for 

measurement in 3D. Conditions affecting vascular function such as deep vein 

thrombosis, DVT (64), atherosclerosis (65), and localised drug delivery for tumours 

(66) have been investigated using these techniques. Additionally, cells can be 

integrated into these designs when created using a biocompatible scaffold or with the 

addition of a hydrogel network. Advances in lab-on-a-chip modelling, such as the 

integration of sensors and high geometric control are especially advantageous when 

creating models at this resolution. 

Manufacture 

 

Photolithography is the predominant mechanism for creating lab-on-a-chip models, 

allowing for intricate and high-resolution designs. Alternative methods to lithography 

can also be used in the fabrication of microfluidic devices but are less common such 

as microwire moulding and stereolithography (67). Microfluidic mould printing can be 

done by laserjet printers, inkjet/ solid ink printers, or 3D printers. Laserjet printers are 

limited in their resolution whereas 3D printers have a high particle size, limiting their 

accuracy (68). The benefits of these systems are outweighed by the cost, therefore, 
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lithographic techniques are used. Furthermore, methods such as microwire moulding, 

micro-milling, and direct laser plotting can be used, however, these methods have 

further limitations but can create different cross-sectional geometries (68). From the 

moulds created by photolithography- soft lithography is used to fill the mould with a 

polymer creating the channel. This is summarised in Figure 2.8.  

 

Figure 2.8: Photolithography and soft lithography process depicting the creation of a 

microfluidic channel 

The predominant manufacturing material used in studies of microvasculature is 

PDMS, polydimethylsiloxane, which can be beneficial due to its advantageous 

properties although microfluidic devices can be fabricated by a range of different 

materials such as silicon, glass, paper, and any other polymer (69)(70). PDMS is 

commonly used due to its biocompatibility, transparency, and ability to manipulate 

hydrophobicity/ hydrophilicity (71).  
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PDMS is limited by large evaporation effects, the inability of molecules to attach to 

the hydrophobic walls (without treatment depending on molecular properties and 

environment), and incompatibility with non-polar organic solvents (69). PDMS can be 

beneficial due to its flexibility, with a variable Young’s modulus depending on the 

base-to-curing agent ratio used in polymer production, curing time and temperature, 

and the ease of fabrication (69)(71)(72). The flexibility of PDMS provides the 

opportunity to model the deformation of the channel which is seen in microvascular 

collapse. PDMS is impermeable to water but is permeable to gases which creates 

controllable conditions suitable for cell culturing (71,73) and is optically transparent to 

wavelengths of 230-240 nm, which allows for confocal microscopy to be used for 

analysis (69,71). PDMS is permeable to gases due to the volume around the Si-O 

bonds (74). This can be both advantageous and disadvantageous depending on the 

desired usage. Barmaki et al., 2018, created a model to simulate hypoxia, by taking 

advantage of the gas permeability of PDMS and varying its thickness to control 

oxygen concentration as well as using oxygen scavengers (48).  Surface modification 

of PDMS can be used to overcome these properties.  

Surface Modification 

 

PDMS is hydrophobic with a low surface free energy of 0.02 Nm-1 (69), which is 

advantageous for some applications such as water retention, however, it prevents the 

connection of other materials (70). To overcome this hydrophobicity, the surface can 

be treated with oxygen plasma, hydrochloric acid, or coated (75). Furthermore, these 

treatment methods lead to the irreversible sealing of the microfluidic device and the 

ability to withstand pressures of up to 345 kPa (71). The sealing of microfluidic 
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devices can be assisted by polar organic solvents to allow for channel aligning using 

microscopy without loss of hydrophilicity (69).   

2.2.2   Vascular Lab-on-a-Chip Models 

 

Many models have been created to simulate the microvasculature 

(76)(64)(77)(78)(56), typically focusing on the endothelial linings and properties of the 

wall looking at angiogenesis, tumour growth, and the blood-brain barrier. A review of 

current vascular lab-on-a-chip models is summarised in Table 2.1, focusing on the 

model type, motivation, type of device, dimensions and investigations. It is commonly 

seen that models are generalised into ‘vessels’, ‘networks’ or are for higher-order 

vessels such as arteries.  

The purpose of these models is to replicate the conditions of the vasculature to 

expose cell lines and investigate their response of releasing biomarkers, however, 

there is often less focus on the microfluidic device design when considering the 

haemodynamic environment than cell behaviour. Despite the impressive cell 

investigations that are achieved through lab-on-a-chip models there is a lack of 

experimental techniques used for the quantification of flow behaviour. 

Table 2.1: Vascular lab-on-a-chip models  

Vascular model Disease 
Device 

Type and 
size 

Includes cell 
line 

What they are 
looking at 

CFD Ref. 

Blood vessel to 
tumour 

Cancer 

Microfluidic 
height of 

H=270 µm, 
L=7000 μm 

x Drug transport Y Fluent (66) 

Microcapillary x H=150 µm, Y HUVEC 
Creation of 

blood networks 
x (79) 

Vessel network 
Hereditary 

haemorrhagic 
telangiectasia 

x Y hiPSCs Biomarkers x (80) 
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Vascular model Disease 
Device 

Type and 
size 

Includes cell 
line 

What they are 
looking at 

CFD Ref. 

‘Blood vessel’ 
‘Several vascular 

diseases’ 
x Y hiPSCs Biomarkers x (81) 

‘Vessel’ 
Plate aggregation 
and coagulation 

height 
200 μm, 

width 5 mm, 
length 
50 mm 

Y HUVECs Biomarkers x (82) 

‘Organoid’ Hypoxia 
2.6 mm in 
radius, 2 

mm in height 
Y HUVECs Biomarkers Y FEM (83) 

Microvascular 
network 

Blood behaviour 10-75 μm X 
Flow, shear 

stress, 
Y (84) 

Microvascular 
network 

Transit time 
distribution, red 

blood cell 
movement 

x x 
Transit time 
distributions 

Y particle 
tracking 

(85) 

Vascular 
endothelium 

Histamine-induced 
microvascular 

hyperpermeability 

X 
Chamber 

Y HMVECs 
HDFs 

Permeability x (86) 

Microvascular 
hepatic tumour 

Cancer 3.5 cm x 
Particle count/ 

transport 
x (87) 

Rat mesenchymal 
culture model 

Angiogenesis x 
Rat 

mesenchymal 
cells 

biomarkers x (88) 

Parallel 
endothelialised 

vessels 

Vasculogenesis 
Cyclic stretch, 

shear forces, ECM 
hydrogel stiffness 

150-200 μm HUVECs Vascularisation x (89) 

PDMS 
Arteriovenous 
malformation 

90 to 120 
μm (h) 

1500 μm (w) 
HUVEC Biomarkers x (90) 

Flow chamber Platelet activation 
(h) 50 μm, 

(w) 3.0 mm, 
(l) 30 mm 

HUVEC Biomarkers X (82)  

Body on a chip 
PDMS 

Toxicology X HUVEC Biomarkers X (79) 

Stereolithography 
produced 

microfluidic device 

Tumour-lymphatic 
microenvironment 

x Dermal LECs Biomarkers 
CFD, 

COMSOL 
(91) 

PDMS with 
pressurisation to 

make a ‘heartbeat’ 

Beating heart on a 
chip 

x 
Cardiac cells on 

fibrin gel 
Biomarkers CFD-FEM (92) 

PDMS microfluidic 
device 

Fibrosis x 

hiPSC-Ecs + 
primary human 

cardiac and 
lung fibroblasts 

Biomarkers x (93) 

 

 



46 
 

2.3  Microtechnology Applications for Replication of ACS 

Pathophysiology  

 

Throughout the literature, models are focused predominantly on higher-order blood 

vessels such as the arteries, arterioles, and veins, however, there is little focus on the 

capillary networks and flow behaviour during microvascular dysfunction. Previously, 

due to their size, replica in vitro models at the dimensions of the capillary were not 

created and animal models were used- however due to changes in cost, scientific 

development, and ethics; research is being driven away from animal models, and 

thus alternative microvascular models need creation (51). This could be due to many 

factors such as perceived biological importance, availability of in vivo data, and 

experimental modelling capabilities at the lower geometric scale, limiting resolution. 

However, this presents a gap in the literature for arguably the most important vessel 

in the circulatory system and also the most numerous blood vessels in the 

cardiovascular system in which the principle and ultimate role of metabolic transfer 

occurs (94). The creation of a simple, experimentally measurable, and scalable lab-

on-a-chip model of the vasculature would aid in understanding the relative effects of 

scaling.  

Furthermore, models of the microvasculature involving cell lines must be 

biocompatible which creates further limitations for their creation when not using 

PDMS. The geometry of these designs is seen to be either measured with the utmost 

importance or neglected depending on the application. In structures where specific 

hydrodynamic phenomena are being investigated, the geometry is tailored to meet 

this, such as through the addition of valves and pumps.  This is done particularly well 

in Marsano et al., (92), creating a beating heart on a chip, and in Schofield et al., 
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(64), with the creation of flexible valves in situ mimicking that of valves in veins. 

However, in some models, hydrodynamics are ignored, which will make the model 

less replicable of the in vivo environment. To improve lab-on-a-chip models, the 

functionality of the microfluidic device should be designed with physiological 

relevance to the specific vasculature of interest.  

Where particular variables of interest cannot be directly experimentally measured, 

such as that of shear stress, in silico models may be employed. These in silico 

models are good additions to the biological work and provide estimates of fluid 

behaviour, however, they are based on many approximations, and ‘perfect’ behaviour 

cannot be validated without some experimental measurements. Therefore, it is 

important when making a lab-on-a-chip model in combination with an in-silico model, 

particularly for the investigation of fluid behaviour, that all variables are quantified as 

depicted in Figure 2.9, which has not previously been done for capillary networks. 

This presents many challenges as the use of some materials and techniques may 

interrupt or prevent biological work or vice versa. The combination of these variables 

would allow for the creation of a successful in vitro model of microvascular collapse.  
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Figure 2.9: Important considerations for the model of microvascular collapse 

Limitations 

 

Blood vessel models are often scaled up from the in vivo diameter of a capillary, 

venule, or arteriole. The resolution of microfluidic devices is limited to the resolution 

of the production process machinery (5 nm to 5 μm) and may present variations in 

accuracy ranging from 100 nm to 3 μm (95). In designs where a mould technique is 

used, geometries are limited as no undercuts through the design are allowed, which 

limits the cross-section of the device to rectangles and trapeziums, etc., but prevents 

the creation of physiologically relevant circular cross-sections without further 

modification (96). In some cases, semi-circular cross-sectional channels can be 

Biologically 
compatible 
materials 

Geometry 
reflects in vivo 

pathophysiology

CFD can be 
validated and 

improves model 
significance

Ability to 
investigate 
parameters 

experimentally 
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aligned but their alignment is difficult. Alternatively, microwire moulding may be used 

(97).  

To develop models where expensive fabrication processes/ equipment are required 

the research area must have enough significance to warrant its investigation at a 

high cost. In high-incidence disease areas such as cancer, DVT, and atherosclerosis 

these models may be investigated thoroughly with many variations in design, 

however, for conditions with a lower incidence but extreme outcomes, such as Acute 

Compartment Syndrome these models are the first of their kind and the creation of 

complex circular geometries is inaccessible. The microtechnology used in their 

creation, particularly concerning the recreation of physiologically relevant conditions 

was not available in vascular healthcare applications before, and thus specific 

modifications should be drawn upon by reviewing a wider range of literature of lab-

on-a-chip models, BioMEMS and microfluidic techniques.  

To begin to build in vitro- in vivo and even in silico correlations to give scope for 

diagnosis, understanding and mimicking the pathophysiology of disease states 

becomes increasingly important when creating microfluidic in vitro models. 

Geometric Design of Blood Flow Models 

 

Geometric designs of microfluidic devices should be thoroughly considered to create 

a replicable environment and physiologically relevant hydrodynamics in the 

microfluidic device. Throughout the literature, many variations of geometric design 

are considered, with different channel diameters, cross-sections, lengths, and 

branchings, in addition to modifications of the internal surface with successful results. 

Duchamp et al., 2019, used templating to create PDMS devices mimicking the 

microvasculature, followed by laser ablation to create pores for the seeding of 



50 
 

endothelial cells. The model was used to simulate tumour angiogenesis with success 

as shown in Figure 2.10 (50). 

 

Figure 2.10: Laser-ablated PDMS microchannels used for the growth of cells 

simulating tumour angiogenesis with successful angiogenesis by day 7 from 

Duchamp et al. 2019 (56).  

Sivarapatna et al., 2017, grew microvascular networks using PDMS and human-

induced pluripotent stem cells, hiPSCs, and measured the effect of shear stress on 

the cells from 0.01-0.25 N/m2. Immunofluorescence was used to analyse the 

phenotype and nitric oxide, NO, regulation with the results successfully mimicking in 

vivo NO production, rearrangement, and phenotypic changes (51). 

Network and Branching Models 

 

Another geometric factor often considered is the influence of flow in networks and 

branched models. This has been done in many ways with varying levels of success 

as summarised in Table 2.2. 

Table 2.2:  Network and branched models of microvasculature 

Network model Of Branching Findings How Ref. 

Capillary network 
Water 

capillary 
network 

Murray’s 
Growth can be 
predicted using 

capillarity of 
MATLAB (98) 
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Network model Of Branching Findings How Ref. 

max flowrate 

Capillary network 
of frogs 

Frogs 
(Rana 

pipiens) 
Measured 

Path length 
3.56 mm av +/- 

1.6 

Injection with 
microfil 

(99) 

Coronary 
microvasculature 

Full 
vascular 
model of 
the heart 

Determined 
by model 

Created a 
model for in 
vitro in vivo 
correlations 

Computational 
model 

(100) 

Cerebral blood 
circulation in 

capillary network 

Blood 
network 

and 
influence of 
endothelial 

surface 
layer 

Not 
considered 

Model includes 
endothelial 

surface layer 
Finite Element (101) 

Bifurcating 
microchannel 

Blood flow T junction 

Haematocrit 
distribution 
depends on 
branching 

Experimental, 
empirical, and 
CFD models 

(102) 

Branching 
network 

Blood flow 
Micronetwork 

T junctions 
Varies based on 

branching 
Empirical (103) 

Bifurcated 
Carotid artery 

Blood flow T junction 
Low wall shear 
stress due to 

stenosis 
Finite Element (104) 

Coronary 
microcirculation 

Blood flow 

Geometry 
collected via 

invasive 
coronary 

angiography 

Defined 
coronary 

microvascular 
dysfunction 

CFD-based 
fractional flow 

reserve 
(105) 

Microvessels Blood flow 
Simple vessel 
and sutured 

Shear stress 
rate was 

underpredicted 

Finite Volume 
ANSYS Fluent 

(106) 

Blood vessel Blood flow Bifurcation 

There is energy 
loss at the 

bifurcation, the 
angle does not 

affect flow 
resistance 

Finite volume 
Ansys Fluent 

(107) 

Artery branches Blood flow 

Murray’s law 
model and 
Invasive 
arterial 
studies 

Variation of 
optimal 

exponent from 
Murray’s law 

model 

Novel CFD 
model 

(108) 
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The literature concludes that for most vascular models either straight ‘simple’ 

channels are used and T-junctions, often seen in microfluidics are predominant with 

some bifurcations followed by Murray’s law-specific branching. More developed 

models may use area-specific techniques such as fundus photography or coronary 

angiography, or in animal studies, such as in Plyley et al., 1976, network geometries 

were taken from capillary networks of frogs through injecting the network with microfil 

(99). Li et al., 2017, developed a PDMS and glass hydride microfluidic device to aid 

in the diagnosis of retinopathy. The researchers used fundus photography, the 

technique of photographing the retina of the eye, to mimic the shape of the 

microvascular network. This technique, limited to optometry, is a successful way of 

analysing the geometry of the microvascular network in the eye but is limited in its 

application. Endothelial cells and peripheral blood mononuclear cells, PBMC, were 

grown in the lab-on-a-chip model and the effect of tumour necrosis factor, TNF-a, on 

cell adhesion, was measured to create a correlation. At 10 ng/mL at 5 µL/min of TNF-

a for 18 hours the number of adherent PBMCs was significantly higher than with no 

TNF-a or when applied at 10 µL/min which makes the device design such as 

branching and resultant shear stress able to replicate and help aid in the diagnosis of 

diabetic retinopathy (49).  

Priyadarshani et al., 2018, further developed the microvasculature networks by 

mimicking the geometry and branching of the microvasculature using a leaf following 

Murray's law (76)(45). Three orders of channel were formed, 600, 400, and 30 µm, 

and could be formed into microfluidic channels that remained open under pressure. 

The branching is likely to affect the flow direction, shear, and cell anchorage, 

therefore it must be included in the design of PDMS microvasculature models. In the 



53 
 

absence of in vivo data further models are created following Murray’s law and 

bifurcations, and some networks consider the effect of the branching angle (107).  

Deformation 

 

Blood vessels are inherently flexible due to their outer wall structure as described in 

Section 2.1.3. The variable Young’s modulus of PDMS can be manipulated to create 

a deformable wall system using micropumps to replicate microvascular collapse as is 

seen with ACS (109).  

The Young's modulus of elastin was found to be 0.65 MPa and of collagen 550 MPa, 

however, it cannot be assumed that the Young’s modulus of the blood vessel is 

determined using calculations from these compositions (54)(110). This is due to the 

arrangements of the collagen and elastin in each vessel which aligns differently 

giving the vessel different flexural properties. It is also dependent on the cyclic stress 

the blood vessel has endured. Measuring the Young’s modulus of the vessel is 

difficult also as the stress on the vessel is dependent on the pressures surrounding 

the vessel walls (48).  

The vessel walls however are known to be flexible/ deformable/ collapsible. It is seen 

in Acute Compartment Syndrome that there is venous-capillary collapse due to the 

increased interstitial pressure and decreased blood pressure explained in § 2.1.1. 

Furthermore, blood vessel walls are often modelled using Hooke’s law, Equation 2.4, 

but at larger stresses, there is non-linearity in their mechanical response and the 

vessel is predicted to behave due to Fung’s constitutive equation of hyperelasticity, 

Equation 2.5 (111).  

𝐹 =  −𝑘 . 𝑥 (2.4)  
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Where 𝐹 is the force, 𝑘 is the spring constant and 𝑥 is the extension. 

𝜎(𝑡) = ∫ 𝐺(𝑡 − 𝑡′)
𝑑𝜎𝑒[𝜆(𝑡′)]

𝑑𝜆

𝑑𝜆(𝑡′)

𝑑𝑡′
𝑑𝑡′

𝑡

0

 (2.5) 

Where σ is the stress, 𝜎𝑒, is the elastic response, 𝜆 is the extension ratio and 𝐺(𝑡) is 

a relaxation function (112). 

The blood vessel has tension in the wall due to its elastic properties through elastin 

fibres which are typically modelled using a function of Hooke’s’ law at lower stress 

and strains, however, it is seen that for mammalian vessels, such as the vena cava, 

Hooke’s’ law is not obeyed and this disagreement is more likely for smaller order 

vessels such as capillaries (113). Burton 1950, suggests a Laplacian relationship 

between the tension, pressure, and radius of the capillary, Equation 2.6 (113). 

𝑑𝑇

𝑑𝑅
=

𝐸

𝑅𝑜
 (2.6) 

Where T is the total tension, Ro is the unstretched radius, R is the radius and E is the 

elastic constant (113). There will also be tension due to the smooth muscle cells 

which can tense or relax depending on the state of vasodilation or constriction and 

interfacial tension from the fluid to the wall (113).  The total critical tension, Tc, on the 

system can be back-calculated from the critical closing pressure, Pc, and closing 

radius. 

𝑇𝑐 = 𝑃𝑐𝑅𝑐 (2.7) 

The shape of the cross-section of the capillary depends heavily on the pressure 

applied externally relative to the internal pressure known as the transmural pressure. 

When the internal pressure is low the tube cross-section relies on its wall structure to 
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maintain a circular cross-section which may only be achieved when the volume and 

transmural pressure are high, as before this we see an oval or collapsed/ deformed 

shape as the wall may not support itself as shown in Figure 2.11 (114).  

 

Figure 2.11: Pressure vs cross-sectional area for an elastic tube modelling a blood 

vessel taken from Chow, 2006 (50) 4 https://pubmed.ncbi.nlm.nih.gov/16699834/  

When the cross-section has become circular there is a trade-off between the wall 

structure and the pressure difference across the wall before radial deformation can 

be seen. In veins, we have a low-pressure difference as interstitial pressure is 

estimated at 10 mmHg and venous pressure is 15 mmHg so with the same order of 

magnitude internal pressure increase, the vessel is likely to show a deformation, 

 
4 Use with permission from .W.Chow, A simple model for the two dimensional blood flow in the 
collapse of veins, Journal of Mathematical Biology, 52(6), 733-44, 2006, Springer Nature" 

https://pubmed.ncbi.nlm.nih.gov/16699834/
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however, this may not be true for arteries due to their structural properties discussed 

in Section 2.1.3 (48).  

Models of Deformation 

 

Models of deformable tubing date back to the 1900s when large-scale rigs with 

sections of deformable tubing were studied. Holt, 1941, created an experimental 

setup to understand the venous flow, in which a section of deformable tubing was 

attached vertically to two rigid tubes, and the flow rate through the setup changed 

from 0-20 mL/s and ran at different inclinations from 0-90 degrees. The flow was 

measured using a plethysmograph. The results found that the inclusion of a 

collapsible tube does not affect the flow rate which is to be expected, due to the 

maintenance of continuity (115). With increasing flow rate the cross-section of the 

channel increased, as expected and corroborated by Katz, Chen, and Moreno in 

1969, but stays constant under constant flow (114).  It can thus be assumed that the 

transmural pressure is the presiding factor of deformation. Katz et al., 1969, used the 

same setup to model fluid behaviour in deformable channels (114). They developed a 

model derived from the continuity equation and experimental data achieved using the 

same setup as Holt. The experiment was carried out at laminar Reynolds numbers 

and overall proposes a lumped parameter model for pressure and flow in a 

collapsible tube. Hysteresis was only found at higher flow rates and lower pressures 

due to oscillations due to elasticity and outlet pressure (114).  

It is common for fluid behaviour in flexible/deformable/collapsible vessels to be 

studied in this manner, known as the Starling resistor, with a large set up of tubing 

encased in a pressure chamber and attached to rigid tubing at either end typically 
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with a gravity-driven flow and hydraulic pressure difference generated across the 

tubing (116). Using this set up valves can be closed before or after the channel to 

measure the resultant deformation of the channel. However, in this experiment the 

technique is unrepresentative of the vascular system due to its larger dimensions: 0.6 

cm2 cross-sectional area, 1.23 cm diameter, higher Reynolds numbers 100-1000; 

and less accurate flow and pressure control. Recent developments in microfluidics 

allow for microfluidic channels as thin as 50 µm to be constructed to create 

deformable channels with a more representative flow regime. Experimentally, Weibel 

et al. created a ‘pump’ style deformation using TWIST valves to overfill regions of 

channels in a PDMS network (117). The compartments can be pressurised and were 

used for the delivery of materials in sequence to the device. The ratio of base to 

curing agent was also altered to change the elastic properties of the PDMS creating 

an experimentally deformable model. 

Furthermore, microfluidic flow and pressure control can be more accurately controlled 

using syringe pumps and pressure controllers. The study of the flow itself is not 

limited to mass over time, however, this can be seen as a useful checking tool but 

can be accurately measured within the deformed cross section using techniques 

such as micro-PIV, particle image velocimetry, and ghost particle velocimetry, GPV, 

also to give a spatial velocity distribution (118–120).  

2.4  Deformation and Blood Flow Models 

 

There are a few empirical and in silico models of deformation and blood flow as 

summarised in Table 2.3. Chow and Mal, 2006, created a model of 2D blood flow in 

the collapse of veins, derived from Navier Stokes, Poiseuille’s law, and buckling of an 
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ellipse under the assumption of constant perimeter (50). Similarly, Ghazy et al., 2018, 

investigated the collapse of blood vessels under high stresses with nonlinear 

deformable walls using the Fung-type isotropic constitutive equation for the 

deformation of an ellipse. The model showed that the non-linearity of the blood 

vessel walls affected the blood flow rates (121).  

Table 2.3: Deformable blood flow models 

Model 
Dimension 
(1D/2D/3D) 

Modelling Finding Ref. 

Human leg- varicose 
veins under external 

pressure 
2D 

Finite element in 
ABAQUS 

External pressure 
decreases 
transmural 
pressure 

(122) 

Collapse of veins 2D Analytical model 

Abides by Navier 
Stokes and 

continuity. Buckling 
shapes can be 

found analytically. 
Agrees with 
experimental 

(50) 

Collapse of blood 
vessels with non-

linear wall material 
3D 

Analytical and 
numerical- Fung-
type law applied 

Buckling shape 
depends on the 

nonlinearity of the 
wall, blood flowrate 
increases with non-

linearity 

(121) 

Blood flow under 
standing movement 

with 
arterial/ventricular 

contraction 

1D Empirical 

Contractibility 
increases faster 
than peripheral 

resistance 

(123) 

Self-excited 
oscillation of blood 

vessels 
2D 

Finite difference, 
multi-block lattice 

Boltzmann method, 
momentum 

exchange coupling, 
FSI (Fluid-structure 

interaction) 

Oscillation depends 
on distance, 
degree, and 

externally applied 
pressure 

(124) 

Blood flow in 
deformable models 

3D 

TEPEM and FSI 
(Transversally 
enriched pipe 

element method) 

The addition of FSI 
and using TEPEM 
is comparable to 
the FEM model 

(125) 

Blood flow in the 
annulus porous 
region between 

2D Empirical 
Relative effect of 
each parameter 

(126) 
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deformable tubes 

Blood flow in 
compliant vessels 

1D and 3D 
FSI 

Coupled momentum 
method in Finite 

Element 

Can be used to 
reduce computing 

time when 
estimating shear 

stress 

(127) 

Blood flow in elastic 
vessels 

3D Finite volume 
Depends on flow 

velocity when using 
CFL condition 

(128) 

 

It is seen throughout the literature that the models are based on the Navier-Stokes 

Equation, the Poiseuille Equation, and continuity, often assuming Newtonian flow 

(129). The boundary conditions vary, some models use Dirichlet (125), Neumann, 

resistance, flow rate (130)(123), or pressure (124). The elasticity of the wall is often 

modelled using spring and dashpot models of Hooke’s law (131)(132), or data on 

distensibility in some earlier models (133). However, almost all these models used 

computational techniques to model the flow, and this was not coupled with 

experimental data. Furthermore, blood flow is non-Newtonian- which means that the 

difference in phenomena due to viscosity needs to be accounted for. 

Furthermore, there are many non-biological specific models of flow under collapsible 

tubings, such as in the Starling resistor and other analytical models, discussed 

thoroughly in Grotberg and Jensen, 2004 (134). The models use lumped parameter 

assumptions giving ‘ideal’ systems which are not the case in biological models due to 

wide ranges of variation and cell behaviour. This assumption was challenged and 

investigated through the creation of analytical models with non-linear wall properties 

by Ghazy et al., 2018, which found that non-linear properties do affect blood flow 

rates (121). Often, throughout the creation of analytical models of collapse, behaviour 

is deemed to ‘agree with experimental’ however, the details of these experiments are 

absent from the literature or are compared to experimental work completed in a 



60 
 

different setting. For their validation against experimental, in vivo data should not be 

deemed as a direct comparison as there are many other factors, and smaller scale 

measurements and matching analytical parameters should be created with careful 

consideration of error. In vivo data is better, however, to validate in silico models, in 

vitro models provide quantifiable parameters with less variation. However, as most of 

this research was conducted before the wide accessibility and creation of microfluidic 

devices there is a gap in the literature for the validation of collapsible microfluidic 

models representing blood flow behaviour.  

2.5  Models of Hydrodynamics in Microfluidics (in silico) 

 

In microfluidics, flows of 10-9 to 10-18 L of fluid are used where the intermolecular 

distance between the fluid particles is greater than 0.3 nm and thus the fluid is 

defined as an incompressible continuum (43)(135).  

Flows are assumed to abide by macroscopic flow behaviour at scales greater than 10 

μm and are governed by continuity and the Navier Stokes equations (2.8, 2.9) below 

(135).  

𝜕𝑡𝜌 + ∇. (𝜌𝒗) = 0 (2.8) 

𝜌 (
𝜕𝒖

𝜕𝑡
+ 𝒖. ∇u) = −∇p + ∇. [μ(∇𝐮 + (∇𝐮)T)] + 𝜌𝒈 (2.9) 

Where 𝜕𝑡 is the time derivative, u is the velocity field. 

Scaling laws can thus be applied to flow behaviour seen in non-microscopic flows. 

Initially, it is possible to scale the inertial to viscous forces on the fluid using the 

dimensionless Reynolds number, Equation 2.10.  
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𝑅𝑒 =
𝜌𝑣𝑑

𝜇
 (2.10) 

Where ρ is the density, 𝑣 is the velocity, 𝑑 is the diameter or hydraulic diameter and μ 

is the dynamic viscosity. In microfluidics, due to the small volumes of liquid and small 

geometries used, the Reynolds number is often of the order of unity (approaching the 

Stokes flow regime) and clearly falls into the laminar flow regime (Re < 2000).   

In pressure-driven microfluidics, where the flow is laminar, in straight, circular cross-

section pipes the flow is known to abide by the Hagen-Poiseuille equation (135). 

∆𝑃 =
8𝜇𝐿𝑄

𝜋𝑟4
 (2.11)

Starting from an elemental balance the equation for a velocity profile can be derived. 

𝑣

𝑣𝑚𝑎𝑥
= (1 −

𝑟2

𝑅2
) (2.12) 

By integrating this parabolic velocity profile, we can calculate the volumetric flow rate: 

𝑄 = 2𝜋 ∫ 𝑟𝑣𝑑𝑟
𝑅

0

=  
𝜋∆𝑃

8𝜇𝐿
𝑅4 (2.13) 

In rectangular microchannels, similar approaches can be used. Alternatively, the 

problem can be solved for steady-state, incompressible parallel flow in a square duct 

in 2D using Equation 2.14 (136)(135). 

𝜕2𝑣

𝜕𝑦2
+

𝜕2𝑣

𝜕𝑧2
=

−∆𝑃

𝜇𝐿
 (2.14) 

Using an Eigen function and Fourier series expansion: 

𝑄 =
4∆𝑃ℎ3𝑤

2𝜇𝐿
(1 − ∑

192

(2𝑛 + 1)5𝜋5

ℎ

𝑤
tanh (

(2𝑛 + 1)𝜋𝑤

2ℎ
)

∝

𝑛=0

 ) (2.15) 
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For all derivations, the boundary conditions were set to be no slip 𝑣 = 𝑜 at ℎ = 0 or 

ℎ = 𝐻 and 𝑣 = 0 at 𝑤 = 0 and 𝑤 = 𝑊. At the centre of the channel, the velocity is at 

its highest point, Vmax, which can be calculated as 
1

2
𝑉𝑚𝑎𝑥 = 𝑉𝑎𝑣  for cylindrical 

channels, but changes based on cross sectional geometry and aspect ratio. The flow 

is incompressible, symmetric around the x-axis, fully developed, and at a steady 

state.  Where n is a positive integer. 

When: 

ℎ

𝑤
≪ 1 (2.16) 

The equation simplifies to: 

𝑣 =
∆𝑃ℎ2

2𝜇𝐿
(1 −

𝑤2

ℎ2
) (2.17) 

And thus: 

𝑄 =
2∆𝑃ℎ3

3𝜇𝐿
 (2.18) 

Alternatively, Equation 2.19 from Tanyeri et al., 2011, can be used for flow in a 

rectangular channel derived from the Navier Stokes equation with a no-slip condition 

of 𝑢 = 0 at 𝑤 = −𝑤/𝑤 and 𝑧 = 0 ℎ = 0 (137).  

𝑄 =
∆𝑃ℎ4

12𝛼𝜂𝐿
(1 − ∑

192𝛼

𝜋𝑛5

∝

𝑛 𝑜𝑑𝑑

tanh (
𝑛𝜋

2𝛼
)) (2.19) 

Where α is the aspect ratio of the channel ℎ/𝑤. 3D modelling of microfluidic flow can 

be done empirically using Equation 2.16 following the work by Tanyeri et al., 2011, as 

seen in Figure 2.12. 
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Figure 2.12: A 3D model of a velocity profile distribution from Tanyeri et al., 2011 

(137) 

2.5.1  Shear Stress 

 

If the fluid is Newtonian, the wall shear stress may calculated using Newton’s law of 

viscosity, Equation 2.20 (138). Where 𝜇 is the dynamic viscosity, 𝑑𝑣 is the change in 

velocity and 𝑑𝑥 is the displacement in the x direction as seen in Figure 2.13.  

𝜏𝑤 = 𝜇
𝑑𝑣

𝑑𝑥
 (2.20) 

 

Figure 2.13: Depiction of microfluidic channel labelling axis and fluid flow direction, 

plane of measurement is light blue area 
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The values of velocity can be obtained using the aforementioned equations for 

velocity profiles in rectangular channels or through measurement techniques 

discussed in Section 2.6. Thus, the parameters that influence the wall shear stress 

are the fluid viscosity, velocity (determined by pressure in vascular systems), and 

geometric design.  Determination of the value of velocity gradient 
𝑑𝑣

𝑑𝑥
  close to the wall 

is challenging in measurements due to the high resolution needed imparted by the 

no-slip condition present at the channel wall.  This is a feature of the research which 

later follows.   

2.5.2  Numerical Models Including CFD 

 

Throughout this literature review, computational models have been found with 

varying levels of in vivo parameters and employing many computational techniques 

as described in Table 2.4. which are employed when the complexity in the flow, 

geometry or fluid rheology precludes use of the simple analytical solutions to the 

governing Navier Stokes equations described in the above section. 
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Table 2.4: Modelling techniques and their capabilities (139) 

Modelling Type Uses 

Discrete Element Method (DEM) Motion of many small particles 

Boundary Element Method 
(BEM) 

Uses linear partial differentials 
Fluid mechanics and boundary conditions 

Used for linear homogenous media 

Computational Fluid dynamics 
(CFD) 

Used to model fluid flows and multiphase 
systems with boundary conditions 

Employs the Navier Stokes equation in both 2D 
and 3D 

Lattice Boltzmann (LB) 

Fluid simulation 
Navier Stokes 

Flow modelled as a lattice 
Fluids in porous media 

Smooth Particle Hydrodynamics 
(SPH) 

Continuum media 
Solid mechanics and fluid flows 

Mesh-free so employs complex boundary flows 
Can be hybridized 

Code for forces on particles 

Finite Element Method (FEM) 
Structural analysis 

Heat transfer, mass transfer, and fluid flow 
Solves partial differential equations 

Coarse-grained Molecular 
Dynamics (CGMD) 

The aggregation of molecules on the mesoscale 

 

Impressive models have been produced in modelling blood flow. Alexiadis et al., 

2020, combined Discrete Multiphysics (DMP), Smooth Particle Hydrodynamics 

(SPH), the Lattice Spring Model (LSM), and the Discrete Element Method (DEM) to 

simulate blood flow as a Newtonian fluid (64,139,140). Ariane et al., 2018, modelled 

flow and agglomeration in the vasculature using a discrete multi-hybrid system and 

Smooth Particle Hydrodynamics (140). SPH uses a spring and dashpot coding to 

model solid particles to model flexural and viscous behaviour. The technique was 

also used to model solid-liquid flows by Alexiadis, 2015, in combination with CFD and 

the DEM to measure particles in solution and interparticle interactions (139).  
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However, most computational models of blood flow within the literature use CFD. 

CFD encapsulates a wide range of modelling techniques that can be used to validate 

and develop experimental models of complex behaviour. CFD modelling can be used 

for a range of applications from models considering the flow as a Newtonian 

continuum, shear-thinning, or even as individual blood cells. In addition, CFD can be 

used with fluid-structure interaction (FSI) and the mesh can be carefully controlled for 

the extraction of variables, which is not seen in mesh-free techniques such as SPH. 

In addition to the models discussed throughout the literature review, specific CFD 

models have been created to model wall shear stress in blood flow applications, as 

discussed in Table 2.5. 

Table 2.5: Computational blood vessel models investigating wall shear stress 

Model Why How Dimensions Comments Ref. 

Singular tube 
of blood 
vessel 

Margination 
and adhesion 

of platelets 
due to shear 

Dissipative particle 
dynamics DPD 

20-micron 
inner 

diameter 

Modelled blood 
flow as red blood 

cells and 
platelets 

(102) 

Coronary 
model 

Myocardial 
perfusion 

Multicomponent and 
fluid-structure 
interaction Set 
velocity profile 

SIMPLE 
No-slip on walls 

Taken from a 
CT scan 

Model as an 
incompressible, 

homogenous 
fluid under rigid 

walls 

(141) 

Network 
model 

Distribution of 
wall shear 
stress in a 

microvascular 
network 

3D computational 
model 

Followed in 
vivo data 
diameters 

6-24 micron 

Red blood cells 
Calculated wall 

shear stress 
using second-
order central 

differencing in 
the direction of 

the specified wall 
shear stress 

gradient 

(142) 

Wall shear 
stress 

variability in 
CFD-MRI 
coupled 

simulations of 
blood flow in 

Aortic 
aneurysm 
affected by 
wall shear 

stress 

CFD 
Taken from 

MRI 

Good to excellent 
correlation, small 

sample size, 
large ranges 

(143) 
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Model Why How Dimensions Comments Ref. 

aortas 

Coronary 
artery CFD 

for 
quantification 
of pressure 

and wall 
shear stress 

Atherosclerotic 
disease 

3D CFD 
CTA images 

with focal 
stenosis 

Good agreement 
with patient data 
however in vivo 
data compared 

has lots of 
caveats 

(144) 

Modelling 
analysis of 

blood flow in 
renal 

bifurcated 
artery with 
stenosis 

Renal artery 
stenosis 

CFD finite element 
2 mm x 4 

mm 

Compared to PIV 
data from the 

literature 
(145) 

 

The CFD model created by Hamidah and Hossain, 2024, although simplified, is a 

good predictor of many parameters that require investigation such as shear stress 

and pressure. Shear stress was found to be in the range of in vivo data. The model 

includes pulsatile flow and shear thinning rheology and is validated against 

experimental data (145). The model can be used as a development tool and although 

is specific to the renal artery can be used as a basis for the development of other 

models.  

2.6  Measurement Techniques 

 

A range of techniques may be used to perform measurements of the concentration of 

species or flow within microfluidic devices. Fluorescence may be used for spatial 

distribution concentration measurements; whilst outlet concentrations can be 

determined using high-performance liquid chromatography, HPLC, or gas phase 

chromatography (146).  Immunostaining can be used to measure cell behaviour as 

well as live-dead assays.  
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Particle tracking techniques such as Particle Image Velocimetry, PIV, or microPIV can 

be used to measure flow distributions, flow rates, and calculate shear stresses within 

fluidic devices-with microPIV used for measurement in microfluidic devices. Some 

examples of flow analysis on the microscale are summarised in Table 2.6. 

Microparticle image velocimetry is a variation of the PIV technique used to measure 

velocity profiles in microchannels. It is a non-intrusive technique where the fluid is 

seeded with particles and the particle movement is measured using a high-speed 

camera up to 100 cm/s; detecting velocity vectors within the device and thus useful in 

measuring many fluid phenomena (147). It was detected by Bitsch et al., 2003, using 

microPIV that there was a 3 μm boundary layer at the wall comprising 21% of the 

channel dimensions in a laminar flow model (148). 

Although PIV and microPIV are the most commonly used techniques for measuring 

the velocity vectors of flow, recently ghost particle velocimetry, GPV, has become a 

cheaper and more accessible alternative for the assessment of flows in microfluidic 

devices (119). Riccomi et al., 2018, compared the use of MicroPIV and GPV and 

found that for low Reynolds number values, GPV gave comparable measures to 

MicroPIV (50). Schofield et al., 2020, developed a microfluidic model to represent 

deep vein thrombosis and successfully used GPV to measure vortexing and the 

accumulation of particles between symmetric and asymmetric valves whilst 

measuring the Young’s modulus of the valve (64).   
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Table 2.6: Techniques used to analyse flow behaviour on the microscale 

Device Size Purpose Technique CFD Ref. 

Microfluidic D= 637 µm 

Measure the 
effect of 
surface 

roughness on 
the walls 

MicroPIV Y Fluent (147) 

3D printed 
D= 20 or 10 

mm 

Cardiovascular 
disease 

measures 
changes due 
to pulsatile 

flow 

Time-
resolved PIV 

Y CFX (149) 

Rat 
mesenteric 

vessels 
50-100 µm Blood flow 

Hybrid PIV 
and PTV 

x (150) 

Square 
microchannel 

100 µm 
Blood flow and 

velocity 
profiles 

Micro PIV x (151) 

Microfluidic 
model 

300 μm 
Deep Vein 
thrombosis 

Ghost particle 
velocimetry 

x (64) 

Micro -
capillary 

28 μm  x 360 
μm 

Boundary 
layer detection 

MicroPIV x (148) 

Parallel plates 

400 mm with 
accurate 

measurements 
to 10 μm 

Shear stress MicroPIV x (152) 

D shaped 
microchannel 

10-30 μm 
Velocity and 
shear stress 

Fluorescent 
bead tracking 

Y CFD (153) 

PDMS T 
junction 

40.7 x 9.9 x 
0.85 mm 

Shear stress 
Fluorescent 

bead tracking 
and MicroPIV 

x (118) 

 

2.6.1 Ghost Particle Velocimetry 

 

GPV is a technique developed by Buzzaccaro et al. in 2013 as an alternative to 

micro-PIV using easy access laboratory-based equipment, no laser but an optical 

microscope, and nano/microparticle solution (154). GPV uses a microparticle 

dispersion as the fluid- as in particle tracking velocimetry like PIV and micro PIV, but 

the speckle pattern created through light diffracted through the microparticle 
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dispersion acts as the tracer, not the particles directly. The speckle pattern is then 

analysed using the same autocorrelation algorithm as PIV (154). GPV is 

advantageous for many reasons such as reduced laboratory cost, no colloidal tracers 

to affect emulsion studies, and the ability to measure on the microscale without the 

use of a laser (154).  

Brunazzi et al., 2018, investigated variations on the setup parameters used in the 

GPV technique from Buzzaccaro et al., 2013, such as the number of frames and the 

effects of nanoparticle concentration, and validated its accuracy compared to that of 

microPIV (119).  Following this, GPV has also been used with success to measure 

flow field behaviour in droplets formed in T junction devices (155), and to investigate 

flow behaviour in microfluidic devices with valves (64).  

For GPV the data extracted is the velocity magnitude and the flow rate is often 

supplied from the syringe pump measurement and not directly from GPV 

measurements, excluding in Schofield 2019, where the flow rate is calculated by 

multiplying the average velocity as measured by GPV by the cross-sectional area of 

the device (156). GPV is not currently known to have been used for shear stress 

measurements. 

The diameter of the microparticles typically used are 200 nm as this should be less 

than the diffraction limit, 300 nm, (although the bulb used in these works was a Prior 

brightfield LDB103, which uses 450 nm, with a 400 nm to 750 nm range) as to not be 

measured as the tracer but the diffraction of the light (119). The speckle pattern is 

formed similarly to that of dynamic light scattering, measuring the change in the light 
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pattern caused by the movement of particles and their relative movement over time, 

Equation 2.21 (156). 

Δ𝑥 = 𝑣Δ𝑡 (2.21) 

The images are split into grids with each box being an interrogation area and the 

movement between these areas over the timestep measured. This process is 

summarised in Figure 2.14. 

 

Figure 2.14: Raw image data collected from GPV, speckle pattern, vector maps 

collected from autocorrelation algorithm from Schofield, 2019 (156) 

The pattern is then analysed by the autocorrelation function, Equation 2.22, to 

assess the movement of light with respect to time, where Is is the scattered light 

intensity and t is the time (s) (156).  

𝐶( 𝑡′)  ≡  ⟨𝐼𝑆(t) × 𝐼𝑆(t +  t′)〉 = lim
𝑇→ ∞

1

2𝑇
 𝐼𝑆(t)𝐼𝑆(t +  t′) 𝑑𝑡 #(2.22) 

For a clear speckle pattern, the microscope must be set up with Köhler illumination to 

give an even light distribution (119). The light source should also be inspected to 
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ensure an even light distribution. The aperture on the brightfield should be fully open 

whilst the aperture on the condenser lens is set to 15-30% (119). The speckle pattern 

can be determined via the Equation 2.23: 

𝛿𝑧 ≈
𝜆

(𝑁𝐴𝑐)2
(2.23) 

Where 𝛿𝑧 is the longitudinal speckle characteristic size, 𝜆 is the wavelength of light, 

and NAc is the numerical aperture on the condenser lens. It is also important for the 

scale of GPV that the influence of flow is greater than that of Brownian motion (156). 

Up to 500 frames are taken to create a speckle pattern with the frame rate and 

shutter speed varied to reflect the flow rate used, as the frame rate should capture 

the particle whilst it is in the frame, and at higher velocities, the particle may have left 

the region of interest, the interrogation area (a defined region in the autocorrelation 

analysis) before the timestep (119). The shutter speed can be used to adjust clarity of 

the speckle pattern as it is the amount of time the shutter is open per frame and the 

light level.  

For reliable GPV measurements, the frame rate and interrogation area must be 

synchronised (119). An approximation of this is Equation 2.24: 

∆𝑡 =
1𝐿𝐼𝑅

4𝑉
  (2.24) 

Where ∆𝑡 is the time step, 𝐿𝐼𝑅 the interrogation area size and V the average velocity 

(119). However, this is for a single pass of one velocity distribution therefore multiple 

passes and interrogation areas have been used to capture steeper velocity gradients. 
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Table 2.7: Advisory parameters for GPV analysis 

Flowrate (μL/min) Frame rate (fps) Shutter speed 

1 1000 1/5000 s 

5 5000 1/6000 s 

10 7000 1/12000 s 

100 + 50000 1/50000 s 

150 + 75000 1/75000 s 

 

The accuracy of the speckle pattern may also change with fluid properties affecting 

the microparticles. Microparticle agglomerates can be reduced by making a solution 

containing 10% Tween, a surfactant added to remove steric interaction between 

particles due to the presence of impurities, such as salts, forming agglomerates 

(156). The agglomerates can be detected by the PIV autocorrelation algorithm 

creating vectors that slow down the flow.  

2.7  Conclusions 

 

This literature review has shown that there is limited possibility of fully 

comprehending the haemodynamics seen in microvascular collapse in capillary 

networks without first considering local and bulk hydrodynamics and their possible 

effects, which is an area that is often overlooked in vessel models, particularly that of 

lab-on-a-chip. As a reference, CFD models are often used to calculate shear stress 

ranges in microfluidic/lab-on-a-chip models, however, they are rarely validated using 

experimental techniques. This may be due to cost, time or a choice of biological or 

physical phenomena priority.  
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This review indicates the potential to use GPV in a novel study to characterise flow 

behaviour in microchannels to determine their potential as in vitro models of the 

microvasculature and microvascular collapse, specifically for the quantification of wall 

shear stress.  The data from GPV could be combined with CFD data to quantify and 

verify local and bulk hydrodynamics before the model is used for biological 

investigation to aid in the development of new diagnostic methods for conditions such 

as ACS.  
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Chapter 3: Materials and Methods 
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3.1 Fabrication of mould for microfluidic devices 

 

Photolithography was used to manufacture the mould for the microfluidic device. The 

process was conducted inside an ISO-8 level clean room with filtered UV light and air 

to prevent any imperfections caused by dust and prevent any UV curing of 

photosensitive materials. Any imperfections will decrease the accuracy of the channel 

dimensions and its ability to form many negative PDMS moulds reliably. The process 

is depicted in Figure 3.1 

 

Figure 3.1: Production process of a positive resist wafer using photolithography and 

SU-8 on a silicon wafer 
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The substrate, a 4.5-inch silicon wafer from Si-Mat (Silicon Materials, Germany) was 

heated to 200°C using an Electronic Microsystems hot plate for 7 minutes to remove 

any organic contaminants that would prevent an even layer of SU-8 from forming.  

To improve the reproducibility of SU-8 thickness, 5 g of SU-8 2075 photoresist 

(KayakuAM, USA) was spin-coated onto the wafer and the wafer was centralised on 

the spin coater using an alignment tool, (POLOS, Germany). It is possible to tune the 

height of the channel by altering the spin speeds as seen in Table 3.1. SU-8 is an 

epoxy-based viscous photoresist that is chemically and thermally stable and forms a 

solid structure when exposed to ultraviolet radiation with a wavelength of 350-400 nm 

via a crosslinking process (157). These properties along with its viscosity allow for 

the SU-8 to be cured vertically giving straight walls and thus greater accuracy when 

producing microfluidic moulds with rectangular cross-sections and a width (w) to 

height (h) aspect ratio where w>>h (157). Depending on the SU-8 viscosity, the 

maximum speed of the spin coating process varies as seen in Table 3.2 as with lower 

viscosities a higher rpm is needed to create the centrifugal force for a thinner layer of 

spreading.  

Table 3.1: Maximum spin speeds for various SU-8 compositions the measured 

variation across the wafer is stated. 

SU-8 

Spin speed (rpm) 

for 150 μm (146 

μm +7/-8) 

Spin speed (rpm) 

for 100 μm (131 

+10/-12) 

Spin speed (rpm) 

for 57 μm (+/- 8) 

Dilute 2075  - - 1700 

2075 1600 2100 - 
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There are 4 stages to the spin coating process, with two ramping stages to ensure a 

more even distribution of the photoresist before creating the thickness of the layer 

detailed in Table 3.2.  

Table 3.2: Ramp settings used for spin coating of SU-8 

SU-8 2075 

 

End Spin Speed 

of ramp change 

(rpm) 

Spin acceleration 

(rpm/s) 
Spin time (ss.s) 

Stage 1 100 300 10 

Stage 2 750 100 20 

Stage 3 
Maximum value 

from Table 3.1 
300 30 

Stage 4 0 -300 30 

 

The spin settings here depend on the type of SU-8 and desired height as with a 

greater viscosity there is more centrifugal force needed to spread the fluid. It was 

found that 1600 rpm is consistent in producing an average mould height of 146 µm 

(+/- 7/8) with SU-8 2075. The solvent within the SU-8, cyclopentanone, is rapidly 

evaporated during the spin coating process which leaves behind a thin film. The 

viscosity of the solution likely changes as the solvent evaporates during the spin-

coating process (158). 

The wafer coated with the photoresist is soft-baked at 65°C for 15 minutes, followed 

by increasing the temperature to 95°C for 45 minutes. The time at which the wafer is 
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hard-baked (higher temperature) depends on the desired thickness of the SU-8 layer 

(see Table 3.3) (157). The wafer is cooled to 60°C before it is placed in the 

Heidelberg Instruments Maskless Aligner µMLA (Germany); this step prevents SU-8 

from cooling too quickly as it was found that rapid cooling caused cracking of the SU-

8. The cracking of SU-8 reduces the adhesion to the silicon wafer surface upon 

crosslinking, rendering the mould unusable.  

Table 3.3: Pre and post-exposure bake settings for SU-8 2075 during 

photolithography (157) 

 

Pre-exposure 
bake stage 1 
65°C (mins) 

Pre-exposure 
bake stage 2 
95°C (mins) 

Post-
exposure 

bake stage 1 
65°C (mins) 

Post-
exposure 

bake stage 2 
95°C (mins) 

100 µm SU-8 
2075 

7 45 5 15 

50 µm SU-8 
2075 dilute 

6 20 1 5 

 

The µMLA, maskless aligner, exposes the SU-8 using raster scan exposure with a 

365 nm LED at 40 mm2/min at a resolution of 1 µm (159).  An AutoCAD design as 

shown in Section 3.4 is loaded onto the Heidelberg instruments maskless aligner 

(MLA) and after calibration is performed to find the correct UVA exposure dose and 

defocus, 600 mJ/cm2 and -2 respectively for the 100 μm channels. The dose is the 

exposure energy which increases with increasing SU-8 viscosity and the defocus is 

an arbitrary value set on a scale of -10 to 10 which determines the focus distance 

between the focal point and the writehead and varies on photoresist thickness (157). 
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Figure 3.2: Calibration images from the Maskless Aligner showing the clarity and 

correct formation when using a dose and defocus of 600 nm -2 and 600 nm +6 at 60x 

zoom 

The Heidelberg instruments MLA uses a spatial light modulator to project the 

AutoCAD design onto the wafer from the LED light source, curing the SU-8 in a two-

step process. Initially, a strong acid is formed which catalyses a thermal cross-linking 

during post-exposure baking.  

Once the SU-8 design has been cured the wafer is hard baked at 65°C for 5 minutes 

and then 95°C for 15 minutes on a completely flat and even hot plate known as the 

post-exposure bake (160). The wafer is then cooled to room temperature and SU-8 

developer (KayakUM, USA) is used to remove the uncured SU-8 for 5-15 minutes 

depending on channel height (157). The wafer is rinsed in isopropanol alcohol (70%, 

Sigma, U.K.), dried using compressed air and fixed in a 0.1 x 0.1 m square petri dish 

(Sigma, U.K.) before removing from the clean room environment. 
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3.1.1  Modification of Process for 50 µm Geometry 

 

To get thinner layers of SU-8 2075, the viscosity needs to be lowered. Therefore, to 

do this, cyclopentanone (Thermofisher, UK) was used as a diluting agent as it is the 

solvent used in the SU-8 photoresist formula (161). 11.6 mL of SU-8 2075 was 

combined with 0.828 mL of cyclopentanone and the solution mixed on a Stuart SRT6 

roller mixer for 48 hrs to increase homogeneity. By adding this dilution step it was 

possible to reduce the viscosity. 

The SU-8 was then loaded into the spin coater according to Section 3.1 and spin 

speeds were set to values from Table 3.2 to achieve a film thickness from 146 µm to 

57 µm. The device mould was fabricated using the available photolithography 

process as its formation using the Heidelberg Instruments Maskless Aligner has 

greater control and resolution of 1 μm (159) than using the available Form 3 

(FormLabs) 3D printing method at 25 µm (162)(119). 

3.2 Production of PDMS Channel and Microfluidic Device 

 

SYLGARDᵀᴹ 184 Silicone Elastomer Base was combined with SYLGARDᵀᴹ 184 

Silicone Elastomer Curing Agent, Dow Corning, in a 10:1 ratio (w/w) of base: curing 

agent and mixed for 2 minutes. The mixture was then added directly onto the wafer 

ensuring all the mask surface was covered before putting it into a vacuum chamber 

for 15 minutes to degas the PDMS removing any bubbles that would change the 

device structure. After degassing the wafer and the mixture were placed into the oven 

for 1.5 h at 70 ºC to allow the flexible elastomer polydimethylsiloxane, PDMS to cure. 

The recommended settings for PDMS curing vary depending on the application of the 
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device from 48 h at 25 ºC to 10 minutes at 150 ºC (163). 1.5 h at 70 ºC was chosen 

as the structure was maintained and there was no sticky residue to allow for rapid 

manufacture. 

After cooling, the PDMS channels were cut out using a No. 11 scalpel (SwannMorton, 

U.K.). Channels are left imprinted into the PDMS. Inlets and outlets can be punched 

into the device using a biopsy punch (KAI) with an internal diameter of 1.5 mm. 

To produce the final closed system which is a microfluidic device, the PDMS layer 

was adhered to a 25 x 75 mm ISO 8037/1 glass slide (Avantor, U.S.A). A Henniker 

Plasma HPT-100 oxygen plasma chamber was used to expose the surface of the 

PDMS and glass slide with a 50% intensity, 15 sccm (standard cubic centimeters per 

minute) flow and 20 s of exposure to plasma. The device was placed onto a hot plate 

under a weight for 20 minutes at 95 ºC, then 40 minutes at 70 ºC to seal the bond. 

Various settings have been used when joining PDMS to glass using oxygen plasma, 

with exposure times ranging from 20-60 s (164)(165)(166)(167). The oxygen plasma 

process has previously been modified by increasing the exposure to increase the 

burst pressure (168)(169) or peel strength (169) however, these settings were for test 

pressures 185-610 kPa significantly greater than the 4.7 kPa needed to mimic blood 

flow in the capillary (168)(170)(171). From experimental data collected by Jiang et 

al., 2002, the chemical properties of the PDMS surface mostly change rapidly in the 

first 20 seconds and then stabilise (172). As the maximum pressure the PDMS to 

glass bond would need to withstand was 4700 Pa, 20 s of exposure time was tested 

and the PDMS and glass slide adhered successfully. The oxygen plasma process 

removes silicone from the surface and replaces it with oxygen radicals, activating the 

surface, increasing hydrophobicity and allowing the PDMS and glass to form a bond 
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(173). To prevent any contaminants entering the device before use 500 μm internal 

diameter Polytetrafluoroethylene, PTFE tubing (Cole Parmer, U.K.) was attached to 

the inlet and outlet holes of the microfluidic device. 

 

Figure 3.3: A microfluidic device formed using soft lithography with tubing secured in 

the inlet and outlet holes 

Devices were produced using a 10:1 ratio of PDMS to maintain structure, however 

many ratios of PDMS were tested and used where specified for different purposes 

such as varying elastic properties as discussed in Chapter 6 to allow for the study of 

deformable walls (174)(175). Both fixed stenosis and deformable wall models were 

created to look at the effect of dynamic stenosis as replicable to ACS 

pathophysiology. 

3.3 Tensile Testing of PDMS Compositions  

 

PDMS samples underwent tensile testing to allow for the comparison of elastic 

properties and inform the design of channels with a deformable wall for mimicking 

ACS pathophysiology. Samples were prepared with SYLGARD 184 PDMS, (DOW, 

USA) using ratios of base to curing agent 10:1, 15:1, 20:1, 25:1 by weight.  This was 

1 cm  
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done to vary the Young’s modulus of the channel walls to replicate in vivo elastic 

behaviour and create a channel capable of deforming across the channel width. The 

PDMS is prepared according to Section 3.2. The PDMS is then cut using a specific 

ISO 37 dumbbell cutter.  

 

Figure 3.4: The set-up of the grips for the Zwick Roell tensile testing measurements 

The width and the thickness of the middle of the dumbbell are measured using 

callipers, (Mitutoyo, U.K.). The samples were tested on the Zwick Roell Z030 

Universal Tester and secured in the 8354 10 kN grips according to Figure 3.4 

(ZwickRoell, Germany). The top portion of the dumbbell was secured in the centre of 

the upper grip vertically and the bottom portion of the dumbbell was secured 

vertically centred in the lower grip using manual hand-tightened screws.  The sample 

is then pulled from 0 force at 10 mm/min until failure and the elongation and stress 

are recorded. The data is then extracted and the Young’s moduli can be calculated 

using Equation 3.1 (176): 
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𝐸 =
𝜎

𝜀
 (3.1) 

Where E is the Young’s modulus, σ is the tensile stress and ε is the tensile strain. 

3.4  Geometries 

 

All geometries were created using AUTODESK and fabricated using the soft 

lithography process in Section 3.2.  

3.4.1 Straight Channel  

 

A simple straight channel geometry was used as a reference point for comparison 

with 1-D analytical solutions of the Navier Stokes equations in laminar flow for local 

and bulk values of velocity and pressure.  In this way, the accuracy and repeatability 

of the experimental results and errors can be rigorously assessed. The straight 

channel model was also created to assess the hydrodynamic resistance in the 

experimental equipment as a function of channel cross-sectional area and 

contributed to enabling the determination of the ideal channel dimensions for a stable 

predictable flow rate within the experimental set-up. 

 

Figure 3.5: A straight channel geometry showing channel length, L, and width, w, 

observed from above 
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Table 3.4: Dimensions of the straight channel model 

Dimensions 

H (µm) 

150 100 50 

W
 (

µ
m

) 

400  X  

300 X   

200   X 

 

3.4.2 Fixed Short Stenosis  

 

The ‘short’ stenosis model is a variant of the straight channel model in which a 

section of the wall is curved inwards using a three-point arc to create a stenosis, with 

the arc maximum creating the maximum stenosis as in Table 3.5. The width of the 

channel in the stenosis/stenotic region is decreased by 20, 40, and 60% of its original 

value respectively. This model was created to examine how the wall shear stress 

changes in both the non-stenotic and stenotic regions due to changes in flow rate 

and velocity profile within the channel in response to the increase in hydrodynamic 

resistance caused by the stenosis (177).  This is the simplest form of microvascular 

collapse.  
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Figure 3.6: A short stenosis model 

Table 3.5: Dimensions for the short stenosis model 

Dimensions 

Minimum channel width at point of arc, Ws, (µm) 

Percentage of stenosis (%) 

0 20 40 60 

W
 (

µ
m

) 

400 400 320 240 160 

300 300 240 180 120 

200 200 160 120 80 

 

3.4.3  Long Stenosis  

 

Long stenosis models were created to increase the comparative amount of 

resistance created by the stenosis region thus better mimicking the collapse of the 

blood vessel. This also allowed a greater change that could be measured significantly 

using the lower limits of GPV. 
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Figure 3.7: A long stenosis device 

Table 3.6: Dimensions of the long stenosis device 

Dimensions   

Width (µm) 200 

Length of stenosis (Ls) (mm) 20 

Length of device (mm) 
45 

Length of slope into stenosis (LSA-LS) 
(µm) 

250 

Minimum channel width at point of arc, W2, (µm) 

Percentage of stenosis (%) 

0 20 40 60 

200 160 120 80 

 

3.4.4 Short Deformable Wall 

 

The device has two fluid bladders with a deformable thin PDMS wall between the 

bladder and main channel that are pressurised through the pumping of fluid into the 

bladder, referred to as a ‘micropump’, with no output stream, thus pressurising the 

micropumps and causing them to inflate, as shown in Figure 3.8. The air can diffuse 

through the PDMS and the pumps are filled with ink to show any leakages (109).  A 
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deformable model was created to mimic the capillary system further by seeing the 

measure of deformation on the walls in response to pressure on either side 

externally, created by the flow. This device design works similarly to the 

pneumatically activated micropump designs by Chiou et al., 2015 (178).  The fixed 

model in Section 3.4.2 can also be used to compare these measurements. The 

deformable wall can be used to mimic microvascular collapse in the in vitro model by 

compressing the channel at various geometries. This can be applied to the design 

using the method discussed in Section 3.2. The model was created to see the effect 

of deformation on the flow rate and shear stress profiles with feedback from internal 

pressure in a material with a closer Young’s modulus to that of a capillary. 

 

 

Figure 3.8: AutoCAD design of short deformable wall device 
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Table 3.7: Dimensions for short deformable wall model 

Dimensions 

Length (mm) 
20 

Widths (µm) 
200 

Micropump length (µm) 
700 

Micropump width (μm) 
150 

Micropump separation from channel 

(μm) 
65 

 

3.4.5 Long Deformable Wall 

 

The long deformable wall model has the same length as the fixed long stenosis 

model but is deformed using a set of micropumps in series with a 70 µm gap 

between each pump. This distance is the maximum found where PDMS will form a 

layer in the mould that maintains its structure during fabrication and testing without 

tearing. A series of micropumps was used as they maintained their structure better 

than a single large side pump which was prone to collapse. This model was created 

to better mimic the in vivo pathophysiology by having a deformable wall that 

responds to changes in internal and external pressure and allows for the deformation 

of the model (179). The model was created to see the effect of deformation on the 

flow rate and shear stress profiles with feedback from internal pressure. In addition, 

to investigate the model with a material with a closer Young’s modulus to that of a 

capillary in a longer range creating more deformation. Additionally, by increasing the 
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elastic properties of the material it was possible to achieve more deformation across 

the width of the channel. 

 

Figure 3.9: Long Deformable Wall model 
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Table 3.8: Dimensions for Long Deformable Wall Model 

Dimensions 

Length (mm) 45 

Widths (µm) 200 

Micropump length (µm) 700 

Micropump width (μm) 150 

Micropump separation from channel (μm) 65 

Number of micropumps 20 

 

3.4.6 Murray’s Law Branched Model  

 

A branched model was created to see the effects of changes of resistance upstream 

on the effects downstream with branching (180). The stenosis must be placed close 

to the branching as the flow development length is short post-stenosis. The Murray’s 

law model was created to more accurately represent the microfluidic network in vivo 

and see the result of flow rate change in the second-order channels in response to a 

stenosis upstream (181). There is some debate about the geometry of capillaries 

following Murray’s Law, (182,183), therefore many branched designs were created 

and one following Murray's Law below and detailed in Table 3.9. 

𝐷1
3 = 𝐷2

3 + 𝐷3
3 (2.1) 

𝛼 =
𝐷1

3

𝐷2
3 + 𝐷3

3 = 1 (3.2) 

. 
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The hydraulic diameter was used and an even height was set to back calculate each 

channel width. Where D is the channel width and the subscript refers to the vessel 

number. 

 

Figure 3.10: Device design of Murray’s Law model 

Table 3.9: Dimensions for Murray’s Law model 

Dimensions 

Length of main channel (mm) 30 

Length of daughter branch 1 LD1 (mm) 10 

Length of daughter branch 2 LD2 (mm) 10 

Length of stenosis Ls (mm) 20 

Width of main channel (μm) 200 

Width of daughter branch 1 (μm) 75 

Width of daughter branch 2 (μm) 100 

Angle 1 ° 42 

Angle 2 ° 33 

Minimum channel width at point of 

stenosis (µm) 
% stenosis 

200 
0 20 40 60 

200 160 120 80 
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3.4.7 Evenly Branched Model  

 

As there is a range of branching in the microvasculature, including that when 

angiogenesis occurs a evenly-branched model was created (181). The even branch 

model was created to investigate the effect of stenosis on different geometries and 

the effect of flow rate on lower-order daughter vessels and when microvascular 

collapse may occur. 

Figure 3.11: Evenly Branched Model 

Table 3.10: Dimensions for evenly branched model 

Dimensions 

Length of main channel (mm) 
30 

Length of daughter branch 1 (mm) 
10 

Length of daughter branch 2 (mm) 
10 

Length of stenosis LS (mm) 
20 

Width of main channel (μm) 
200 

Width of daughter branch 1 (μm) 
200 

Width of daughter branch 2 (μm) 
200 

Minimum width at point of maximum 

stenosis (μm) 

% stenosis 

0 20 40 60 

200 
200 160 120 80 
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3.4.8 Side Branch Model 

 

The side branch model was created to investigate the effect of stenosis on different 

geometries and the effect of flow rate on lower-order daughter vessels and when 

microvascular collapse may occur. 

 

 

Figure 3.12: A side branch model design 

Table 3.11: Dimensions for the side-branched model 

Dimensions 

Length of main channel (mm) 30 

Length of daughter branch 1 (mm) 10 

Length of stenosis Ls 20 

Width of main channel Wc (μm) 200 

Width of daughter branch 1 WD1 

(μm) 
100 

Minimum width at point of maximum 

stenosis (μm) 

% stenosis 

0 20 40 60 

200 200 160 120 60 
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3.4.9 Branched Deformable Model  

 

A branched deformable model was created to investigate the effects of increasing 

resistance in a fixed height deformable model on the shear stress in lower-order 

down stream branches and to develop the most physiologically relevant model of 

microvascular collapse. 

 

Figure 3.13: A deformable branched model design 

Table 3.12: Dimensions for the deformable branched model 

Dimensions 

Length of main channel (LMC) (mm) 45 

Length of daughter branch (LB) (mm) 10 

Widths (Wc) (µm) 200 

Micropump length (µm) 700 

Micropump width (Wp) (μm) 150 

Micropump separation from channel (Ww) (μm) 60 

Number of micropumps 20 
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3.5  Cross-Sectional Area 

 

 

Figure 3.14: A microscope image of a cross-section of a microfluidic channel 20x 

zoom 

 

The cross-sectional area of the fabricated channels in all cases is rectangular due to 

the manufacturing process discussed in Section 3.2. Fabrication of a cylindrical 

channel was attempted using 3D printing of a mould and alignment using the 

microscope, however, this had a minimum width of 500 µm and the two semi-circular 

cross sections could not be aligned and joined reliably and accurately. In all regions, 

the width is greater than the height. The cross-sectional area was measured by 

taking a slice across the microfluidic device and placing it sideways on the glass slide 

as seen in Figure 3.14.  An image is then taken and by setting a global scale from a 

known microscope scale image in ImageJ software the distance can be measured. 
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3.6  Microfluidic Rig Design for Flow Measurements 

 

 

Figure 3.15 Ghost Particle Velocimetry set up created with Biorender.com 

GPV  was used for the measurement of flow within microfluidic devices (119). Ultra-

pure deionised water was seeded with 0.02 % (v/v) of 200 nm microparticles based 

on polystyrene (10% solid, Sigma) and was supplied to the device using an Elveflow 

OB1 4 channel pressure controller at 2000, 3200 and 4700 Pa to replicate the 

minimum, average thigh and maximum vessel capillary pressure (119). A 

concentration of 0.02% (v/v) was used to ensure a suitable seeding density 

(119)(155). GPV uses as a flow tracer the speckle patterns produced by white light 

scattered by micro-particles. The flow of the micro-particle suspension was recorded 

using a high-speed camera (Photron NOVA s15) on PFV 4 software. The camera 

was connected to an inverted microscope (Nikon TI Eclipse) equipped with a 20x 

lens (Nikon, CFI Plan Fluor DLL) providing a spatial resolution of 1 µm/pixel with 500 

frames recorded according to frame rates between 1000-75000 frames per second 

(fps) as discussed in the results chapters.  
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The microparticles must be kept in solution and stored in the fridge as they are 

pyrophoric (can combust when dry). The solution is then mixed using a whirlmixer™ 

on maximum intensity for 40 s to ensure an even distribution.  

3.6.1   Microscope Set Up  

 

The microparticle dispersion refracts the light to give the speckle pattern that is 

analysed in the autocorrelation algorithm (119). This means that initially, the 

microscope set-up should provide even light in the layer of measurement. The 

microscope was placed in Köhler illumination on the channel. The light was checked 

to ensure the brightfield illumination was giving an even distribution.  All lenses were 

cleaned with lint-free wipes (Whatman, Sigma, U.K) to remove any dirt or 

imperfections before the measurements were taken as small deflections in light can 

cause anomalous measurements in GPV. The aperture was focused on 20% open to 

capture the specific plane of the channel with a 20 μm gap.  

3.6.2   Camera Settings 

 

A high-speed camera with a short timestep between frames was needed to 

accurately capture high flow rates in stenosed areas at high pressures. Additionally, a 

high resolution was needed to capture the vectors at the wall to measure the wall 

shear stress. A Photron Nova S-16 Fastcam was used to collect images the 

specifications are as follows (156,184–186): 
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Table 3.13: Maximum fps and resolution of varying Fastcam models 

 Nova-S16 SA3 SA5 

Max fps 

Max resolution (px) 

1,100,000 

128 x 16 

60000 

128 x 16 

100000 

64 x 16 

 

 

Figure 3.16: Varying Fastcam camera types and their resolution vs frames per 

second 

The use of the Photron Nova S-16 allowed for greater resolution when collecting data 

from GPV measurements and allowed faster imaging than available from the SA3 

used in Ricommi et al. (119). The set-up with Photron Nova 16 was capped at 75000 

fps before banding was seen which prevented accurate GPV measurements. 
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3.6.3  Data Collection and Processing 

 

Figure 3.17: Data collection stages of GPV, raw images, speckle patterns from 

ImageJ, spatial velocity distributions and extraction from PIVLab 

The frame rate of the camera was selected to capture the movement of vectors to 

each interrogation area based on the velocity. The interrogation area is the area 

where each speckle pattern is analysed over, per vector (119). The higher frame 

rates can be used to collect the higher velocities in stenosis or branches with a lower 

width than the main channel. Smaller interrogation zones or lower frame rates can 

also be used to capture lower flows such as those at the wall when determining 

shear rates. The interrogation area can also be increased to capture higher 

velocities.  

Lower shutter speeds allowed in more light which allowed the speckle pattern to be 

captured more clearly. The experiment began once the flow was fully developed at 

steady state and it could be seen that the microparticles are moving in the channel.  
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The data was collected and the clarity of the speckle pattern was assessed as seen 

in Figure 3.18 to ensure clear speckles. Due to the flow being pressure-driven, the 

flow rates were unknown at this stage and thus a range of frame rates were tested. In 

the stenotic region, the interrogation area is limited by the width of the channel 

according to the settings in PIVlab, therefore smaller interrogation areas should be 

used with a higher frame rate, particularly for the measurement of shear stress. 

 

Figure 3.18: Flow in a 400 μm device recorded at 40000 fps 

The GPV settings chosen were interrogation areas of 64, 32 and 16 px pass to 

increase vector resolution and signal-to-noise ratio, also improving the quality of 

measurements (187). These are more passes compared to the work by Riccomi et 

al., and it was possible to capture higher velocity magnitudes at higher frame rates, 

0.17 m/s was captured at 50000 fps as compared to 15000 fps in Riccomi et al. 

(119).  
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3.6.4   Fiji-ImageJ Processing  

 

Fiji with ImageJ was used to process images collected from GPV (119). To enhance 

the speckle pattern from the raw image the static contribution is subtracted from each 

of the frames. The static contribution is obtained by using the median of all frames. 

By removing the static contribution, the speckle pattern remains in all the frames 

(119). To increase the efficiency of this process, a macro was created (see Appendix 

1).  

3.6.5   PIVLab Processing 

  

The image sequence consisting of speckle patterns as seen in Figure 3.17 is 

imported pairwise into PIVLab - a MATLAB application (188).  The images are 

imported pairwise to measure the movement in speckles between image pairs (187). 

The speckle pattern is a result of the light scattering due to the movement of the 

tracer particles. The particles will not be recorded as their size 200 nm, is smaller 

than the diffraction limit of white light (119).  A mask is drawn around the speckle area 

and is applied to all frames. This removes surrounding areas outside the microfluidic 

device. The PIV settings are then chosen such as interrogation areas, 64, 32 and 16 

px, the step between interrogation area overlaps was every 8 px, 50%, and the 

algorithm chosen, FFT window deformation. These values were selected to capture 

the higher velocity vectors in stenotic regions and lower velocity vectors at the wall 

for shear stress measurements. The analysis is then done using cross-correlation 

(188). After the analysis the image is calibrated using a microscope scale image of a 

known length and the time step is set to the difference between frames- altered by 
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the frame rate. The vectors are then plotted on a scatter plot and any anomalous 

vectors are removed. The temporal and spatial mean are then calculated to produce 

a velocity map. From this velocity map the vector values can be extracted, either from 

an area or by drawing a line on the image and extracting across the line as seen in 

Figure 3.17. 

3.7  Characterisation of Microparticle Dispersion 

 

The number of particles, particle size distribution and zeta potential of the 

microparticle dispersion were measured using a Zetasizer Ultra, MalvernPanalytical. 

The sample was inserted with a folded capillary cell cuvette, Malvern Panalytical. The 

Zetasizer uses Multi-Angle Dynamic Light Scattering (MADLS) to take multiple 

Dynamic Light Scattering (DLS) measurements from different angles to improve the 

accuracy of the particle size distribution (189)(190). A laser is shone through the 

cuvette and the light scattering is detected. The dynamic light scattering measures 

the rate of fluctuations in the intensity of light, light scattering, in response to 

Brownian motion. The Stokes-Einstein equation is then used to estimate the particles' 

hydraulic diameter (189)(190).  

𝐷𝐻 =
𝑘𝑇

3𝜋𝜂𝐷
 (3.3) 

Where DH is the hydraulic diameter of the particle, k is the Boltzmann constant, T is 

the temperature, 𝜂 is the solvent viscosity and D is the diffusion coefficient. 

The zeta potential is measured using Electrophoretic Light Scattering (ELS) in which 

an electric field is applied across the folded cuvette cell and the charged particles will 

move to oppositely charged electrodes. The velocity, known as electrophoretic 
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mobility, can be calculated using DLS theory and the Henry Equation, Equation 3.5 

can be used to calculate the zeta potential (190)(191)(192) 

𝑈𝐸 =
2𝜀𝜁

3𝜂
𝑓(𝜅𝛼) (3.4) 

Where UE is the electrophoretic mobility, 𝜀 is the dielectric constant, 𝜁 is the zeta 

potential, 𝜂, is the viscosity and 𝑓(𝜅𝛼) is Henry’s function.  

3.8  Computational Fluid Dynamics 

 

ANSYS Fluent™ was used to model laminar flow in the microfluidic device to identify 

flow development lengths and to allow for more complex models to be created. 

Fluent was chosen due to its ability to quickly solve multiple meshes in parallel, the 

cell is centred in each finite volume and its capability of using pressure coupling 

methods (193). 

The geometries of the microfluidics models described in the previous section were 

created on AutoCAD Fusion 360 and imported into ANSYS workbench, see for 

example in Figure 3.19.  
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Figure 3.19: An example of a 200 μm short stenosis CAD design created in 

AUTODESK Fusion for use in CFD in a 200 μm x 50 μm x 20 mm channel 

Within ANSYS workbench- the files are opened and regions; inlet, outlet, top and 

bottom walls and side walls, are labelled in ANSYS SpaceClaim. The height of the 

models is created by extruding the drawing to match the average measured height 

produced in the mould-making process.  

 

Figure 3.20: Arc geometry used in CFD design of models 

The 3-point arc shape shown in Figure 3.20 is also used to allow for direct 

comparison between experimental and CFD models. The distance between x1 and x2 

is specified then the height from the centre of the line x1-x2 to the peak of the arc x3. 

3.8.1 Mesh 

 

The CFD mesh was created in Ansys Fluent™. A non-uniform mesh was created to 

maximise the accuracy of measurements at the side walls to accurately measure wall 

shear stress (194).  
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Figure 3.21: CFD mesh of 200 μm x 50 μm stenosed device created in ANSYS 

Fluent 

The mesh was designed to have a growth rate of 1.16 on the top, bottom and side 

walls. There were 4 boundary layers applied with a transition ratio of 0.272, as 

default, and a growth rate of 1.16 to capture close to wall shear stress values around 

the curved geometry.  

Each mesh design had the target mesh size and cell length varied and a mesh 

independent study was conducted. 8 cells per gap were applied to the side walls in 

meshes used for direct comparison with GPV to be able to extract across a more 

accurate central plane. A polyhedral mesh was used to reduce computational time 

(195)(196). 
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3.8.2 Boundary Conditions 

 

A no-slip boundary condition was applied to each wall. The inlet boundary condition 

pressure value was set to be 4700/ 3200/ 2000 Pa and the outlet boundary condition 

was 0 Pa. These were selected to be definite variables from the experiment and the 

tubing was ignored due to variable resistance.  

3.8.3 Solver 

 

A laminar flow model was selected. The whole system was modelled as a fluid in the 

laminar regime. The simulation was run to 0.001 absolute convergence on x, y, z 

velocity as well as continuity. The Semi-Implicit Method For Pressure Linked 

Equations (SIMPLE) algorithm was used to solve the incompressible Navier Stokes 

Equations with no gravity, the velocity in the x direction and steady state (197).  

0 = −
𝜕𝑃

𝜕𝑥
+ 𝜇

𝜕2𝑣𝑥

𝜕2𝑧2
 (3.5) 

0 = −
𝜕𝑃

𝜕𝑧
(3.6) 

Conservation of mass: 

𝜕𝑢𝑖

𝜕𝑥𝑖
= 0 (3.7) 

Conservation of momentum: 

𝜕𝑢𝑖

𝜕𝑡
+

𝜕𝑢𝑗𝑢𝑖

𝜕𝑥𝑗
=

𝜕

𝜕𝑥𝑗
(𝜇

𝜕𝑢𝑖

𝜕𝑥𝑗
) −

1

𝜌

𝜕𝑢𝑖

𝜕𝑥𝑖
 (3.8) 

The SIMPLE algorithm: semi-implicit method for pressure linked equations: 
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Implicit Scheme for steady Navier Stokes Equations: 

∇. 𝒖 = 0 (3.9) 

∇. (𝒖𝑢𝑥) = −
1

𝜌

𝜕𝑝

𝜕𝑥
+ 𝑣∇2𝑢𝑥 (3.10) 

∇. (𝒖𝑢𝑦) = −
1

𝜌

𝜕𝑝

𝜕𝑦
+ 𝑣∇2𝑢𝑦 (3.11) 

∇. (𝒖𝑢𝑧) = −
1

𝜌

𝜕𝑝

𝜕𝑧
+ 𝑣∇2𝑢𝑧 (3.12) 

Intermediate velocity field- based on estimated value for P: 

𝑎𝑃(𝑢𝑖)𝑃
∗ = ∑ 𝑎𝑓(𝑢𝑖

∗ . 𝑛𝑖)𝑓 −
1

𝜌

𝛿𝜌𝑛

𝛿𝑥𝑖
𝑓

 (3.13) 

Velocity and pressure correction – using continuity/ momentum equation: 

𝑢𝑛+1 = 𝑢∗ + 𝑢′ (3.14) 

𝑝𝑛+1 = 𝑝𝑛 + 𝑝′ (3.15) 

Combining-underrelaxation: 

𝑎𝑃(𝑢𝑖)𝑃
𝑛+1 = ∑ 𝑎𝑓(𝑢𝑖

𝑛+1 . 𝑛𝑖)𝑓 −
1

𝜌

𝛿𝜌𝑛+1

𝛿𝑥𝑖
𝑓

 (3.16) 

𝑎𝑃(𝑢𝑖)𝑃
∗ = ∑ 𝑎𝑓(𝑢𝑖

∗ . 𝑛𝑖)𝑓 −
1

𝜌

𝛿𝜌𝑛

𝛿𝑥𝑖
𝑓

 (3.17) 

𝑎𝑃(𝑢𝑖)𝑃
′ = ∑ 𝑎𝑓[(𝑢𝑖

𝑛+1 . 𝑢𝑖
∗). 𝑛𝑖]𝑓 −

1

𝜌

𝛿𝜌′

𝛿𝑥𝑖
𝑓

 (3.18) 
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(𝑢𝑖)𝑃
′ = (𝑢𝑖

̅̅ ̅̅ )′ − (
1

𝑎𝑃

1

𝜌
 
𝛿𝑝′

𝛿𝑥𝑖
) #(2.19) 

Divergence- check tolerance and iterate if not at tolerance: 

𝛿

𝛿𝑥𝑖

(𝑢𝑖)𝑃
𝑛+1 = 0 =

𝛿

𝛿𝑥𝑖

(𝑢𝑖)𝑃
∗ +

𝛿

𝛿𝑥𝑖

(𝑢𝑖)𝑃
′  (3.20) 

0 =
𝛿

𝛿𝑥𝑖

(𝑢𝑖)𝑃
∗ +

𝛿

𝛿𝑥𝑖
(𝑢𝑖
̅̅ ̅̅ )′ −

𝛿

𝛿𝑥𝑖
(

1

𝑎𝑃

1

𝜌
 
𝛿𝑝′

𝛿𝑥𝑖
) (3.21) 

 

3.8.4 Mesh Independence  

 

The mesh was ensured to be mesh independent, having output values of pressure 

and shear stress that do not change greater than 1% by reducing cell size, by 

running five mesh sizes: ‘finest’, ‘fine’, ‘medium’, ‘coarse’ and ‘coarsest’. Each of 

these categories were defined by varying the minimum and maximum cell size in the 

surface mesh, and the maximum cell length in the volume mesh. 

Table 3.14: Computational Fluid Dynamics meshes and parameters for cell size 

 Finest Fine Medium Coarse Coarsest 

Minimum 
cell size (m) 

1.00E-06 4.00E-06 6.00E-06 8.00E-06 1.60E-05 

Maximum 
cell size (m) 

1.00E-05 4.00E-05 6.00E-05 8.00E-05 1.60E-04 

Maximum 
cell length 

(m) 
0.000025 0.0001 0.00015 0.0002 0.0004 

 

The velocity profile across three different planes was taken at 25%, 50% and 75% of 

the length of the channel at the centre of the height and across the width. The inlet 
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flow rate was also checked to be the same as the output to 3 significant figures and 

the area weighted average pressure on each of these planes was measured and the 

percentage change in the pressure less than 1% as well as the wall shear stress at 

h=2, w=0 and w=W to 3 significant figures. 

3.8.5 Development Length 

 

To measure the velocity change due to the effect of increased stenosis in the GPV 

set up it is important to know the development length before extracting data. A line 

was drawn down the length of the channel through the stenosis and the velocity was 

plotted as shown in Figure 3.22. When the velocity first stabilised the development 

length was found. This was used to design geometries and extract data excluding 

regions where the flow was not fully developed.  
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Figure 3.22: Velocity magnitude obtained from the CFD model with varying stenosis- 

the width at the base of each peak can be considered the length before flow 

normalises 
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4.1 Introduction 

 

This chapter is concerned with the impact of changing the geometry of an in vitro 

model of a stenosed blood vessel (capillary) upon the flow rate, pressure drop, 

velocity distribution, and wall shear stress observed.  The research presented in this 

chapter illustrates the trends and values of velocity change, shear stress and flow 

rate when resistance is increased, and the cross-sectional area of the stenosis is 

decreased.  The sensitivity of these parameters in response to increasing stenosis 

and increased resistance were investigated both experimentally using GPV and 

numerically via CFD. The models were developed to quantify how shear stress 

behaviour changes as a response to increased stenosis and resistance; so that 

biological studies can be conducted into cell response under these conditions, 

perhaps, leading to a detectable level of change in biomarker response. It is 

expected there will be a peak of shear stress on the walls in all regions of the device, 

as the influence of increasing resistance becomes more significant (198).  The 

consequences of these findings are discussed within the context of ACS. 

4.1.2  Selection of Parameters 

 

Within this chapter, a variety of pressures will be explored to mimic in vivo conditions, 

the upstream pressure of the microfluidic device was set to be constant at 2000, 

3200 or 4700 Pa. 3200 Pa was chosen as this is the average pressure within the 

thigh muscle where 69% of ACS occurs (199) and the flow is generally not pulsatile 

in the capillaries (200). The pressure was selected to be a constant variable as in the 

body the pressure from the heart cannot be specifically altered by request.  
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4.1.3   Experimental Models 

 

Microfluidic models with various cross-sectional areas were created according to § 

3.2: with the measured cross-sectional dimensions (width  height) of 400  131 μm 

(+/- 5%), 300  145 μm (+/- 3%) and 200  57 μm (+/- 10%), with degrees of stenosis 

set to 0, 20, 40 and 60% of the overall width. These models were chosen to 

investigate different aspect ratios. A longer stenotic model was also created to 

measure the impact of increased resistance in the system, as detailed in materials 

and methods § 3.4, with dimensions of 200 x 58 μm (+/- 6%). CFD models matching 

these geometries were also created and used as specified in  § 3.8. 

Table 4.1: Accuracy of straight channel geometry fabrication using photolithography 

Device width 
(μm) 

SU-8 
Max spin 

speed (rpm) 

Expected 
height (μm) 

(157) 

Actual height 
(μm) 

400 2075 2100 100 124-138 

300 2075 1600 150 142-150 

200 Dilute 2075 1700 50 52-58 

 

The accuracy of the photolithography process was assessed by measuring the 

variation in channel height across each wafer following the method described in § 

3.5. With SU-8 2075 and spin speeds according to the manufacturer, the expected 

height can be compared to the actual height. For the 400 μm model there was a large 

range >10%, of variation in the fabrication, in the 300 μm model the photolithography 

process prepared moulds that were within the 10% accuracy range. For diluted SU-8 

2075, the maximum measured height was over the expected height by over 10%. 
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Various parameters such as humidity and temperature will affect the viscosity of the 

SU-8 and thus may have influenced the spin coating process. 

4.1.4   Measurements 

 

The measurements were taken from the centre of the stenotic area and the top 

measurement was taken from 0.005 m along the channel. The location of the 

measurements was the same in the long stenosis model and in CFD models. 

 

Figure 4.1: Short stenosis model depicting where the stenotic and main channel 

measurements were taken from with yellow boxes 

4.1.5   Selection of Recording Speed  

 

The recording speed was tested according to recommendations from Table 2.7 in 

Chapter 2, however, it was determined that the most suitable frame rates are as 

follows in Table 4.2. 
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Table 4.2: Frame rates used for capture of GPV measurements 

 Recording frame rate 

Model (see 
§2.4) 

Main 
channel 

Resolution  Stenosis Resolution 

400 
40000-
50000 

768 (w) x 496 (h) -
512 (w) x 512 (h) 

75000 510 (w) x 336 (h) 

300 
40000-
50000 

768 (w) x 496 (h)- 
512 (w) x 512 (h) 

75000 510 (w) x 336 (h) 

200 
10000-
20000 

1024 (w) x 1024 -
768 (h) 

20000 1024 (w) x 1024-
768 (h) 

Long 
stenosis 

10000-
20000 

1024 (w) x 1024- 
768 (h) 

20000 1024 (w) x 1024-
768 (h) 

 

4.2 Calculation of Variables  

4.2.1   Analytical Resistance and Flow Rate 

 

Conceptually, there are two competing factors controlling flow as discussed in § 2.5 

(1)(8).  According to continuity, for an incompressible (constant density) fluid (50): 

𝐴1𝑣1 = 𝐴2𝑣2 = 𝑄  (4.1)
 

Where Q is the flow rate, A is the cross-sectional area and v is the mean average 

velocity.  

Additionally, in pressure-driven flows, increasing the resistance, R, at constant 

pressure differential, ∆𝑃, will decrease the flow rate, Q (201).  

𝑄 =
∆𝑃

𝑅
  (4.2) 

To estimate the correct frame rate for GPV the analytical flow rate was calculated 

using Equation 4.2, where the resistance is calculated using Equations 4.3 and 4.4 

for cylindrical (the tubing) and rectangular (the channel) pipes respectively (202): 
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𝑅 =
128𝜇𝐿

𝜋𝑑4
  (4.3) 

𝑅 =
1

1 − 0.63 (
ℎ
𝑤)

12𝜇𝐿

ℎ3𝑤
  (4.4) 

The resistance of the tubing, R1+R7, was calculated to be 5.22 𝑥 1011 𝑃𝑎 𝑠 𝑚−3 for the 

total 80 cm of tubing used in the experimental set-up at 20°C.   

Figure 4.2: A diagram representing the microfluidic set-up with resistances  

The inlet pressures here are the same input variables in the experiment and 

simulations, 2000, 3200 and 4700 Pa. The output pressure is 0 Pa (gauge). The 

resistance of the tubing R1 + R7 was discussed above. The head losses throughout 

microfluidic systems are difficult to estimate due to their size and are usually 

determined by CFD or experimentally and depend on the value of the Reynolds 

number (203). Although loss coefficients for turbulent flow are well-researched, in 

laminar systems these are determined experimentally (204). In microfluidic systems 

and particularly those mimicking the circulatory system these losses are important 

(205). Some research estimates the head loss due to fittings as 10%, other research 

uses loss coefficient methods (typically only agreeing with experiments for Re> 2300 

(205)) or estimates head losses of 2 x 10-4 m from P2-P1 for microfluidic tubing to 

PDMS connections (205).  
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Here a head loss coefficient value of 0.3, k, was used in Equation 4.5 to calculate the 

pressure loss due to fittings, P2-P1 and P6-P5. This is a minor loss and due to the low 

velocity was deemed negligible <1% (206).  

∆𝑃

𝜌𝑔
= 𝑘

𝑣2

2𝑔
 (4.5) 

Thus, the system becomes as follows, P1=P2 and P5=P6. 

 

Figure 4.3: A diagram of the microfluidic set-up with simplified resistances  

The flow rate in the system was approximated by estimating the resistance of the 

system as a whole combining the tubing resistance and the resistance of the 

microfluidic device as calculated by Equations 4.6 and 4.7 (135). 

For straight channels: 

𝑅𝑑𝑒𝑣 = 𝑅3 + 𝑅4 + 𝑅5 (4.6) 

and  

𝑅𝑇𝑂𝑇 = 𝑅1 + 𝑅𝑑𝑒𝑣 + 𝑅7 (4.7) 

Then using Equation 4.8, the flow rate can be calculated throughout the system as 

resistance is summative.  

𝑄 =
∆𝑃

𝑅𝑇𝑂𝑇
 (4.8) 
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To find P1 and P6 the Hagen-Poiseuille Equation for laminar flow of Newtonian fluids 

in cylindrical pipes can be used as the tubing has a circular cross-section, the flow is 

laminar and incompressible (207).  

∆𝑃 =
128𝜇𝐿𝑄

𝜋𝑑0
4  (2.11) 

The pressure drop across the stenosis can be approximated using the head loss 

method as above for fittings, Equation 4.5, for gradual expansion and gradual 

reduction. For gradual expansion the ratio of diameter change at the higher diameter 

(main channel) to the lower diameter (stenosis) should be calculated and the k value 

found from graphs in literature such as in McFarland (206), and for a gradual 

reduction k = 0.04 (206).  

For each geometry with 0% stenosis resistance was calculated using Equation 4.4 as 

shown in Table 4.3.  

Table 4.3: Device resistance calculations for straight channel 

Device 
(µm) 

Resistance without tubing 
(Pa s m-3) 

400 4.86  1011 

300 4.50  1011 

200 1.36  1013 

 

The resistance and flow rate of the geometries with stenosis could not be estimated 

without using CFD. To calculate the loss according to Equation 4.5, the velocity value 

in the contraction is needed. The velocity value cannot be determined without the 
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flow rate value and the flow rate value requires the resistance. Thus, only analytical 

values for straight channels are provided in Table 4.4 and Table 4.5. 

Table 4.4: Analytical flow rate as calculated following the above method 

Non-stenosed 
devices 

Resistance 
with tubing 

(Pas/m3) 

Q at 2000 
Pa (m3/s) 

Q at 3200 
Pa (m3/s) 

Q at 4700 Pa 
(m3/s) 

200 1.42 x 1013 1.41 x 10-10 2.26 x 10-10 3.32 x 10-10 

300 9.71 x 1011 2.06 x 10-9 3.29 x 10-9 4.84 x 10-9 

400 1.01 x 1012 1.98 x 10-9 3.17 x 10-9 4.66 x 10-9 

 

Table 4.5: Analytical mean average velocity magnitude as calculated following the 

above method 

 Average velocity (m/s) 

Device 2000 Pa 3200 Pa 4700 Pa 

200 0.014 0.022 0.032 

300 0.046 0.073 0.108 

400 0.039 0.063 0.093 

 

4.2.2   Flow Rate from GPV Measurements 

 

Firstly, the velocity profile is extracted from the GPV velocity magnitude spatial 

distribution map created following the method described in § 3.6. 
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Figure 4.4: A spatial velocity distribution map as created using PIVLab of a 200 μm 

straight channel at 2000 Pa  

The values for flow rate were calculated by taking the average velocity magnitude in 

the channel from the velocity profile taken at h=h/2 and multiplying it by the cross-

sectional area as seen in Figure 3.14 and done in Schofield, 2019, for GPV 
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measurements. This method gives an estimate of the flow rate which can be over or 

under based on the aspect ratio (208). 

 

Figure 4.5: A velocity profile showing the average velocity shown by a line and 

velocity profiles at 2000 Pa, 3200 Pa and 4700 Pa in the 200 µm straight channel 

model 

The GPV measurement of flow rate was calculated by measuring the mean average 

velocity from the range of planes depicted by the volume coloured in light blue in 

Figure 4.6 which the microscope measures controlled by the aperture, set to 20%. 

The mean average velocity is therefore the mean average velocity of the blue area, 

the maximum velocities in the central plane are underestimated by GPV, but in the 

whole height are overestimated. When this value is used as 𝑈𝑎𝑣 in 𝑄 = 𝑈𝑎𝑣 . 𝐴𝑐 , this 

becomes an under/overestimate of the flow rate depending on the aspect ratio, if the 

plane is measured where w>>h. This work has been investigated by Tanyeri et al. 

(208).  
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Figure 4.6: A 3D depiction of the velocity profile in a 200 x 57 μm channel with 

highlighted regions, the orange plane and line to show the central plane where CFD 

measurements are taken, representing the averaging determined by cell size see 

Appendix 2, and the blue section to show the region at which the GPV measurement 

was taken from. The 3D topography of the graph is created following Tanyeri’s 

Equation 2.16 from § 2.5 with the matching parameters from the 200 x 57 μm 

microfluidic device dimensions. 
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Figure 4.7: Extraction from 3D model comparing GPV, CFD and model data for a 200 

x 57 μm channel at 2000 Pa 

The mean velocity value was extracted from the GPV through calculating the mean 

average of the velocity magnitude vectors extracted. The cross-sectional area was 

calculated using a minimum of 8 measurements taken according to § 3.5 in the 

methods chapter and using the mean average value. Maximum and minimum 

measurements for flow rate were calculated using the maximum/minimum average 

velocity (average +/- standard deviation) multiplied by the maximum/ minimum cross-

sectional areas (average +/- standard deviation) as summarised in Table 4.6. 

Table 4.6: Estimation of maximum and minimum flow rate from GPV data 

Flow rate estimation Height 
Minimum height 

(average - standard 
deviation) 𝒉𝒎𝒊𝒏 

Maximum height 
(average + standard 

deviation) 𝒉𝒎𝒂𝒙 

Velocity Minimum velocity (average - 
standard deviation) 𝑣𝑚𝑖𝑛 

𝑄𝑚𝑖𝑛 = 𝑣𝑚𝑖𝑛 . ℎ𝑚𝑖𝑛 𝑄𝑚𝑖𝑑1 = 𝑣𝑚𝑖𝑛 . ℎ𝑚𝑎𝑥 

Maximum velocity (average 
+ standard deviation) 𝑣𝑚𝑎𝑥 

𝑄𝑚𝑖𝑑2 = 𝑣𝑚𝑎𝑥  . ℎ𝑚𝑖𝑛 𝑄𝑚𝑎𝑥 = 𝑣𝑚𝑎𝑥 . ℎ𝑚𝑎𝑥 
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The values were calculated in this way as there was up to 10% variation of height 

across the channel moulds which, at these fine geometries, must be accounted for 

when comparing measurements. Not accounting for the fluctuations in geometry 

excludes the possibility at this small scale for direct comparison of values of flow rate 

when quantifying the effect of increased resistance.  

4.2.3   GPV Flow Rate Compared to Analytical Flow Rate 

 

Figure 4.8 shows the difference between the analytical flow rate as calculated 

following the method above, Equations 4.2-4.7, and the flow rate as calculated using 

GPV. For the 200 μm model, the GPV gave a very close value to the analytical value 

for all pressures tested. This, however, was not the case with the 300 or 400 μm 

models, which both gave larger estimates away from the analytical value, particularly 

that in 300 μm at 3200 Pa. This may be due to the smaller measurement region to 

channel height ratio, blue region in Figure 4.6, in the 300 and 400 μm models, as the 

heights of these channel were greater on average at 145 and 131 μm respectively. 

Additionally, this could be due to not enough resistance in the system to maintain a 

stable flow rate from the pressure controller in the larger channels.  
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Figure 4.8: Analytical and GPV flow rates for each straight channel, 200, 300 and 400 

μm at 2000 Pa, 3200 Pa, and 4700 Pa including the maximum and minimum GPV 

readings. 
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It is important to quantify the resistance in the system, as compared to the device, to 

measure the comparable effect of resistance caused by stenosis vs the tubing. Table 

3.7 estimates the percentage of pressure drop on the tubing as a percentage of the 

total pressure drop across the system for all geometries. 

Table 4.7: Percentage of pressure drop on tubing as a percentage of the total system 

pressure drop 

Device (μm) 2000 Pa 3200 Pa 4700 Pa 

200 2.39% 2.39% 2.39% 

300 34.9% 34.9% 34.9% 

400 33.6% 33.6% 33.6% 

 

Table 4.7 shows the resistance of the tubing in the 200 μm model is of the lowest 

percentage, showing changes in the device should have a greater impact on the 

overall flow rate. Whereas in the 300 and 400 μm models, small geometric changes 

in the device may not impact the overall flow rate as significantly as there is a lower 

percentage of resistance on the device. There will also be greater variation in flow 

rate in the 400 and 300 μm models due to there being less resistance to maintain a 

stable flow. 

4.2.4   Wall Shear Stress from GPV Measurements 

 

The wall shear stress in different regions of the vessel is determined via Newton’s 

law of viscosity as discussed in § 2.5.1 and requires measurement of the shear rate, 

𝑑𝑣

𝑑𝑥
 , in the vicinity of the wall as shown in Figure 4.9. 

𝜏𝑤 = 𝜇
𝑑𝑣

𝑑𝑥
 (2.20) 
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Figure 4.9: Velocity profile showing velocity vectors used in extracting wall shear 

stress for the 200 μm straight channel device at 2000 Pa  

Figure 4.9 shows the velocity profile when extracted is parabolic, with deviation away 

from a quadratic fit due to the rectangular cross-section. Calculation of the shear 

stress near the wall is complicated by the resolution of the measurements and also 

the implication of no slip at the wall. The shear stress may vary depending on the 

region of the microfluidic device and therefore is important to quantify in different 

locations when creating stenotic models and when comparing to in vivo data. 

The determination of shear stress from GPV is difficult due to the nature of GPV data 

analysis in PIVLab. The interrogation areas are calculated as depicted in Figure 4.10 

when using an FFT window correlation algorithm- which leads to the final vector on 

across the line of measurement being calculated from an interrogation area which 
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overlaps with the excluded zone, as shown in Figure 4.10. This is true and 

characteristic of the PIV and GPV techniques (209). Previous works have corrected 

this error when taking shear stress measurements by zeroing the final half-pass 

vector calculated at the wall (210,211). This can be done as there is a zero velocity at 

the wall and as there is no slip in viscous incompressible laminar flows as is in the 

case in these experiments (212)(213).  

 

Figure 4.10: Illustration depicting the interrogation areas (yellow) and pass overlap 

(orange) across the stenosis when using an FFT window correlation algorithm each 

box is 8 px x 8 px on a 200 μm channel (not to scale) 

The velocity gradient was calculated for both sides of the channel width, with the 

velocity extract being taken from the halfway height plane of the stenosis and 

averaged over 3 runs with the standard deviation plotted as detailed in Appendix 3.  
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4.2.5   Effect of Resolution 

 

 

Figure 4.11: Different methods of calculating shear stress on the straight channel 200 

μm model at 2000 Pa 

To investigate the effect based on resolution, the shear stress as calculated from the 

first vectors starting at the wall, 0 and 1, in the velocity profile (as seen in Figure 4.9), 

𝜏0,1 = 𝜇
𝑑𝑣0,1

𝑑𝑥0,1
, was compared to the value, 𝜏0,2 = 𝜇

𝑑𝑣0,2

𝑑𝑥0,2
. This was seen to be 

statistically different from the wall shear stress calculated using 
𝑑𝑣0,1

𝑑𝑥0,1
 . The shear 

stress value when calculated using 
𝑑𝑣0,1

𝑑𝑥0,1
, had the largest standard deviation between 

the measurements from either side of the channel as detailed in Appendix 3. The 𝜏0,1 

value was used due to the agreement with CFD and most accurate measurement as 

it is closest to the wall. The value extracted from the 3D model as seen in Figure 4.6, 

created using Equation 2.16 from § 2.5, was greater than the 0 to 1 value and was 

not comparable. 
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Separated speckle pattern by mask 

 

As seen by the parabolic velocity profile in Figure 4.9, there is a large range of 

velocity magnitudes that need to be captured using the same frame rate, with the 

fastest velocities being in the centre of the channel and lowest at the wall, where the 

shear stress is extracted. 

 

Figure 4.12: Alternative analysis PIV mask design in PIVLab covering GPV maximum 

velocity magnitude data at the stenosis 

To reduce any error caused by the influence of the higher vectors from the centre of 

the channel in PIVLab, the centre section of the channel was excluded, and the 

algorithm ran on the outer portion of the channel as seen in blue in Figure 4.12. The 

value for wall shear stress was the same as the control method, 
𝑑𝑣0,1

𝑑𝑥0,1
, however, was 

not statistically significant from the value calculated using  
𝑑𝑣0,2

𝑑𝑥0,2
. This method was not 

used as it was the same as the control at the lower resolution method. The distance 

between each vector is determined by the interrogation area size and their overlap, 
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with a minimum of 8 px. Setting smaller interrogation areas caused the PIVLab 

software, used for analysis, to exceed its maximum memory limit and not perform the 

algorithm or analysis, limiting the resolution. 

4.2.6  Determination of Wall Shear Stress from CFD Data 

 

 

Figure 4.13: CFD mesh showing additional boundary layers to improve wall 

resolution  

 

The wall shear stress value from CFD was calculated by extracting the shear stress 

at the refined mesh edge as described in §3.8. The mesh had boundary layers 

applied to improve the resolution and achieve more accurate wall shear stress 

values. 

The CFD shear stress value is higher than that calculated from 𝜏0,1=𝜇
𝑑𝑣0,1

𝑑𝑥0,1
. The CFD 

samples from one central line at the maximum velocity profile give a higher average 
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of velocity vectors and thus wall shear stress than that of 𝜏0,1 = 𝜇
𝑑𝑣0,1

𝑑𝑥0,1
, because of 

this being reduced, due to including the influence of many planes as depicted in 

Figure 4.6. The CFD values provide estimates higher at the maximum velocities, but 

show closer velocity values at the walls. This could be due to the refined mesh, or 

due to the GPV sampling technique. The mesh independence of each model was 

investigated to determine the relative effect as seen in Table 4.8. 

Table 4.8: Mesh independence data for the 200 μm straight channel model  

 Finest Fine Medium Coarse Coarsest 

Minimum cell size (m) 1.00 x10-6 4.00 x10-6 6.00 x10-6 8.00 x10-6 1.60 x10-5 

Maximum cell size 
(m) 

1.00 x10-5 4.00 x10-5 6.00 x10-5 8.00 x10-5 1.60 x10-4 

Maximum cell length 
(m) 

0.000025 0.0001 0.00015 0.0002 0.0004 

Number of cells (For 
200 non stenosed) 

2327537 2275914 1376534 851856 598969 

 

As maximum velocity is different between the CFD and GPV data, in order to validate 

between them, the flow rate from the CFD was compared to that calculated 

experimentally from the GPV to ensure the model is representative of the GPV, in 

addition to the wall shear stress and pressure as described in Chapter 3. Therefore, 

CFD should be used to calculate shear stress values. 
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Figure 4.14: Number of cells vs pressure extracted across two planes P1, P2 for 

various mesh sizes in Table 3.13.  

The coarsest mesh had the lowest run time, and the mesh was not made to have 

fewer cells as this would be likely to decrease the velocity when extracted from the 

centre plane as it would have calculated the area from a larger voxel not specifically 

capturing the velocity maximum as depicted in Figure 4.15. 

 

Figure 4.15: Area over which the finite volume would calculate velocity if cell size was 

increased 
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4.3 Error Quantification: Channel Aspect Ratio and Flow Rate 

Estimation 

 

There are competing factors to be considered when estimating flow rate as the 

experimental flow rate is difficult to determine. The bucket test was found to give 

inappropriate estimations of flow rate due to many factors such as evaporation 

effects, capillarity and eventual clogging of the device over the timeframe needed to 

get accurate measurements, (30 minutes) when microparticle dispersions were used 

for all channels tested. The experimental flow rate is known to be an estimation as 

discussed previously and the CFD flow rate does not account for pressure losses in 

the tubing or fittings, however, these may be calculated if the flow rate and the 

resistances at this region are known.  

Using the GPV and CFD values for flow rate and the resistance of the tubing the 

values for pressure loss in the tubing become 417, 849, and 1582 Pa at 2000, 3200, 

and 4700 Pa input pressures respectively for the 400 μm straight channel. The 

resistance in the system is summative so for example by adding the tubing and 400 

μm device at 4700 Pa the flow rate was calculated using Equation 3.3, to be 

3.25 x 10-9 m3 /s. The total pressure drop in the tubing was calculated to be 824, 

1319 and 1938 Pa for the 2000, 3200 and 4700 Pa pressures respectively. These 

values were inputted into the relevant CFD model and the output values are 

displayed in Figure 4.16. 

The 200 μm model was also tested to cover the maximum and minimum geometries 

tested. The pressure drops used for the CFD model were 75, 120 and 175 Pa for 

2000, 3200 and 4700 Pa respectively. 
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400 μm 

 

200 μm 

 

Figure 4.16: Flow rate and shear stress values extracted from CFD including tubing 

resistance, excluding tubing resistance and the GPV values at 2000, 3200 and 4700 

Pa of the 400 and 200 μm model  

Figure 4.16 shows for flow rate, for the 400 μm model it was found that excluding the 

pressure loss due to tubing gave a closer estimation of the flow rate found when 

measured using GPV. Excluding the tubing will give an overestimate as there will be 

losses in the tubing, and including the tubing gives a lower reading than is found with 
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GPV. For the 200 μm model both including and excluding the tubing models give 

good agreement with the CFD model for both wall shear stress and flow rate, likely 

as the pressure loss in the tubing is calculated to be 2.39%, which may be 

considered negligible. 

Both including and excluding the pressure loss due to tubing in the 200 μm model 

give models that are within the range of GPV error making them both suitable for use 

and validated using GPV measurements. The excluded tubing model is used as 

these are definite values in the experiment that can be measured, as at the time of 

the experiment no commercially available pressure sensor could measure the 

pressure differential needed at these points and thus the true losses in the tubing 

could not be known. There was also better agreement with the exclusion of tubing 

models across both aspect ratios. 

Tanyeri et al. proposed Equation 4.9, to estimate the flow rate in a microfluidic 

channel where α is the aspect ratio h/w (208).  

𝑄 ≈
ℎ4∆𝑃

12𝜇𝐿𝛼
(1 − 0.63𝛼) (4.9) 

However, when these values were calculated for the 400 μm channel it was found 

that the approximation gave higher results than expected, the CFD simulations 

agreed better with the data collected from GPV. Tanyeri’s approximation is for a 

channel with a low aspect ratio, thus for the 400 μm design, there is a greater error 

and better models such as CFD should be used to better estimate the flow rate. The 

GPV flow rate was calculated using the method described in § 3.6, the approximation 
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values do not include the pressure loss in the tubing which for the 400 μm device will 

be substantial and thus why these values are overestimates. 

 

Figure 4.17: Flow rate calculations using the method described in § 4.2 from GPV, 

Tanyeri’s approximation and CFD values based on a pressure input in the 400 μm 

model    

Additionally, work by Hudson et al. (214) found that depending on the aspect ratio of 

the microfluidic channel there is a ratio of maximum velocity to average velocity 

which could be used to calculate a flow rate, the ratio being 1.8 for 4:1. The 

maximum to average velocity values were plotted against GPV values from the short 

stenotic models.  
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Figure 4.18: a b aspect ratios of the channels in the a) main channel and b) stenotic 

region and the relative maximum velocity to average velocity. 

The experimental data shows that for the main channel the ratio of U max to U 

average falls at 1.3, however when removing the two data points for 2000 Pa at 60% 

stenosis for 300 and 400, circled, this value becomes 1.22 and for the stenotic region 

this value is 1.22. This quantifies how much the GPV technique overestimates. The 

maximum value we know is underestimated as it is taken from a range of planes. The 

average value is therefore overestimated due to the sampling method discussed in § 

4.2.3.  

Taking the maximum velocity measured from GPV, the average velocity and flow rate 

values were calculated, through dividing the maximum velocity by 1.8 following the 

aforementioned research by Hudson et al to give the average; and multiplying by the 

channel cross sectional area to calculate flow rate. These flow rate values were 

inputted into the 400 μm non-stenosed CFD model. 
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Table 4.9: Values for input into CFD simulation using a 1.8 ratio as suggested in work 

by Hudson et al. to 3 significant figures  

Pressure (Pa) Max velocity (m/s) Av velocity (m/s) Flow rate (m3/s) 

2000 0.0386 0.0215 1.08 x 10-7 

3200 0.0784 0.0436 2.20 x 10-7 

4700 0.143 0.0793 3.99 x 10-7 
 

 

Figure 4.19: Wall shear stress values extracted from the CFD simulation where a 

fixed flow rate was applied, calculated using Hudson’s 1.18 ratio of maximum to 

average velocity based on aspect ratio 

The results show that for a fixed flow rate as calculated above in Table 4.9, the wall 

shear stress was underestimated by the CFD model as compared to the GPV. The 

wall shear stress as measured with GPV here is an overestimate as is known from 

the method of extraction and the bias introduced from the higher velocities in the 

channel centre. This is shown that for 4700 Pa the wall shear stress shows the 

largest difference.  Additionally, the experimental flow is pressure-driven and not a 
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fixed flow rate. Therefore, to ensure there are no missed phenomena, particularly that 

of the effect on flow rate by increased resistance through devices, the fixed flow rate 

model was not used. 

 

4.3.1   Flowrate in Different Aspect Ratios 

 

Between each individual, there is biological variation, including the size of the blood 

vessel (215)(216)(217). Additionally, depending on the patient, there will be variations 

in lumen diameter such as cholesterol level, a build-up of fat on the wall and elasticity 

of the blood vessel wall due to health and age (218). This may influence ACS, as with 

a smaller lumen area there is a balance between pressure driving force and flow 

resistance, which will dictate fluid flow rate; in the absence of the latter, a higher 

velocity will be observed in the stenosis if a constant pressure driving force is 

maintained. However, depending on the degree of stenosis, an increase in flow 

resistance of the capillary may significantly decrease the bulk blood flow rate. If the 

patients’ capillary resistance before experiencing trauma is already relatively high 

due to their health, microvascular collapse may occur faster, decreasing the time the 

clinician has available to decide whether to operate to relieve pressure. The 

resistance of the system increases in the time before microvascular collapse 

according to the pathophysiology of ACS as described in §2.1.1. As there is 

ultimately greater pressure externally to internally, and thus the lumen diameter is 

decreased, and the flow inside decreases until collapse occurs and blood flow stops 

(1).  It is therefore important to test a range of pressures and cross-sectional areas to 

account for biological variance when creating a blood vessel model.  
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Figure 4.20 shows the flow rates in the 0, 20, 40 and 60% stenosis models from the 

(left to right) 200 µm, 300 µm and 400 µm devices.  

Figure 4.20 shows in the 400 and 300 µm models the flow rate does not significantly 

decrease as stenosis increases. Although there is variation in the area throughout the 

device, there are large error bars which prevent direct comparison across devices 

with changing stenosis as discussed in § 4.2.2. There is no major change of 

resistance between the 300 and 400 µm models as the values of flow rate remain 

similar, 1.8 x 10-9 m3/s to 8 x 10-9 m3/s on average for each geometry respectively. 

This changes with the 200 µm model where the flow rate is an order of magnitude 

lower; from 1.3 x 10-10 m3/s to 4.8 x 10-10 m3/s. This is because of increasing 

resistance due to the geometry of each device as calculated in Table 4.4.  

Compared to the analytical value of the tubing at 5.22  1011  Pa s m-3, the resistance 

of the 300 and 400 µm models was not different enough to see small changes in flow 

rate imposed by the stenosis, therefore the decrease in flow rate was not seen. The 

200 μm model was created with a greater resistance and this trend can be seen from 

the data shown in Figure 4.20c. At 200 μm the flow rate was 1.3 x 10-10 m3/s to 4.8 x 
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10-10 m3/s, and shows that there is increasing resistance by decreasing the geometry 

of the channel. Thus, to mimic microvascular collapse and ACS pathophysiology, it is 

important that the geometry has a higher resistance than the tubing, and the 

resistance across each model of that geometry increases through increasing the 

stenosis. Additionally, large ranges of variation of flow rate may be detectable in 

larger vessels such as the arteries/ veins. 

In this model, the increase of resistance is quantified through flow rate decrease at 

constant pressure. In vivo, this could be done by measuring the blood flow through 

techniques such as near-infrared spectroscopy, NIRS or Doppler ultrasound and 

simultaneously measuring blood pressure (219). 

4.3.2   Velocity magnitude changes with Decreasing Cross-

Sectional Area  

 

 

Figure 4.21 shows the velocity magnitudes in the 20, 40 and 60% stenosis models 

from the (left to right) 400 µm, 300 µm and 200 µm devices depending on their cross-

sectional area 

To account for changes seen in the cross-sectional area through each device- 

leading to the large error bars seen on flow rates in Figure 4.20, the average velocity 
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magnitude in the stenotic region compared to the cross-sectional area was plotted. 

This was done to examine the competing effects of coupling between cross-sectional 

area and maximum velocity if flow resistance changes are insignificant (constant flow 

rate, i.e. UA = constant) and increased flow resistance.  Figures 4.21a and b show 

increasing the cross-sectional area in both 400 μm and 300 μm geometries leads to a 

decrease in velocity which is almost in inverse proportion. The R2 values were > 

0.999 for all pressures tested. This confirms that the continuity is observed when 

decreasing the cross-sectional area across devices and that given the data in Figure 

4.21a, confirms the assumption that the flow rate was constant. For the 200 μm 

model; the average velocity for 2000, 3200 and 4700 Pa decreased less with 

increasing cross-sectional area than would be expected purely from as expected with 

continuity. This is due to the effect of increased resistance as discussed in §4.2.3. 

These results show the importance of the change in flow rate and velocity magnitude 

over the short timeframe that ACS proceeds, from 3-10 h: both phenomena 

characterised by Equations 4.1 and 4.2 occur.  

These changes are expected to occur sequentially as follows with increasing 

stenosis: 

1) Stenosis increases, stenotic region mean velocity magnitude increases 

according to continuity, no detectable change in blood flow rate at the 

bulk/main channel level. 

2) Stenosis further increases causing enough resistance to significantly 

decrease the mean velocity in the bulk/ main channel by decreasing the 
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flow rate, the stenosis mean velocity value will depend on the level of flow 

rate change due to resistance. 

3) Stenosis increases and resistance is increased to the point where there is 

no flow, known as stopped-flow, defined as 0 m/s. In vivo, this would be 

synonymous with microvascular collapse and refers to when hypoxia, the 

lack of sufficient oxygen, begins due to the red blood cells being prevented 

from flowing to transfer oxygen (220)(221). 

By investigating the trends and values of velocity change, shear stress and flow rate 

at which these three processes occur; it is possible that biological studies could be 

conducted into cell response under these conditions, perhaps, leading to a 

detectable level of change in biomarker response. Particularly, in response to shear 

stress changes as it is expected there will be a peak of shear stress as the influence 

of increasing resistance becomes more significant (198)(5). 

4.4 Extraction and Validation of Shear Stress Data  

 

The data for each model was collected following the decision tree in Figure 4.22. 
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Figure 4.22: Decision tree depicting the selection and validation of shear stress 

measurements through CFD and GPV 

Initially, experimental data was collected to investigate flow behaviour under each 

experimental condition. The velocity in the stenosed region is first considered as it 
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must be checked to increase in inverse proportion with cross-sectional area 

decrease, if the resistance is unchanged, following the method discussed above. This 

ensures that the fastest velocities are not only captured, validating the correct use of 

frame rate, but also giving the relative level of agreement and comparison between 

devices. The flow rates in the stenosed and non-stenosed regions are then checked 

for agreement to ensure the data is replicable and accurate and abides by continuity 

in the same device.  

Next, the wall shear stress should be calculated and compared with increasing 

stenosis. Once a check for continuity is applied, other factors should be investigated 

such as fluctuations in geometry. If a valid reason for an unexpected velocity change, 

can be identified then the wall shear stress measurement is still valid, however, it 

should be noted that this applies to this set of specific variables and may deviate 

away from complete linearity.  

If the wall shear stress measurements have large standard deviations and a trend 

cannot be identified the values can be checked against a CFD model. The CFD 

models are pressure-driven and the calculated flow rate should be checked to be in 

close agreement with the GPV detected flow rate (specifically as measured in the 

non-stenosed region to reduce any bias from steep velocity gradients) to validate the 

CFD model. The wall shear stress from the CFD model if in agreement with GPV can 

provide a more accurate and reproducible dataset as it is not limited by resolution if 

ensured to be mesh-independent. Finally, real-world variation can be quantified if 

reproducible data is obtained from experimental measurements that deviate away 

from the CFD model. 
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4.5 The effect of increasing the degree of stenosis on a ‘short’ 

stenosis 400 μm channel 

 

Figure 4.23: (a) The mean velocity magnitude of 400 μm devices with increasing cross-
sectional area in the stenosed region with standard deviation, (b) The mean flow rate in the 
non-stenosed region of 400 μm devices with increasing stenosis with maxima and minima, 
(c) The wall shear stress in the stenosed region, (d) The wall shear stress in the non-
stenosed region;(e) the wall shear stress in the stenosed region from GPV and CFD, (f) the 
wall shear stress in the non-stenosed region from GPV and CFD all at 20, 32 and 4700 Pa. 



150 
 

Figure 4.23a shows there is a linear decrease in average velocity magnitude with 

increasing cross-sectional area as expected with continuity. Figure 4.23b shows that 

the average flow rates were not significantly different according to standard 

deviations affected by the increase in the degree of stenosis, thus it can be 

concluded that the increased resistance caused by the stenosis in these cases is 

negligible. This suggests in practice in larger vessels, 400 x 126 µm in stenotic 

regions there needs to be greater than 60% stenosis to see a reduction in the bulk 

flow. In vivo, the flow rate decreasing as a result of increasing resistance is a key 

component of microvascular collapse and occurs in the early stages of acute 

compartment syndrome (222). In vivo there may be a point of stenosis there will be 

enough resistance to begin to see decreased blood flow and the beginning of 

capillary collapse which may pose an area for investigation for larger vessels.  

Figure 4.23c shows with increasing stenosis there is a significant increase in the wall 

shear stress due to increased velocity gradient close to the wall in the stenotic 

region, which would have an impact on the endothelial cells lining a blood vessel 

should these phenomena be replicated in vivo.  

Figure 4.23d shows in the non-stenotic region there are only very small changes in 

the wall shear stress values for the 20, 40 and 60% levels for all 2000, 3200 and 

4700 Pa, as expected since the overall flow rate, and thus velocity gradient close to 

the wall, is unchanged, see Figure 4.23b.  The small variations may be due to 

fluctuations in the channel width, thus affecting velocity, due to the fabrication 

method, for example, the 400 μm, 60% stenosis model had the largest variation in 

height down the geometry ranging from 115 to 139 μm. 
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Figure 4.23e shows the wall shear stress values from GPV as compared to CFD in 

the stenotic region. For the two lower applied pressures, at 20% stenosis, the CFD 

model gives very little change in values. At 2000 Pa the CFD model shear stress is 

slightly greater than the GPV, however, this could be due to the sampling range of 

GPV decreasing the flow rate measured, this is also the case for the 4700 Pa at 

20%. At 40% stenosis, the CFD model accurately predicts the GPV at 2000 Pa. At 

3200 and 4700 Pa, the CFD model underpredicts the values for shear stress at 40 

and 60% stenosis. This may be due to the GPV algorithm overestimating the average 

velocity due to steep velocity gradients seen in papers by Hart et al. All CFD models 

were ensured to be mesh-independent with shear stress. 

Figure 4.23f shows the CFD model has good agreement with the GPV in the non-

stenosed region at 4700 Pa for all stenosis levels, at 3200 Pa for 20 and 60% 

stenosis and 2000 Pa for 20, 40 and 60% stenosis. This correlates to the lower shear 

stresses seen at 0 and 20% stenosis in Figure 4.23d at 2000 and 3200 Pa. At 40% 

stenosis 3200 Pa, it is seen that the experimental GPV wall shear stress is lower 

than the CFD, likely due to the same phenomena seen in Figure 4.23e. 

Therefore, following the aforementioned decision tree, the wall shear stress in the 

stenotic area can be extracted from the CFD model for all 4700 Pa, 20 and 60% 

stenosis at 3200 Pa and 20-60% stenosis at 2000 Pa for all regions tested.  

Such trends in behaviour are possible in vivo, i.e. the shear stress in larger channels 

may initially increase if a stenosis forms but then decrease as the flow rate becomes 

more restricted, however, this is not detectable in these 400 m geometries up to 

60% stenosis at 2000 - 4700 Pa. The shear stress values are for this specific model 
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and may be used to draw in vitro-in vivo correlations, however, data should be scaled 

accordingly when interpolating shear stress values in vivo. This can be done by the 

use of CFD models where geometries are not limited to the analysis method of 

experimental techniques. Dimensional analysis can be used for scaling, but there 

may be further phenomena that should be investigated experimentally where 

techniques allow such as elasticity of walls, blood rheology and a circular cross-

sectional area. Correlations/ correction factors should be found from each of these 

variables to improve the model. 

4.6 The effect of increasing stenosis on a ‘short stenosis’ 300 µm 

channel 

 

Following the 400 μm geometries, four smaller 300 μm width devices with 0, 20, 40 

and 60% stenosis were created with a reduced height of 142-150 μm and measured 

using GPV and modelled using CFD. 
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Figure 4.24 (a): The mean velocity magnitude of 300 μm devices with increasing cross-
sectional area in the stenosed region and their standard deviations, (b) The mean flow of 300 
μm devices with increasing stenosis in the non-stenosed region with their maxima and 
minima as calculated from the non-stenosed area (c), The wall shear stress in the stenosed 
region, (d) The wall shear stress in the non-stenosed region; all at 2000, 3200 and 4700 Pa, 
(e) The wall shear stress values as calculated from the 300 μm devices in the stenosed 

region from GPV and CFD, (f) The wall shear stress values from the non-stenosed region in 
the main channel 
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Figure 4.24a shows similarly to the 400 μm model, there is a linear decrease in 

velocity magnitude with increasing cross-sectional area as expected with continuity. 

Figure 4.24b shows that in the main channel, again, there was no significant change 

in flow rate with increasing stenosis, as for the previous case, indicating changes in 

flow resistance were again small.   

Figure 4.24c shows that in the stenotic region, the wall shear stress significantly 

increased with increasing stenosis as seen with the 400 μm model. There is no 

significant difference between 3200 and 4700 Pa and 20% between 2000 and 3200 

Pa. The range of wall shear stress here increases significantly with each pressure 

tested- this highlights the importance of considering blood pressure when taking 

shear stress measurements.  

Figure 4.24d shows in the non-stenosed region of the channel the only significant 

difference measured with increasing stenosis was an increase in wall shear stress at 

2000 Pa from the 40-60% stenosis.  

Figure 4.24e shows the wall shear stress as estimated from GPV agreed with CFD 

for all models at 2000 Pa and 40 and 60% for 0 to 40%. For 60% at 3200 and 4700 

Pa CFD estimated larger shear stress values, which could mean that the GPV value 

was underestimated due to the the inherent limitations of GPV.  

Figure 4.24f shows the CFD model accurately predicts the wall shear stress at 0, 40 

and 60% at 4700 Pa, 40% at 3200 Pa and 20 and 40% at 2000 Pa. Following the 

decision tree above, Figure 4.22, the wall shear stress in the stenotic region can be 

approximated using the CFD model for all regions. 
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Both of these models appropriately identified that increasing stenosis increases the 

wall shear stress in the stenotic region, however, due to the lack of additional 

resistance created by the stenosis in both the 300 and 400 μm models relative to the 

whole system; a smaller height 57 x 200 μm width geometry was tested. 

4.7 The effect of increasing the degree of stenosis on the ‘short 

stenosis’ 200 μm channel 

 

Following the 400 and 300 μm geometries, four smaller 200 μm width devices with 0, 

20, 40 and 60% stenosis were created with a reduced height of 52-58 μm and 

measured using GPV and modelled using CFD. 
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Figure 4.25 (a): The mean velocity magnitude of 200 μm devices with increasing cross-
sectional area in the stenosed region and their standard deviations, (b) The mean flow rate of 
200 μm devices with increasing stenosis in the non-stenosed region with their maxima and 
minima as calculated from the non-stenosed area (c), The wall shear stress in the stenosed 
region, (d) The wall shear stress in the non-stenosed region; all at 2000, 3200 and 4700 Pa, 
(e) The wall shear stress values as calculated from the 200 μm devices in the stenosed 

region from GPV and CFD, (f) The wall shear stress values from the non-stenosed region in 
the main channel 
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Figure 4.25b shows with increasing stenosis there is no significant change in flow 

rate when considering maximum and minimum values. This supports the trends seen 

in Figure 4.25a. However, at 4700 Pa there is a greater decrease which may be due 

to the increasing resistance as the stenosis increases. It should also be noted that 

the geometry of the 0% stenosis 200 μm channel was smaller with an average height 

of 52 μm as compared to 57, 58, and 63 μm on average with the 20, 40 and 60% 

channels, thus causing lower flow rates.  

Figure 4.25c shows that there is a significant increase in wall shear stress at 2000 Pa 

from 20% to 40% then a decrease at 60%, this may be due to the high-velocity 

gradients and spatial velocity magnitude in the 60% stenosis. There is no significant 

difference at 3200 Pa with increasing stenosis. At 4700 Pa there is a significant 

decrease in the wall shear stress from 20 to 40% and an increase to 60% as seen in 

the 2000 Pa data which could also be explained by the increased resistance of the 

60% model.  

The wall shear stress in the non-stenosed region is shown in Figure 4.25d. There is 

no significant difference in the wall shear stress across the 2000 or 4700 Pa 

measurements. There is a significant decrease in the wall shear stress from 40-60% 

at the 3200 Pa level, which could be due to resolution. The insignificant difference in 

wall shear stress in the non-stenosed data is supported by the data in Figure 4.25b 

as there is no significant difference in flow rate and thus no significant difference in 

wall shear stress should be expected.  

Figure 4.25e shows the wall shear stress in the stenosed region calculated from GPV 

and compared to that of the CFD model. There is good agreement between the wall 



158 
 

shear stress values at 3200 Pa at 20 and 40% and for 20 and 60% at 4700 Pa. The 

wall shear stress at 4700 Pa at 40% is lower than expected as seen in Figure 4.23c. 

At 2000 Pa there is good agreement between the 20 and 40% stenosis but the 

experimental shear stress value is lower than that of CFD. At 2000 Pa and 3200 Pa, 

the 60% GPV data is lower than the CFD model. This could be due to the sampling 

range of the GPV and also limitations based on resolution.  

Figure 4.25f shows the wall shear stress values in the non-stenosed region mimic the 

errors seen in Figure 4.23e. The wall shear stress is accurately predicted for the 20% 

stenosis for all pressures tested. At 40% 4700 Pa, the GPV value is lower than 

expected and this is the same for the 2000 and 3200 Pa values at 60% stenosis. The 

flow rate between the non-stenosed region and the stenosed region of each device 

was checked to abide by continuity and thus rules out the possibility of the flow rate 

being the source of the difference with the CFD. This could be due to increased 

resistance in the experimental model that is not accounted for in the CFD model.  

In the 200 μm geometry, the difference in wall shear stress values from all ranges 

tested is 8 Pa corresponding to 80 dyn/cm2. This range falls within the range of shear 

stress experienced in the capillaries of 1-95 dyn/cm2, which highlights the importance 

of taking the exact parameters for cell study and selecting a sensitive biomarker for 

analysis once an in vitro-in vivo correlation is fully formed (223). This also suggests 

that a 200 x 52 m dimension device is appropriate for study with cells as the shear 

stress on the walls can mimic that of in vivo ranges and thus can be used further for 

cell study for shear stress measurements in a stenosed channel. 
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Despite the reduction in channel size in this case, the behaviour observed is 

consistent with the other short stenosis models, the effect of resistance is not seen to 

affect the flow rate to be able to detect a significant measurable decrease using GPV 

for all the pressures tested, only seeing some effect at 4700 Pa in the 200 μm at 40 

to 60% stenosis. The head loss in the short stenosis models can be calculated using 

the contraction and expansion coefficients discussed previously in § 4.2.1. 

4.8 The effect of increasing the degree of stenosis on the long 

stenosis channels 

 

To better mimic microvascular collapse and create a greater resistance to see the 

effect of microvascular collapse a ‘long stenosis’ model was created according to § 

3.4.3 of the methods chapter. 
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Figure 4.26 (a): The mean velocity magnitude of long 200 μm devices with increasing 
cross-sectional area in the stenosed region and their standard deviations, (b) The 
mean flow rate of long 200 μm devices with increasing stenosis in the non-stenosed 
region with their maxima and minima as calculated from the non-stenosed area (c), 
The wall shear stress in the stenosed region, (d) The wall shear stress in the non-
stenosed region; all at 20, 32 and 4700 Pa, (e) The wall shear stress values as 
calculated from the long 200 μm devices in the stenosed region from GPV and CFD, 

(f) The wall shear stress values from the non-stenosed region in the main channel, 
error bars covered by markers 
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The effect of increasing the overall flow resistance is evident when a long stenosis is 

used.  Figure 4.26a shows in the stenotic region there is an increasing average 

velocity magnitude with increasing stenosis up to 40% stenosis, after which it 

decreases, which corresponds with a reduction in velocity in the non-stenosed region 

in Figure 4.26b.   This possibly suggests the reaching of the resolution limit of GPV, 

to check deviations in geometry did not cause this, the average flow rates are shown 

in Figures 4.26c and 4.26d. This suggests an increase in resistance seen by the 

decrease in flow rate between the 40 and 60% stenosis. 

The model has a resistance range that increases over the total device resistance, 

1.44 x1013 Pasm-3 with the stenotic region measurements. 

These resistances are summarised in Table 4.10 and show the point at which there is 

a detectable increase in resistance detectable by GPV. 

Table 4.10: Resistances of Long Stenosis 

% stenosis 

Resistance of 
expansion + 
contraction 

Pa s m-3 

Resistance of non-
stenotic region 
(Main channel 

measurements) Pa 
s m-3 

Resistance of 
stenotic region 
(Stenotic region 

measurements) Pa 
s m-3 

0 0 1.44 x 1013 0 

20 68681 1.61 x 1013 1.01 x 1013 

40 97614 1.71 x 1013 1.86 x 1013 

60 53646 1.23 x 1013 2.80 x 1013 

 

As there are large standard deviations in the measurements as seen in Figure 4.26c 

it cannot be statistically concluded from the experimental data alone there is a 

decrease of flow rate due to resistance, therefore the CFD models were created. 

Each model was checked to ensure the flow rate of the CFD model was within the 
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error range for the flow rate as shown in Figure 4.26. The CFD flow rates show that 

there is a decrease in the flow rate as the stenosis increases and this is likely due to 

the increase of resistance. Figure 4.26e shows the wall shear stress in the stenotic 

region was over-predicted by the GPV at the 40 and 60% stenosis, however at the 0 

and 20% stenosis agreed with CFD values. At 2000 Pa of the 60% stenosis the value 

was an accurate prediction. In the non-stenotic region, the CFD model was a better 

model of wall shear stress, these differences are likely due to variation from an 

analytical solution as in experimental, and also in vivo, there will be other factors of 

influence.  

 

Figure 4.27: Flow rate agreement for the long stenotic model including in the main 

channel (mc), stenosis, (sten) and the CFD values 

The sensitivity of biomarkers at the level of change of shear stress should be 

carefully considered. Correlations between in vitro, in silico and in vivo models should 
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be used when selecting shear stress ranges for selecting the correct biomarker for 

diagnosis based on the relative sensitivity. These models only consider straight 

channel geometries and should be developed further to include more geometric 

changes such as branching/ bifurcation as in Pan et al.’s investigation of wall shear 

stress on larger arteries (224). 

4.9 Conclusions 

 

The competition of 3D hydrodynamics such as continuity and resistance have a 

complicated dependence on wall shear stress as extracted from a 2D plane. A 200 x 

57 μm model can accurately produce a range of wall shear stresses that mimic in 

vivo when tested at in vivo pressures and can be studied using optical techniques 

and ghost particle velocimetry. CFD models of flow behaviour can be produced and 

accurately predict wall shear stress values in both the non-stenotic and stenotic 

regions- allowing for comparisons where experimental technique, GPV is limited by 

resolution. However, these must be validated against measurements such as flow 

rate, of that of experimental data.  

300 and 400 μm models allow insight into the changes in wall shear stress that are 

expected to be seen at larger geometries such as increased velocity magnitudes and 

large variability in flow rates due to the reduced resistance. These correlations could 

be used to predict changes in shear stress seen with changing geometries of vessels 

such as disease states. In the 200 μm short stenosis, the range of shear stress 

values mimics that of in vivo and therefore this device design is suitable for testing a 

range of in vivo conditions in a 3D model, however, this model only demonstrates the 

effects of continuity and not resistance.  
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The addition of a long stenosis model can be assumed when used in combination 

with a CFD model, to show the phenomena of resistance and thus mimics the start of 

microvascular collapse. In vivo, it is important to find sensitive biomarkers to small 

changes in shear stress and the area of which cell behaviour is to be measured as 

well as the relative blood pressure accounted for.  
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Chapter 5: The Influence of Increased Stenosis and Branching 

Geometry on Wall Shear Stress in In Vitro Models of Microvascular 

Collapse 

 

5.1 Introduction 

 

The research presented in this chapter is concerned with how flow distribution, and 

consequently local values of wall shear stress, change in response to stenosis (and 

thus change in resistance to flow) in branched channels designed to mimic 

microvascular collapse in a network.  Building on the 200 µm long stenosis model 

from Chapter 4, three types of channel designs were developed and investigated: a 

model branched according to Murray’s law, an evenly branched model, and a model 

with a side branch. The shear stress was investigated in branched models to scope a 

diagnostic range of biomarkers for the diagnosis of ACS, and to increase 

physiological relevance.  

In microfluidic research, different branching geometries of lab-on-a-chip models are 

investigated as discussed in §2.2.2, however, three different types of branching were 

investigated throughout this chapter (102)(104,225). It is well known that the flow in 

microfluidic devices is laminar, and the flow obeys the Poiseuille equation for laminar 

flow in a pipe, with the special case of the application to a rectangular cross-section 

as founded by Reynolds and Poiseuille (226).   

In networks the hydrodynamics change due to the branching in the flow. Three types 

of branching were investigated, denoted: (i) side channels, (ii) even branching, and 

(iii) branching following Murray’s law representing cases of Murray’s law as described 

in §2.1.3 and other factors such as angiogenesis and growth around obstructions 
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(182,227). The branching is likely to affect the flow direction and resistance; 

depending on the relative geometries and angles, shear stress and thus biological 

response, therefore, it must be included in the design of PDMS microvasculature 

models. These models were selected to test a range of geometries and to investigate 

the effect of increasing resistance within a branched network. In Murray's Law 

models of biological systems, the shear stress remains constant down the 

bifurcation, however, this is not typical of side wall branching (108)(228)(229). The 

methods described above were used in developing devices to understand the 

features of ACS. 

Some branched microfluidic models do so at right angles, however, this will not 

accurately model wall shear stress in vivo due to pressure losses at right angles 

being greater than the intentionally minimised pressure losses seen in biological 

systems. Other models investigate the degree at which the branch is from the main 

channel which varies depending on a number of factors (62)(230).  

5.2 Experimental Parameters  

 

The flow behaviour in the branched microfluidic models described in detail in 

materials and methods was investigated at 2000, 3200 and 4700 Pa using GPV 

according to Table 5.1. The frame rate used was 10000-20000 fps at 1024 (w) by 

1024 (h) to 1024 (w) by 768 (h) pixel resolution respectively. 
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Table 5.1: Models investigated in this chapter as detailed in § 3.4.6-3.4.8. 

 % stenosis 

 0 20 40 60 

Even 
Branching 

✔ ✔ ✔ ✔ 

Murray’s 
Branching 

✔ ✔ ✔ ✔ 

Side 
Branching 

✔ ✔ ✔ ✔ 

 

The velocity vectors in each model were calculated following the GPV procedure as 

described in §3.6. The velocity profiles were then extracted perpendicular to the 

channel walls according to Figure 5.1. 

 

Figure 5.1: Branched model highlighting areas in which each reading is taken from 

From these velocity vectors the flow rate and wall shear stress were determined as 

described in § 4.2.1.  

The measured heights of each device were as measured in Table 5.2: 

Table 5.2: Measured heights of each branched device, even branched, Murray’s and 

side branched models 
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Height (μm) 
Even Branching Murray’s Branching Side Branching 

0% 20% 40% 60% 0% 20% 40% 60% 0% 20% 40% 60% 

Average 53.1 34.7 36.8 43.2 58.3 62.2 50.4 52.0 43.8 36.8 39.1 44.4 

Max 79.5 37.0 43.7 46.4 60.6 71.0 59.5 57.6 47.5 42.1 45.6 48.5 

Min 39.1 30.3 32.7 37.4 54.3 55.1 46.5 50.1 40.1 32.0 32.7 39.2 

 

CFD models were created using the method described in §3.8. The model was 

created with the average height dimensions following the geometry and branching as 

described in § 3.4.6-3.4.8. Velocity profiles and wall shear stress values as calculated 

by ANSYS Fluent were extracted in the same location as shown in Figure 5.1 at 

h=H/2. 

 

 

Figure 5.2 CFD mesh from Murray’s law model 0% stenosis  
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5.3   Murray’s Law  

5.3.1   Geometric Murray’s Law  

 

To mimic in vivo networks, a microfluidic design of the microvasculature needs to 

consider the branching of capillary networks according to Murray’s Law (55), which 

ultimately defines the branching geometry according to Equations 2.1, 2.2 and 2.3 

and the geometry shown in Figure 5.3. 

𝐷1
3 = 𝐷2

3 + 𝐷3
3 (2.1) 

Where (55): 

cos 𝛼1 =
𝐷1

4 + 𝐷2
4 − (𝐷1

3 − 𝐷2
3)

4
3

2𝐷1
2𝐷2

2   (2.2) 

cos 𝛼2 =
𝐷2

4 + 𝐷3
4 − (𝐷2

3 − 𝐷3
3)

4
3

2𝐷2
2𝐷3

2  (2.3) 

     

 

Figure 5.3: Murray’s Law Device design 
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Table 5.3: Design parameters for a device following Murray’s Law 

Device D1 (μm) D2 (μm) D3 (μm) 𝜶𝟏 ( ֯) 𝜶𝟐 ( ֯) 

A 200 75 100 25.4 42.2 

 

5.3.2   Error Quantification 

 

Murray’s law is based on the derivation of the Hagen-Poiseuille Equation and the 

continuity equation from the Navier-Stokes Equation, with the assumptions of steady 

flow, incompressible fluid, fluid only flowing symmetrically in the x direction and fully 

developed flow as described in § 3.8.5. There are two competing factors, the energy 

required to overcome viscous drag (Pf) and energy required to maintain the volume 

of blood flow (Pm) which sum to the total power required (Pt) as shown in Equation 

5.1 (54), where m is the metabolic coefficient. 

𝑃𝑡 = 𝑃𝑓 + 𝑃𝑚 =
8𝜋

𝜇
𝑄2

1

(
𝐷
2)4

+ 𝑚(
𝐷

2
)2𝑙 (5.1) 

Where 𝜇 is the dynamic viscosity, Q is the flow rate, D the diameter and l the length. 

Using Poiseuille’s law, this is then related to the conductance, c, the inverse of 

resistance. 

𝑄 = 𝑐
𝑑𝑃

𝑑𝑥
 (5.2) 

Where: 

𝑐 =
𝜋𝑟4

8𝜇𝑙
 (5.3) 
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Where r is the radius, and r=D/2. 

By calculating 
𝑑2𝑃

𝑑𝑟2 with the full derivation in Appendix 4, Murray derived: 

𝑄 = 𝑘𝑟3 (5.4) 

Where: 

∑ 𝑄 = ∑ 𝑘𝑟3 = 𝑘 ∑ 𝑟3  (5.5) 

Thus, for branched cylindrical networks with 3 branches: 

𝑟1
3 = 𝑟2

3 + 𝑟3
3 (5.6) 

Murray’s derivation considers minimisation of energy loss within the branches and is 

designed to have the largest surface area, through microvascular branching to 

maximise the surface for transmural diffusion, which is often approximated by Fick’s 

Law, Equation 5.7. However, this is only an approximation as this diffusion occurs in 

a non-Newtonian blood and Fick’s law assumes the transfer takes place within a 

Newtonian fluid (54).  

𝐽 = −𝐷
𝑑𝜑

𝑑𝑥
 (5.7) 

Where J is the diffusion flux vector, D is the diffusion coefficient and 
𝑑𝜑

𝑑𝑥
 is the 

concentration gradient across the barrier (54). This is included in the Murray’s law 

derivation through the metabolic constant. 

These equations are based on channels with a circular cross-section, however, in 

microfluidics, channels have rectangular cross-sections as discussed in §3.5. As the 

height of the microfluidic geometry cannot easily be varied, a constant height of 50 
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µm was selected. Thus, to enable calculations following Murray’s law dimensionally, 

the hydraulic diameter was used in calculations when designing channels as a fixed 

height could be used where: 

Dhyd =
2wh

w + h
(5.8) 

Using the assumption of Newtonian laminar flow of water in a straight pipe with a no-

slip boundary condition at the wall, the hydraulic diameter was calculated according 

to Equation 5.8. The height and width values for the microfluidic channels were 

measured, with the results are summarised in Table 5.4. 

Table 5.4: Height, width and hydraulic diameter measurements of the Murray’s law 

devices in each branch 

Measurement (μm) 
% stenosis 

0 20 40 60 
 av. height 58.3 (+/- 4) 62.2 (+/- 8)  52.0 (+/-6) 50.4 (+/-4) 

Branch 1 
av. width 211.3 (+/- 3) 207.0 (+/- 4) 215.4 (+/- 13) 208.5 (+/- 6) 

av. hyd. D 91.3 95.7 83.8 81.2 

Branch 2 
av. width 72.7 (+/-3) 76.3 (+/-4) 77.3 (+/-4) 74.0 (+/-3) 

av. hyd. D 64.7 68.6 62.2 60.0 

Branch 3 
av. width 99.6 (+/- 6) 103.7 (+/- 8) 101.7 (+/- 4) 102 (+/- 5) 

av. hyd. D 73.5 77.8 68.9 67.5 

 

To see how closely the Murray’s law geometric approximation applied to the channel 

once manufactured, the percentage difference between 𝑟1
3 and 𝑟2

3 + 𝑟3
3 was 

calculated.   Additionally, the values of hydraulic radius were compared for the special 

case of Hooper's law, Equation 5.9, typically applied to larger vessels such as arterial 

branching (54).  

𝑟1
2.98 = 𝑟2

2.98 + 𝑟3
2.98 (5.9) 
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Figure 5.4: Similarity between hydraulic radius values when fabricated and their 

closeness to following Murray’s and Hooper’s Law 

The similarity of the radius values from fabrication compared to that calculated using 

Murray’s law and Hooper’s law shows that the measured microfluidic geometry using 

the assumption of a hydraulic diameter there is up to 95.5% agreement with Murray’s 

law and 93% agreement with Hooper’s Law, showing how accurately microfluidic 

devices can be fabricated to the prescribed dimensions. The larger difference with 

Hooper’s law may be seen as Hooper’s law is considered for modes of arteries and 

thus channels with larger geometries (54). Thus, it can be said that using the 

hydraulic diameter, particularly in microfluidic models in which the height of the 

device cannot be changed per vessel, there is close dimensional agreement with 

Murray’s Law once fabricated using the photolithography and soft lithography 

processes detailed in Chapter 3.  

The shear stress in these models was extracted at h=H/2, however, there is a 

variation of shear stress across the cross-section as shown in Figure 5.5. 
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Figure 5.5: Wall shear stress distribution across the cross-section of Branch 1 on a  

200 µm Murray’s law device from CFD model 0% stenosis at 3200 Pa 

Figure 5.5 shows the variation of shear stress across the cross-sectional area with 

the centre being 0 Pa and the walls having larger shear stresses up to 2 Pa. Figure 

5.5 also shows that the walls at h=0 and h=H have a greater shear stress than the 

walls at w=0 and w=W. Therefore, compared to a circular cross-section where the 

wall shear stress is constant around the circumference, i.e. no azimuthal effect, for 

rectangular cross-sections, this is not the case, and the shear stress depends both 

on height and width. Throughout this chapter, all shear stress values are extracted at 

h=H/2, w=0 and w=W. This will not be the maximum wall shear stress in the 

geometry, and this should be considered when choosing where to grow cells in the 

device and the distribution of shear stress across the cross-section that the cells will 

be exposed to. 
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5.4 Bifurcation Design 

 

Networks are characterised by the number of branches, N, at each node, k. Under 

the assumption that the flow is incompressible, there is no accumulation, and the 

mass is conserved; the flow in a branched capillary can be assumed to behave by 

the Hagen-Poiseuille equation as we have seen from the flow behaviour in Chapter 

4. Where:  

𝑄1,2 = (
𝜋

128𝜇
) ∆𝑃1,2𝐺1,2 (5.10) 

And G is a constant for cylindrical channels (135,231): 

𝐺1,2 =
𝐷1,2

4

𝑙1,2
 (5.11) 

But, as seen in Chapter 4, for rectangular cross-sections; 

 

𝑅 =
1

1−0.63(
ℎ

𝑤
)

12𝜇𝐿

ℎ3𝑤
  (5.12) 

 

𝑄1,2 =
∆𝑃1,2

1

1 − 0.63 (
ℎ
𝑤)

12𝜇𝐿
ℎ3𝑤

 (5.13)
 

If the daughter vessels are equal in size, then the following can be derived for 

branched models with circular cross sections.  

𝛽𝑑𝑘 =
𝐷𝑘

𝐷𝑘−1

(5.14) 
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Where β is the ratio of channel widths. 

𝑁𝑘𝑉̇𝑘 =
𝑁𝑘𝜋𝐷2𝑣𝑘

4
= 𝑁𝑘−1𝑉̇𝑘−1 =

𝑁𝑘−1𝜋𝐷2
𝑘−1𝑣𝑘−1

4
 (5.15) 

Where v is the velocity, 𝑉̇ is the volumetric flow rate, D the diameter, N the total 

number of branches and k the branching level (231). This equation shows the total 

volumetric flow rate at each branching level assuming the flow is incompressible is 

equal. For one channel branching into two, k=1 and n=2. 

Thus, it can be assumed that: 

𝛽2
𝑑𝑘

𝑢𝑘𝑛𝑘 = 𝛽2
𝑑𝑘

𝑢 𝑛 = 1 

Therefore, the pressure at the bifurcation can be assumed to follow: 

∆𝑃 = 𝑅𝑉̇, where 𝑉̇ =
𝜋𝑑2𝑣

4
 and 𝑅 =

128𝑣

𝜋𝑣𝑑4 

In cases where this is not seen, such as when resistance increases or in the body 

where there is branching in which the daughter vessels are not of the same 

dimension, it has been suggested by Bengtsson and Eden that the requirement is for 

there to be a constant power asserted per unit area of the wall, characterised by a 

consistent wall shear stress (57). The branching behaviour can be modelled using 

Equation 5.16, where k is the level, N is the number of branches, d is the  (231) 

4𝑁𝑘Δ𝑃𝑄𝑘

𝑁𝑘𝜋𝑑2𝑙𝑥
=

4𝑁𝑘−1Δ𝑃𝑄𝑘−1

𝑁𝑘𝜋𝑑2
𝑘−1𝑙𝑥−1

 (5.16) 

And: 

𝑝𝑢𝛽𝐷
2

β𝐷𝛾
= 1 (5.17) 
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Where, 𝛽𝑑, 𝛾 and p are branching factors and n is the number of the daughter branch 

and u is the kinematic factor. 

𝑢2 = 𝛽𝐷, 𝑢 = 𝑛−
1

5, 𝛽𝐷 = 𝑛−
2

5 

So (231), 

𝑝

𝛾
= 𝑛

3
5 (5.19) 

5.5 Side Branching 

 

Models of blood flow involving side branching also show a change in wall shear 

stress, with their inclusion in studies being deemed ‘crucial’ and without them models 

leading to overestimates of wall shear stress ranges (232)(233)(234). Although this 

side branching is often modelled for larger blood vessels such as arteries, it is 

important they are investigated for capillary networks also where side branches are 

seen as there may be similar phenomena that will influence decisions made when 

selecting shear stress ranges for biomarker testing. 

5.6 Determination of Variables  

 

The resistance of each device with no stenosis was estimated using the same 

method as Chapter 4. Table 5.5 shows the relative resistances. 

Table 5.5: Resistance of each non-stenosed branched device 

 Resistance (Pa s/m3) 

Device Branch 1 Branch 2 Branch 3 Total 

Murrays 1.4 x 1013 2.2 x 1012 1.2 x 1013 4.8 x 1013 

Even 1.2 x 1013 4.0 x 1012 4.0 x 10 12 1.9 x 1013 

Side 3.1 x 1013 1.1 x 1013 1.1 x 1013 5.3 x 1013 
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The flow rate of each device with no stenosis was also estimated using the same 

method as Chapter 4. Table 5.6 shows the relative flow rates. 

Table 5.6: Flow rate of each non stenosed device 

 Flow rate (m3/s) 

Device Q at 2000 Pa Q at 3200 Pa Q at 4700 Pa 

Murray’s 4.7 x 10-11 6.7 x 10-11 9.87 x 10-11 

Even 1.0 x 10-10 1.6 x 10-10 2.4 x 10-10 

Side 3.8 x 10-11 6.0 x10-11 8.9 x 10-11 

 

5.6.1 Analytical vs Experimental Flow Rate  

 

The flow rate both analytically and from GPV in each device was calculated 

according to § 4.2.2 and § 4.2.3 respectively. 

 

Figure 5.6: Flow rates as calculated using resistance calculations and as measured 

using GPV. 



180 
 

Figure 5.6 shows estimating the flow rate using the method of determining resistance 

detailed in Chapter 4 gave good accuracy for both the Murray’s Law and the even 

branched model. For the side model, at 2000 Pa the analytical estimate was a good 

approximation, however, there were differences at 3200 and 4700 Pa. This may be 

due to the angle of the side branch influencing the resistance and pressure loss at 

the bifurcation, investigated through the use of CFD. The even branching model has 

the greatest variation of flow rate which was due to the greatest range of height +/- 

20 µm down the length of the device. The even branched model also had the largest 

flow rates which was again due to its greater height and lower resistance as shown in 

Table 5.5.  

The flow rates in the branched models are lower than those of the long stenosis 

model from Chapter 4 due to the increased resistance caused by the addition of the 

branches. Table 5.7 shows the Murray’s Law device had a 2.08-2.46x lower flow rate 

than the long device from Chapter 4, compared to the even at 0.99-1.12x and the 

side branching at 2.5-3.16x. This is due to the dimensions of each channel and the 

addition of the extra branches. The addition of each branch should make the multiple 

up to 3x, however, there is a large variation with height, 1/h3, as seen in Equation 

5.13 which when determining resistance will also provide a large influence. The 

resistance of the long stenosis model from experimental data was determined to be 2 

x1013 Pasm-3 close to the 1.9 x 1013 Pasm-3 for the even model from Table 5.5, which 

supports the similar flow rates seen in Table 5.7, thus showing the change of height 

of the channel has a comparable influence on the resistance as the addition of two 

200 µm branches. 
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Table 5.7: Geometries and average flow rates for non-stenosed channels 

 Flow rate (m3/s) 

Pressure (Pa) 2000 3200 4700 

Long 1.0 x 10-10 1.8 x 10-10 2.1 x 10-10 

Murray's 4.4 x 10-11 7.5 x 10-11 1.0 x 10-10 

Multiple vs long 2.29 2.46 2.08 

Even 1.0 x10-10 1.6 x 10-10 1.9 x10-10 

Multiple vs long 0.99 1.12 1.10 

Side 3.8 x 10-11 7.4 x 10-11 6.5 x 10-11 

Multiple vs long 2.66 2.50 3.16 

 

5.7 Murray’s Branching  

 

Figure 5.7: A Murray’s branched device 0% stenosis at 3200 Pa 
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Figure 5.8: Flow rate and wall shear stress as measured by GPV and CFD in the Branch 1 

Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for the Murray’s law model 
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In the device branching according to Murray’s law, it was found that the average flow 

rate in the Branch 1 region increased up to the 40% stenosis for 2000, 3200, and 

4700 Pa. There was a decrease for all pressures at 60% stenosis; this is due to the 

reduced flow rate caused by the increased resistance seen in the 60% stenosis 

model due to the reduced cross-sectional area as seen in Chapter 4. As stated 

previously in Table 5.7 the addition of branching from a non-branched long stenosis 

model decreases the flow rate by 2.08-2.46x, thus, increasing the stenosis in the 

branched case decreases the flow rate. The GPV and CFD average resistance was 

calculated using Equation 4.2 as shown in Figure 5.9, demonstrating the increase in 

resistance with increasing stenosis. 

 

Figure 5.9 Resistance data for Branch 1 of the Murray’s law models from GPV and 

CFD  

The same trend is seen in Branch 2, although the average flow rate in Branch 2 is 

lower than in Branch 3 for all pressures and stenosis tested. This means that there is 

increased resistance in Branch 2 which would be expected due to the lower 
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dimensions 75 μm and 100 μm and a constant height. In both Branch 2 and Branch 3 

the flow rate follows the same trend, with the flow rate in the Branch 3 channel being 

75% of the Branch 2, which again is supported by the resistance through the 

dimensions of the device design.  

Figure 5.8 shows the wall shear stress in the device increases with increasing 

stenosis up to 40% stenosis, which again is supported by the flow rate and 

resistance data. The resistance of the 60% stenosis model is enough to significantly 

decrease the flow rate and thus the wall shear stress decreases even though the 

stenotic region is decreasing in cross-sectional area. This is seen both in the Branch 

2 and Branch 3 channels, highlighting the peak in shear stress. In the stenotic region, 

we see an increase in the wall shear stress with increasing stenosis, which increases 

significantly at 4700 Pa at 40% stenosis.  

The total flow rate can be found from either inlet or outlet flows as shown: 

𝑄𝑖𝑛 = 𝑄𝑜𝑢𝑡 where 𝑄𝑜𝑢𝑡 = 𝑄1 + 𝑄2 (5.20) 

As the cross-sectional area of the stenosis decreases, the velocity magnitude 

increases in a smaller cross-sectional area, due to continuity, thus shear stress in the 

stenosed region increases (provided increased resistance to flow does not 

dominate). This phenomenon is also described and seen in the fixed stenotic models 

in Chapter 4. 

As described with Murray’s law, the wall shear stress should be consistent throughout 

the device and into the smaller branches. In Figure 5.10, we can see that in almost 

all models this was the case, and therefore, despite the device being created with a 

rectangular cross-section, we see the same phenomena as expected with Murray’s 
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branching law seen in circular cross channels. The branches are numbered 

according to Figure 5.3. The wall shear stresses go through a maxima as the 

increased resistance in the 60% case causes a decrease in the overall flow rate. 

 

Figure 5.10: Wall shear stress in each branch at 2000 Pa, 3200 Pa and 4700 Pa 
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This is useful for microfluidic model development as this confirms that when 

developing devices for constant wall shear stress, with different flow rates, Murray’s 

law can be applied with the hydraulic diameter assumption. 

Figure 5.8 also shows the experimental data compared to the wall shear stress data 

collected from the CFD. The figure shows that in Branch 2 and 3, the wall shear 

stress is accurately modelled for the 20, 40 and 60% stenosis, however, there was 

variation on the 0% model. This is also the case for the Branch 1 stenosis data 

excluding the maximum pressure at maximum stenosis, which may be due to PIV 

errors described in Chapter 4. In the stenosed region, the CFD model was an 

accurate predictor of the wall shear stress at 20% stenosis and at 2000 and 4700 Pa 

for the 40% model. The results maintain the wall shear stress as the geometry 

changes and agree with the ratios of dimensions seen in Murray’s law geometrically. 

Therefore, this model can be used to expose the cells to constant wall shear stress 

whilst the flow rate in each area changes. This design could be useful for lab-on-a-

chip models in combination with CFD models where a certain flow rate is required for 

mass transfer under constant shear. Furthermore, this model can be used to 

measure a range of shear stresses from 0.2-3.4 Pa at 2000 to 4700 Pa modelling 

shear stress values and pressure values seen in vivo and thus would be suitable for 

cell behaviour investigation. 

Although this model holds true geometrically, it is important to consider the effect of 

this geometry and the hydraulic diameter approximation on resistance as shown in 

Figure 5.11. 
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Figure 5.11: Estimation of resistance using Murray’s law formula with resistances 

calculated using Equation 5.12 for rectangular cross sections and calculated using 

Poiseuille’s law using a hydraulic diameter 

Murray’s law geometrically holds true using 𝑟1
3 = 𝑟2

3 + 𝑟3
3, however, based on the 

design assuming hydraulic diameter, there is a larger error when calculating 

resistance for the rectangular channels using this approximation as shown in Figure 

5.11. As shown in Figure 5.5 the shear stress around the cross-sectional area varies 

with width and height and therefore Murray’s law may only be geometrically true 

when compared to systems with the same aspect ratios and extracting the wall shear 

at w=0 and w=W at H/2. This should be considered when designing devices and 

choosing where to construct hydrogels for cell growth. The resistance here may also 

not represent the case of the minimum resistance in a network system with the 

fewest energy losses in the fluid network as the derivation of Murray’s law states. 
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5.8 Even Branching  

 

 

Figure 5.12: The velocity distribution map for an evenly branched 200 µm model with 

20% stenosis at 3200 Pa 
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Figure 5.13: Flow rate and wall shear stress as measured by GPV and CFD in the 

Branch 1 Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for the even 

branched model 
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Figure 5.13 shows in the even branched model there was a decrease of flow rate 

with increasing stenosis in all branches. This is expected due to the increasing 

resistance in the model as shown in Figure 5.14. This is also seen in the branches 2 

and 3 as the resistance is summative.  

 

Figure 5.14: Resistance with increasing stenosis in evenly branched models from 

GPV and CFD 

The flow rate in microvascular networks can change for various reasons, aside from 

the vessel diameter, the length of each vessel, and tapering of the vessel. Other 

factors in vivo such as the elasticity of the vessel wall and the rheology of blood can 

make further differences (103).  

Figure 5.13 shows there was a stable wall shear stress as measured by GPV in the 

stenosed region of the device. This occurred with a variable flow rate therefore the 

width of the channel decreasing has a comparatively similar effect on the wall shear 

stress as the reduction in flow rate.  
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In Branch 2 there is a decrease in the wall shear stress with increasing stenosis, 

which is supported by the flow rate data. Figure 5.13 shows the CFD model was an 

accurate predictor of the 20% stenosis model in the Branch 2 channel. In the Branch 

2 channel at 0% stenosis, the CFD model overpredicts the wall shear stress. This is 

also the case for 4700 Pa at 40 and 60% stenosis.  In the stenosis, the CFD model 

underpredicts wall shear stress for 20-60% stenosis. This combines real world 

variation with the ideal case seen in CFD. In Branch 3 the wall shear stress 

decreases from 0 to 20% stenosis and then shows no significant difference as the 

stenosis increases further. The wall shear stress remains stable at all pressures as 

stenosis increases from 20-60%. The wall shear stress in Branch 2 remains higher 

than in the Branch 3 channel for almost all 20-60% stenosis. This may be due to a 

factor in Branch 3 increasing the resistance of the channel and thus decreasing the 

flow rate and wall shear stress, however, it can be seen from Figure 5.15 that the 

flow did not always prefer one branch over the other. In the 20% model, the flow was 

even between the two branches, however, in the 40% and 60% model the flow went 

preferentially to Branch 2.  
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Figure 5.15: The flow rate in branch 2 vs branch 3 at all pressures in all stenosis 

even branched models 

In Branch 2 and 3, the CFD model accurately predicts the wall shear stress in the 

20% model for all pressures tested, at 60% stenosis the CFD model underpredicts 

the wall shear stress as measured by GPV.  The CFD model assumes no preference 

of flow down either branch and thus the wall shear stress in both the Branch 2 and 

Branch 3 channels is the same, as would be expected given the governing physics of 

the flow. This does not account for the variation seen experimentally and in vivo. In 

the stenotic region, the CFD model predicts a consistent decrease in wall shear 

stress with increasing stenosis, which is due to the reduction in flow rate despite the 

decrease in the geometry. This shows the difference between ideal systems and 

experimental systems and emphasises the importance of combining in vivo, in silico 

and in vitro models when quantifying hydrodynamic ranges in biological systems. 

This might be due to some degree of blockage in the channels or small changes in 

the dimensions of each branch, so that they are not perfectly identical. 
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5.9 Side Branching 

 

 

Figure 5.16: GPV spatial velocity distribution from the 20% stenosed side branch 200 

µm channel at 3200 Pa 
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Figure 5.17: Flow rate and wall shear stress as measured by GPV and CFD in the 

Branch 1 Stenosis, Branch 2 and Branch 3 at 2000, 3200 and 4700 Pa, for the side 

branched model 
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In the device with the side branch in the stenotic region, there was a large variation in 

the flow rate. The resistance in the side channel model was the greatest as seen in 

Table 5.5. Figure 5.17 shows that in Branch 3, there was no stable trend across the 

measurements with increasing stenosis. This may be due to the fluctuation of flow 

due to resistance changes in the channel from fabrication and would reflect geometry 

changes in vivo due to variations in lumen diameter. This is also seen in the Branch 2 

channel. The order of magnitude of the flow rates is the same, however, fluctuations 

in device height, agglomerations of nanoparticles and tubing fixtures can at the 

microscale influence the preference of flow to either side as seen in Figure 5.18. This 

shows for the majority of measures the flow rate was evenly dispersed between each 

branch, however, in some cases such as at 2000 Pa this was not the case. As there 

is no preferential side that this flow is directed to, the effect of the angle on the 

diversion of flow can be ruled out, suggesting this is more likely due to formation 

errors in the mould. Although every effort was made to maintain even resistance 

through experimental factors such as height and tubing at this resolution there is the 

diversion of flow down either branch cannot be prevented if there are deformations in 

the negative mould or unremovable impurities. 
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Figure 5.18 Flow rate in Branch 2 and 3 in each stenosis at 2000, 3200 and 4700 Pa 

in the side branch models. 

The wall shear stress in the Branch 3 channel follows the same trend as the flow 

rate, with an increase from 0-20% then decreased and steadily increased again. In 

these measurements, there is no statistical difference in the wall shear stress 

between each pressure due to the overlap of standard deviation error bars. In Branch 

2 there is lots of variation throughout the data and this is again could be due to the 

diversion of flows down either channel.  

The wall shear stress in the Branch 2 channel also shows no significant difference 

between 20 and 40, then 40 to 60% stenosis. The wall shear stress in both channels 

is within the same range of 0.08-1.2 Pa in both channels and there is no significant 

difference between the two, without a significantly different flow rate. This will only 

occur when the flow is diverted. The wall shear stress in the stenosed region is 
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greater than that in the branches, which was not true of the branching in the Murray’s 

law model. As the cross-section of each channel was equal, this show that a side 

branch at a 45° angle with the same dimensions will give no significant difference in 

wall shear stress without a diversion of flow. This is due to the cross-sectional area 

being the same and when there is no diversion of flow the velocity profile being the 

same.  

Figure 5.17 also shows the CFD model data was less representative of the fluid 

dynamics measured using GPV than in the case of Murray’s law. The CFD model 

overpredicted the wall shear stress at 4700 Pa excluding at 20%, this is likely due to 

the sampling technique of the GPV reducing the measurement.  At 3200 Pa the CFD 

model was a good predictor of wall shear stress in the stenotic region and shows 

how sensitive the measurements of wall shear stress are at this scale. Figure 5.17 

shows that the Branch 2 channel for the CFD model often overpredicted the wall 

shear stress, however, this is likely due to the higher flow rate in the Branch 2 

channel in cases where the flow was diverted. This was also true for Branch 3. In the 

20% stenosis model, we see this particularly clearly with most of the flow going to the 

Branch 3 channel at 2000 Pa. The CFD estimates the flow rate in the side branch to 

be the same as the flow in the main channel due to their equal dimensions and the 

law of continuity. In cases where the diversion of flow is not seen, i.e. 60% stenosis, 

the CFD model accurately predicts the wall shear stress in the lower-order branches. 

There is also agreement that the wall shear stress in the stenosed region will be 

higher than in the daughter vessels, which is to be expected due to the reduced 

cross-sectional area, as discussed in Chapter 4. The CFD model here provides the 

solution according to the governing equations of fluid motion, however, there are 
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large amounts of real-world variation that can influence the measurement. However, 

to validate the CFD models use, there needs to be a perfect system modelling ideal 

flow in the real world. At the microscale with the variation included from fabrication for 

some models this was not possible. 

This data shows that the use of a side branch model can be effective at giving a more 

accurate representation of flow diversion that may be seen in vivo and also a greater 

range of wall shear stresses through the model, but also maintains equal wall shear 

stress in the daughter branches as is seen in Murray’s law. Furthermore, this model 

also provides a range of shear stresses from 0-3.1 Pa for pressures of 2000-4700 

Pa, falling inside the range of in vivo shear stresses in the capillaries at 

physiologically relevant pressures, providing another suitable design for the creation 

of a lab-on-a-chip device for investigation of biomarker response.  

In these models, the wall shear stress is lower than in the models discussed in 

Chapter 4. This is due to the greater resistance imposed by the length of the device 

and branching- which would be seen in vivo with variation in capillary length. 

Additionally with increasing stenosis, the wall shear stress in any branched model 

does not increase past 3.5 Pa, an order of magnitude smaller than in the short, fixed 

stenosis models of Chapter 4. This means the model with branching is less 

representative of the whole range of shear stress conditions. 

However, there is more variation across the devices so the designs would be useful 

for understanding the biomarkers in the effluent released from cells in a variety of 

environments, as a blood test would not be taken from one capillary and would be 

sampled as a total from a range of different environments. The ability to detect 
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certain proportions of biomarker changes in the range of environments would be 

better investigated under these conditions for sample collection but not for studying 

individual cell behaviour under a microscope and thus both types of models are 

needed. 

The flow rates in these models are not always detected to abide by continuity with 

some diversions of flows totalling over 100%. This must be due to the GPV technique 

and its accuracy. Particularly as the aspect ratio changes such as in Murray’s device. 

This is discussed in §4.3.1. As the model is at steady state and there is no 

accumulation as seen due to the measurement of a flow and the small standard 

deviation between measurements, thus the model can be assumed to behave at a 

steady state when the flow in is equal to the flow out in each run and model. The 

difference between each model, increasing stenosis, can be assumed to be the factor 

at play if fluctuations in geometry cannot be accounted for and experimentally it was 

determined that there were no leaks, losses, or air bubbles that restricted the flow.  

5.10 Pressure loss 

 

In models in which the branching follows a change in flow direction there will be 

pressure loss due to the bend. This pressure loss can be calculated using Equation 

5.20.  

𝑄0 = 𝑄1 + 𝑄2 (5.20) 

Where: 

𝑄 =
∆𝑃

𝑅
 (4.2) 
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As seen in Chapter 4. This equation can also be calculated using the equation for 

flowrate in a rectangular channel in Chapter 4 and thus becomes (135): 

𝑅 =
12𝜇𝐿

1 − 0.63 (
ℎ
𝑤)

1

ℎ3𝑤
  (5.12) 

Where the resistance in the system is as depicted in Figure 5.19.  

 

Figure 5.19: Pressure, resistance and flow rate in a branched system 

This pressure loss cannot be determined experimentally due to the size of the 

pressure drop; however, the pressure can be extracted from the CFD simulations. 

Analytically, in models of bifurcations, pressure losses are often assumed to be due 

to their frictional losses and not as a result of directional changes (235).  
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Figure 5.20: Pressure drop along a 200 µm non-stenosed model following Murray’s 

law at 3200 Pa  

Figure 5.20 shows the pressure is distributed evenly between channels at this scale 

and decreases down the length of the channel, there is no significant effect at the 

bifurcation as a result of the geometry and the change of direction of the fluid. 
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5.11 Branching  

 

In numerical models of branching, there can be a kinematic factor, ω, to describe the 

relationship between the velocity in the main channel and the first daughter branch 

where k is the number of branches, for bifurcations, as here, this value is 2 (231).   

𝜔𝑘 =
𝑣𝑘

𝑣𝑘−1

(5.21) 

This can also be used to describe the behaviour of pressure changes due to 

branching between the daughter branch and main channel (231). 

𝑝𝑘 =
∆𝑃𝑘

∆𝑃𝑘−1

(5.22) 

However, these models are appropriate where the dimensions of the daughter 

branch are identical and thus would not prove true for cases such as Murray’s 

branching- which is seen in capillary networks. These models are assumed for the 

isokinetic form- where there is no increasing resistance. This would not be true for 

the capillary networks in the case of microvascular dysfunction, as there is increasing 

resistance in the network and thus these assumptions cannot be made for this case. 

In further studies, it is important to consider the effect of increasing resistance whilst 

maintaining geometry and controlling experimental variables, such as by making a 

model that deforms.  

5.12 Application of findings to in vivo studies 

 

Historically, there is not a good agreement between in vivo data of flow behaviour in 

branched models and microfluidic devices owing to the limitations of cross-sectional 
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area, but also due to changes in branching due to obstructions in vivo, with systems 

more likely to grow and adapt to deliver the best hydrodynamic environment for the 

exchange of material such as diffusion in the alveoli (231). Matching this data to in 

vivo data would be difficult due to geometry and resolution limitations and thus this 

data may only be used for in vitro/ in vivo correlation. Other factors particular to blood 

such as rheology and hemocrit should be investigated. Although investigation of 

blood flow involving the rheological properties of blood is important for quantification 

of wall shear stress-it is beyond the scope of this work.  There is some debate 

surrounding blood rheology and its in vivo–in vitro correlation. In 1930 the blood flow 

rheology changed based on geometry in a phenomenon known as the Fåhræus- 

Lindqvist effect, however, some in vivo experiments disagree (236). This effect 

should be investigated by using a blood or blood mimic in these models. 

In vivo, branching may have a further effect on blood behaviour. With the haematocrit 

values changing there may also be aggregation as a result of this, therefore, 

rheology should be quantified in the dimension and at the bifurcated angle. Yang et 

al. 2016 (107) investigated the effects of bifurcation angle on blood flow in the 

microvasculature, including the effect of rheology and found that of the bifurcation 

angles tested at low Reynolds numbers, there was no effect, however, there was a 

pressure loss due to branching that was localised. A series of branched microfluidic 

devices could be used in series to investigate a full microvascular network, however, 

this would only become possible when the resolution of analysis techniques 

improves. 
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5.13 Conclusions  

 

Branched microfluidic devices have been created and measurements of the flow 

have illustrated the ranges of wall shear stress obtainable through increased 

resistance and thus reduction of flow rate.  

The wall shear stress inside branched and Murray’s branching models remains equal 

down both branches despite their change in geometry however this cannot be 

concluded when there are unevenly distributed flows. Uneven distributions of flow 

were present in all models with some being explained due to increased resistance 

due to dimensional changes, and this is more likely to be seen in vivo. All models 

gave a range of shear stress values comparable to that seen in vivo whilst being 

measured at physiologically relevant pressures and thus makes them good for use 

for lab-on-a-chip models with cells. The effect of the increase of stenosis in these 

models was similar to Chapter 4 seen between the 40 and 60% stenosis on the 

overall flow rate and begins to show a model of microvascular collapse, despite being 

at lower flow rates than the models in Chapter 4 due to the greater resistance 

imposed by branching. 
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Chapter 6: The Effect of Increasing Resistance in a Novel 

Deformable Model of Microvascular Collapse on Wall Shear Stress 

 

6.1  Introduction 

 

A deformable microfluidic device was created to increase the physiological relevance 

of the in vitro model by mimicking the response of a dynamically increasing stenosis 

and to specifically investigate shear stress and resistance changes in this system. 

‘Short’ deformable models and ‘long’ deformable models, matching the dimensions of 

the fixed stenosis models described in Chapter 4 and geometrically detailed in 

Chapter 3 were fabricated and tested. A deformable model with even branches was 

tested to see the effect on downstream branching resembling the network behaviour 

described in Chapter 5. Fixed CFD models matching the geometries of the in vitro 

devices were developed to measure wall shear stress in the deformable region and 

to compare shear stress values from the deformable in vitro models with the steady-

state fixed CFD models. 

6.2 Material choice: PDMS composition and elasticity 

 

The elasticity of the capillary wall is debated throughout the literature as discussed in 

§ 2.1.3 but can be assumed to be roughly 1 kPa. Therefore, a range of PDMS base 

to curing agent ratios were tested to achieve the lowest Young’s modulus and thus 

the highest deformability possible as seen in Weibel et al., 2007 (117). The PDMS 

base to curing agent ratio was varied and the stress and strain were measured on 

the Zwick Roell tensile tester as discussed §3.3.  
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Figure 6.1: The Young’s moduli of the PDMS as calculated from measurements of 

stress and strain by the Zwick Roell tensile tester with increasing base-to-curing 

agent ratio  

The PDMS elastomer has a Si-O backbone and (Si(CH3)2O) branching. The CH3 and 

Si-O bond together during the cross-linking stage and this determines its properties 

(237). The number and degree of these bonds determine the flexural properties, thus 

by increasing the ratio of base to curing agent from 10:1 to 25:1, fewer cross-links/ 

bonds are formed and the polymer is more flexible, decreasing its Young’s modulus 

(238). Figure 5.1 showed that by increasing the base-to-curing agent ratio, the 

Young’s modulus of the PDMS decreased from 440 kPa at 10:1 to 7 kPa at 25:1. 

There was also less variation in the 25:1 measurement and the elasticity was a 

closer mimic to that in vivo, of approximately 1 kPa suggesting there was a more 

even distribution of bonds and curing in the sample tested (239).  Ratios beyond 25:1 
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were found to lose structural integrity and were unusable. Other factors such as time 

and curing temperature can affect the elastic properties of PDMS and thus these 

were ensured to be constant as discussed in Methods §3.2 (240). Due to this, values 

of Young’s modulus values of PDMS quoted in the literature should not be used 

without careful consideration of the manufacturing parameters. This data set 

concludes PDMS in ratios from 10:1 to 25:1, cured at 70°C for 1.5 h, are suitable 

polymers for in vitro modelling due to their elasticity. This was a useful test for 

determining the best PDMS ratio to use, however, the achievable deformation in the 

set channel geometry at the microscale needed to be investigated.  

 

Figure 6.2 Stress-strain graph for the 25:1 PDMS with 3 repeats from the Zwick Roell 

Figure 6.2 shows for the 25:1 PDMS there was initially a linear increase of stress with 

increasing strain, showing the material behaves according to Hooke’s law, Equation 

3.1. Hooke’s law of linearly elastic solids also applies to the capillary, therefore, 25:1 
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PDMS is a suitable material for the deformable walls to mimic capillary behaviour 

(134). This study is conducted using the aforementioned dumbbell test and therefore 

the deformation whilst in the channel geometry must be studied.  

𝐸 =
𝜎

𝜀
 (3.1) 

6.3 Single Pump ‘Short’ Deformation 

 

A single small pump 700 µm in length and 65 µm of wall thickness was used at 25:1 

base to curing agent to see if full deformation was achievable for a short stenosis as 

shown in Figure 6.3. To ensure the experimental set-up was free from leaks through 

the micropumps, the pumps were filled with a solution of bromocresol purple (Sigma, 

U.K) and 0.1 M sodium hydroxide (Sigma, U.K.) to make a dark purple dye 

distinguishable from the microparticle dispersion in the channel on the greyscale 

microscope. Leaks could be detected when the internal fluid turned dark, the exit 

channel was purple and GPV results showed areas of anomalies.   
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Figure 6.3: Schematic representation of the pressure supply to the micropump 

system and main channel with purple bromocresol dye 

 

Figure 6.4: The deformation of a 25:1 channel with channel pressure at 2000-4700 

Pa and pressure supplied to the micropumps from 0-900000 Pa for a single short 

deformable pump 
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Micropump 
Pressure 0 Pa 50000 Pa 70000 Pa 

Figure 6.5: GPV velocity spatial distributions of a short deformable stenosis model at 

3200 Pa at 30000 fps  

Figure 6.4 proves that with a 25:1 ratio a single 700 µm length micropump could 

deform over 60% of the channel with a 25:1 base to curing agent ratio of PDMS. 

Furthermore, this initial test identified that at maximum deformation, GPV would not 

be possible due to the reduced width of the channel, resolution, and the ability to see 

a speckle pattern. The velocity profile experimentally would not be able to be 

measured at 300 μm channels greater than 80% stenosis due to the resolution limits 

of the PIV algorithm being reached as not enough interrogation areas could fit into 

the width of the stenosis to achieve accurate readings while capturing the 

displacement in the direction of the fluid movement as seen in Figure 6.6 and seen in 

the errors forming in Chapter 4. 
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Figure 6.6: GPV taken at maximum stenosis at 3200 Pa internal pressure at 90000 

Pa external pressure showing areas of errors in a short deformable model at 30000 

fps 

However, it can be verified that there is still flow from the velocity detected in the 

stenosis despite not being able to measure parabolic flow and from fluid exiting the 

microfluidic set-up. This is due to the shape of the deformation of the cross-sectional 

area thus, allowing some flow through the channel due to the rectangular geometry 
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as seen in Figure 6.7. In the deformable stenosis, the cross-section is hypothesised 

to deform as shown in Figure 6.7, which can be verified through microscopy.  

 

Figure 6.7: Cross-section of a capillary deformation and expected cross-sectional 

deformation of a microfluidic device created on Biorender.com 
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Figure 6.8 Cross-sectional view of channel deformation in the Y plane at y=Y/2 

In vivo, it has been reported that the shape of the capillary change is buckling as 

shown in Figure 6.7 (125,133,215). This is not achievable through microfluidic 

models due to the manufacturing process but as with the design of the microfluidic 

device, both in vitro models and in vivo data, as stated in Ghazy et al. (121), show 

non-linearity in the deformation down the length of the channel as seen in Figure 6.8 

(50). A correlation of cross-sectional area change should be used when applying this 

deformation model to models of cylindrical collapse. Additionally, when considering 
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blood flow properties this non-linearity in the geometry must be considered as it has 

been found to affect blood flow behaviour as seen in Ghazy et al. (121). 

Thus, it cannot be determined that the microfluidic channel is 100% closed to flow 

from GPV alone, due to where the central plane is measured, H/2, and depending on 

the cross-section of the channel in the XY plane. The microscope must be used for 

the assessment of the full channel closer by adjusting the height. This means flow 

might not fully have stopped and depends on the resistance of the geometry, 

however, the deformation of a 25:1 PDMS channel may begin to increase resistance 

in the same manner seen in Chapters 4 and 5. 

Furthermore, increasing the internal channel pressure from 2000 Pa to 4700 Pa had 

no significant effect on the width of the channel for the short stenosis. The interaction 

here can be determined to be one way applied from the micropump to the fluid in the 

channel. There was also no hysteresis observed at the low flow rates which supports 

both of the conclusions found by Katz et al. (114). 

6.4 Long Deformable Stenosis 

6.4.1 Maximum Deformation 

 

Knowing that deformation can be achieved for the short stenosis, the long stenosis 

model was investigated to investigate the greater effect of resistance. Three different 

designs of pumps were investigated for their deformability for the base-to-curing 

agent ratios of PDMS of 10:1, 15:1, 20:1 and 25:1 as shown in Figure 6.9. The 

pumps were inflated until rupture through increasing the pressure at 10000 Pa 

intervals with the maximum deformation being measured through recording of frames 
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using PFV software and measured using ImageJ at the point of maximum 

deformation. This was repeated thrice on new PDMS models, and the mean average 

deformation was calculated as well as the range as shown in Figure 6.10. 

Single Pump 

 

Triple Pump 

 

Multiple Pump 

 

Figure 6.9: Different pump designs tested in varying ratios of PDMS as detailed in 

materials and methods §3.4.5. 
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Figure 6.10: The mean average (of three measurements) percentage of maximum 

deformation achieved in situ with each type of pump design of the long stenosis 

deformable models and the range of the pressure corresponds to Figure 6.11. 

It was found that although the 20:1 ratio PDMS allowed for some deformation and 

less tearing, the greatest deformation was done by using a 25:1 ratio. As seen from 

Figure 6.1, this is when the Young’s modulus of the device is the lowest as to be 

expected from an elastic material following Hooke’s law. The pumps in series were 

seen to have the most deformation and have the least tearing when tested, however, 

in practice a maximum of 23% deformation could be achieved in the 25:1 long 

stenosis multi-pump model. Larger pumps such as the single and triple pump models 

in Figure 6.9 were found to rupture at lower pressures. As the PDMS composition, 

width between the main channel and the pump and the pressures involved are equal 

the result of this difference is because of the geometry and structural design of the 

pumps in this setting. 
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The modelling of the deformation achieved in the vessel is complicated. Most 

commonly pressure vessels are cylindrical, reducing stresses on corners which are 

more likely to rupture. However, given the soft lithography technique used in this 

model creating a cylindrical cross-section was not possible.  Assuming a Young’s 

modulus of 7 kPa, thin wall theory was applied to calculate the maximum amount of 

deformation on each wall. Assuming thin wall theory, Chapter 2, a pressure vessel 

with walls with a Young’s modulus of 7 kPa should be able to deform across the width 

of the channel where the wall thickness, t, is less than the width, w with a Poisson’s 

ratio for PDMS of 0.5 (241). Figure 6.10 proves that the thin wall approximation 

cannot be used in this case when modelling collapse in a microfluidic device. This is 

additionally due to the variation in wall thickness as the thinnest wall is between the 

channel and the pump reservoir, which means that the deformation would not be 

even on all sides as thin wall theory assumes.  

Furthermore, there is no confirmed mechanism for how thick-walled vessels deform 

under pressure and most investigations are done based on computational 

simulations, specifically finite element analysis or experimental study, although there 

have been attempts to find a correlation with thin wall theory with correction factors 

(242).  As stated in previous literature there is no commonly used ‘thick wall theory’ 

for rectangular vessels particularly that in which one wall is thinner than the other as 

in this case.  Finite element models could be used in this case to estimate or a 

deformable CFD model with fluid structure interaction but would not account for 

external experimental difficulties such as the retention of tubing to the channel at high 

pressures, where the PDMS could not retain the tubing in the set up under pressure 
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and it was ejected, thus stressing the importance of combining CFD with 

experimental data. 

Each device had maximum pressure limits when tested before the micropumps 

ruptured or the tubing was forced from the pressurised system. To prevent rapidly 

over-pressurising the device the pressure was raised by 10000 Pa every 50 s, the 

maximum limit of the pressure controller.  

6.4.2 Maximum Pressure  

 

 

Figure 6.11: The maximum working pressure of the external micropumps before the 

device ruptured for all three deformable geometries, some points overlap 

Experimentally, decreasing the Young’s modulus by using 25:1 and using the multiple 

pump deformable design described in §3.4.9, it was found that up to 23% 

deformation could be achieved at 140000 Pa. The 25:1 ratio of PDMS could 

withstand a higher pressure than the 20:1 ratio of base to curing agent PDMS and 
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also could achieve more deformation as shown in Figure 6.10, therefore, this model 

was selected for use in the deformable experiments. According to Equation 6.1 with 

decreasing cross-sectional area, the force the material experiences increases at 

constant pressure. With greater force, there should be greater deformation as seen 

when combining Equations 3.1 and 6.1. 

𝐸 =
𝜎

𝜀
 (3.1) 

𝑃 =
𝐹

𝐴
 (6.1) 

Increasing the pressure, 𝑃, in a fixed geometry increases the force, 𝐹, on the cross-

sectional area, 𝐴. The deforming cross-sectional area is not different enough in each 

design at a 0.7% and 3% decrease of the total area for the triple and multiple pumps 

respectively to quantify a statistical difference, (>5%), in the maximum pressure the 

device can withstand using this method. However, the device was seen to withstand 

pressure for longer without tearing with the complex multiple pump design, with the 

PDMS between each pump acting as a support.  

However, using the 25:1 ratio meant that with the more elastic properties of the 

PDMS, when the micropumps were placed under pressure the whole system was 

more likely to tear and the attachments to the microfluidic tubing were more likely to 

be ejected from the microfluidic device as the connection could not withstand the 

pressure. Therefore, the model was adapted with a 25:1 cured lower layer covering 

the geometry for 1.5 hours to give the Young’s modulus found in Figure 6.1, but a 

layer of 10:1 PDMS was added after 0.5 hours and then the whole device was cured 

for an extra hour to provide support for the tubing as the 10:1 ratio was less elastic 
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and could withstand higher pressures without tearing, keeping the connected tubing 

in place at higher pressures. This is depicted in Figure 6.12. 

 

 

Figure 6.12: Image showing layers of PDMS and their total cure time  

The 25:1 PDMS was cured for the first 0.5 hours using a hot plate thus the heat was 

supplied from the base, curing the mould faster than the top of the PDMS. This was 

done to allow a gradient of cured material and allow the 10:1 PDMS to be joined to 

the 25:1 PDMS, preventing the two layers from separating. This allowed for the 

creation of multipump devices that were up to but not consistently 100% deformable 

as seen in Figure 6.13 and overcame the issues of tearing the device and the 

retention of tubing. Both the long deformable and branched deformable models were 

then produced using this adapted methodology and could withstand pressures up to 

140000 Pa.  Increasing the pressure past this point the internal geometry ruptured as 

seen in Figure 6.13b.  
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Figure 6.13: Closure of 25:1 and 10:1 combination of branched deformable device, 

100% deformation at 150000 Pa, figure b rupture of internal geometry at 150000 Pa 

6.5 Experimental Parameters  

 

The GPV was run at 10000-20000 fps 1024 (w) x 1024, 768 (h) px resolution 1 px = 1 

μm at 20x zoom. The height of the short deformable model was 126 μm (+/-9 μm), 

the height of the long deformable model was 37 μm (+/- 6 μm), the height of the 

branched deformable model was 44 μm (+/- 5 μm). The long deformable model had 

an initial width of 195 (+/- 5 μm) and the long branched deformable model had an 

initial width of 200 μm (+/- 6 μm). 

The measurements were taken at the locations highlighted in yellow in Figure 6.14.  
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Figure 6.14: Location of GPV measurements in deformable models highlighted in 

yellow  

6.6 GPV Deformable Model  

 

The 25:1 and 10:1 combined deformable non-branched model deformed up to 4% 

stenosis and withstood pressures of up to 140000-180000 Pa.  
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Figure 6.15: Data extracted from ghost particle velocimetry measurements in the 

deformable model with micropumps in series showing the velocity magnitude with 

standard deviation (too small to see), flow rate and range, wall shear stress and 

standard deviation and channel width with increasing pressure – Maximum 4% 

stenosis 

Figure 6.15 shows that in the deformable model, there is a small increase in the 

velocity magnitude when the external pressure increases for all pressures. This is 

shown more predominantly when the external pressure exceeds 110000 Pa and 

there is greater deformation of the channel. This is due to the decreasing cross-
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sectional area as shown in Figure 6.15b. With a decreased cross-sectional area, at 

constant pressure, there will be an increase in velocity due to continuity as seen in 

Chapter 4. However, there is no significant difference in the measurements of flow 

rate, which is likely due to the corresponding no significant difference in deformation 

at the lower external pressures tested. The deformable model was not able to deform 

past the point to decrease the overall flow rate as seen in Figure 6.15b. This would 

be the region in which resistance is increased and there is a decrease in flow rate as 

a result. However, with increasing external pressure applied to the side walls there is 

an increase in the wall shear stress. This suggests that when there is compression 

and deformation in vivo, also representing the 3D case, there would be an increase 

in the wall shear stress and thus cells would be under a different environment.  As 

there is no distinguishable decrease in flow rate, it is likely that the deformation in this 

channel did not occur following the predicted cross-sectional area seen in Figure 6.7, 

and perhaps due to the elasticity of the PDMS there was some deformation in the z 

axis direction causing the channel to bulge upwards.   

6.6.1   Resistance to flow 
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Figure 6.16 Analytical resistance calculations for resistance and flow rate of the 

deformable model 

Figure 6.16 shows the resistance of the model exponentially increases with 

increasing stenosis as calculated using Equation 4.4 for resistance in a rectangular 

channel following the method described in §4.2.2. The device is separated into a 

static 0.025 m long channel and a region of decreased stenosis at 0.02 m and the 

resistance of each area is summed. Similarly to §4.3.1 with a pressure driven flow 

and no known resistance of fittings in a laminar system, without CFD the pressure 

drop due to the tapering into/ out of the stenosis cannot be calculated and may 

provide some error between measurements. Additionally, the shape of the cross 

section of the deformable region, as shown in Figure 6.7 will give rise to some error 

where the analytical resistance is overestimated. This is due to the estimate 

assuming a rectangular cross-section with the width of the maximum stenosis in this 

region.  

As seen in Figure 6.16b the flow rate is also expected to decrease with increasing 

stenosis due to the exponential increase in resistance shown in Figure 6.16a. Table 
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6.1 provides analytical and experimental resistance values for non-deformed 

multipump deformable device. 

Table 6.1: Analytical and experimental resistance values for non-deformed multipump 

deformable device 

Method 

Flow rate (av) (m3/s) 

Pressure (Pa) 

2000 Pa 3200 Pa 4700 Pa 

GPV 2.1 x 10-11 4.3 x 10-11 6.9 x 10-11 

Analytical 2.5 x 10-11 4.1 x 10-11 6.0 x 10-11 

 

As the GPV shows that where there was no change in width in Figure 6.15d at 50000 

Pa externally the corresponding flow rate from Figure 6.15b was used as the non-

deformed geometry. Due to the large standard deviation of experimental 

measurements due to the geometry and fabrication process used on the GPV data, 

there is agreement between the GPV and analytical data for the flow rate in a non-

deformed deformable channel for all internal/channel pressures tested, however, 

there is no agreement when the external pressure is applied, likely due to the same 

reasons discussed in §6.6. 

To improve upon the analytical prediction of the resistance in the deformable system 

using the method in §4.2.3 CFD techniques should be used, that can consider the 

change in cross sectional area in 3D and other pressure losses in the system, such 

as with a flexible wall, fluid structure interaction and fittings. 
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6.6.2   CFD  

 

Fixed stenotic models were created following the dimensions of the deformable 

model at 0, 20, 40 and 60% stenosis following the method described in §3.8. The 

boundary conditions were 2000, 3200 and 4700 Pa at the inlet and 0 Pa at the outlet 

with no slip on the walls.  A CFD model with a deformable wall was also attempted 

but numerical issues with these simulations could not be resolved.  A summary 

informing future work is given in Appendix 5. 

 

Figure 6.17 a,b: CFD values for the fixed stenotic models of the dimensions of the 

dynamic microfluidic model at 0, 20, 40, and 60% stenosis, tested at 2000, 3200, and 

4700 Pa.  

Figure 6.17 shows for the fixed CFD model with increasing stenosis there is 

decreasing flow rate, which is corroborated by the analytical prediction of flow rate in 

Figure 6.16. The trend in flow rate does not agree with experimental data in Figure 

6.15, which is likely due to the errors discussed in §6.6.   Figure 6.17b shows in the 

stenotic region there is an increase in wall shear stress with increasing stenosis, 
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following the trends seen in Chapter 4. The data set extends the range of 

deformation as the deformable microfluidic model could deform 4%, but the CFD 

model shows from 0 to 60% deformation.  

 

 

Figure 6.18: GPV, analytical, and CFD values for the fixed stenotic model at 0% 

stenosis, tested at 2000, 3200, and 4700 Pa. 

Figure 6.18 shows the GPV results showed good agreement with the analytical 

method of calculating flow rate as described in §4.2.2. The CFD model predicted 

higher values than the GPV data which is likely due to the sampling range of the 

GPV data compared to the aspect ratio discussed §4.3.1, which can underpredict 

flow rate values as compared to CFD.  The wall shear stress from the CFD model is 

seen to be higher than the GPV data, this is due to the resolution of the 

measurement with the CFD having a smaller cell size closer to the channel wall 

providing a more accurate estimate of wall shear stress. This is also coupled with the 

higher flow rate in the CFD model in Figure 6.18a. 
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6.7  GPV and CFD Deformable Branched Model 

GPV                                                                           CFD 

 

Figure 6.19: The flow rate in the branched deformable model in each branch from 

GPV and CFD at 2000 Pa, 3200 Pa, and 4700 Pa 
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Figure 6.19 shows that for all pressures the average flow rate in all branches 

decreased with increasing deformation, due to the increase of resistance in the 

channel due to the decrease in cross-sectional area as seen in Chapters 4 and 5. 

The width of the channel was measured as the external pressure was increased as in 

§6.4.1 and shows a non-linear decrease with external pressure as seen in Figure 

6.20. This suggests the same trend could be seen in vivo and does not exactly follow 

Hooke’s law of a linearly elastic solid but may deviate towards representing trends 

explored in vivo such as Fung’s constitutive equation of hyperelasticity for non-linear 

models (121). 

 

Figure 6.20: Deformation of the stenotic region in response to increasing external 

pressure in the long deformable branched model 
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As seen in Figure 6.19, the flow rate in Branch 3 at 2000 Pa initially begins higher 

than in Branch 2, however, as the external pressure increases past 110000 Pa the 

flow rate in the right branch becomes higher. This is not seen in the 3200 or 4700 Pa 

runs as the flow rate in Branch 2 remains higher for all pressures tested. This could 

be due to there being some dead volume whilst running at 2000 Pa. The flow is seen 

to be equal between the branches at 110000 Pa external pressure and also at 3200 

Pa with 50000 Pa external pressure. This may be the point at which there is an even 

balance between external and internal forces. Furthermore, it could be due to 

asymmetric deformation due to the geometry and elasticity of the pumps which could 

be nonlinear and may be true of in vivo capillary surfaces in disease states.  

Once the pressure is increased past this point there is an increased flow rate in 

Branch 2. This could be for many reasons but is likely due to a decreased resistance 

in Branch 2 due to geometry or defects in the model. To investigate this further the 

channel dimensions of the branches were measured and found to be 203 μm (+/-1) 

μm and 189 (+/-1) for Branch 2 and 3 respectively. This explains why there is a 

preference for flow toward Branch 2 as there is less resistance. As each branch was 

between 189-203 μm in width the GPV is at a high enough resolution to accurately 

measure the flow rate, however, this error increases with increasing stenosis as seen 

in Chapter 4. Here there is a measured effect of increasing resistance in the model 

on the flow rate, providing a good model for representing the increase of resistance 

during microvascular collapse. 

When the pumps were inflated to their maximum, some asymmetry in the geometry 

was observed, as shown in Figure 6.8.  This means that the flow may be diverted to 

the right side, however, this effect was found to be small and is likely that there are 
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undetectable fluctuations in the cross-section that cannot be measured due to the 

nature of taking these measurements whilst the device is inflated.  

Figure 6.19 also shows the flow rate values from the CFD model. The CFD values 

are lower than the GPV values. This may be due to the GPV sampling technique or 

could be due to the difficulty of measuring height in the deformable model. Measuring 

height in the deformable model can be done following the method in §3.5, however, 

this was complex due to the delicacy of the fine complex geometry and often led to 

tearing. Therefore, this measurement was also checked using the microscope and 

this may introduce further errors. Assuming a larger height would give a closer 

estimate of resistance to the CFD and could support the argument in §6.8, that in the 

deformable models, there is some deformation in the z-axis. Figure 6.19 shows the 

trend in the flow rate follows the same decrease for both the CFD and experimental 

models suggesting it is a factor in the calculation that changes, most likely 

deformation in the z axis. 
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GPV                                                                  CFD 

 

Figure 6.21 The wall shear stress in the branched deformable model in each branch 

from GPV and CFD at 2000 Pa, 3200 Pa, and 4700 Pa 
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Figure 6.21 shows the wall shear stress in Branch 1 had no significant decrease 

when measured using GPV. This may be due to the decrease in flow rate as seen in 

Figure 6.19 with a smaller decrease in cross width as seen in Figure 6.20. The CFD 

data for Branch 1 shows an increase in wall shear stress with increasing stenosis 

which suggests the method of deformation seen in the GPV model is not as expected 

and may deform in the z axis or non-linearly.  

Figure 6.21 shows that for both branches 2 and 3, there is a decrease in the wall 

shear stress in the branches with increasing stenosis, which is to be expected with 

the decreasing flow rate as seen in Figure 6.19. There is good agreement between 

the wall shear stress values from GPV and the CFD model for the branched values at 

0%. The GPV predicts a greater decrease in wall shear stress with increased 

deformation, however, this may be due to the resolution at which the GPV is 

measured, particularly after 110000 Pa where the deformation is 15% and above.  

This may be due to deformation seen in the channel or could be due to errors from 

GPV resolution.  

6.8  Deformable Compared to Branched Deformable 

 

The flow rate in the deformable model is lower than that in the branched deformable 

model. This is due to the reduced height of the deformable model at 37 μm compared 

to 44 μm. This is enough to significantly decrease the flow rate in the geometry 

compared to the branched model despite the increased resistance of extra branching 

in the model. The wall shear stress in the branched deformable model is higher than 

the non-branched model which is due to the higher flow rates also. This proves that 

height is an important factor when comparing devices and should be fixed where 



236 
 

possible also supporting the use and design of a fixed height deformable wall 

geometry. 

6.9 Deformable Compared to Fixed 

 

The flow rate in the deformable model is lower than that of the fixed model due to its 

higher resistance due to the smaller height of the deformable channel. The lower 

variation in height from the deformable channel means that there is a reduction in the 

standard deviation and error from model to model and thus the deformable model is 

better for identifying trends and removing fabrication errors limited by the 

manufacturing process. The wall shear stress is of the same range in both models 0-

2 Pa respectively.   

6.10 Conclusions 

 

The deformable model was created to more closely mimic in vivo pathophysiology 

and identify trends in resistance not limited by changes in height caused by 

fabrication methods between different geometries. Despite the model showing 

variation in height down the length of the geometry, there are no large changes of 

variation between models, as only one mould was used, and thus this model 

identifies the increasing resistance at an earlier stage of stenosis, 20% compared to 

that of a fixed stenosis 60%. The shear stress ranges seen in the deformable model 

are of the order 0-2.5 Pa which again represents values of wall shear stress seen in 

vivo. Thus, another model capable of representing the shear stress environment 

whilst maintaining physiologically relevant pressures is created suitable for use for 

lab-on-a-chip models involving cell lines. All the models developed quantifiable 
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hydrodynamic behaviour useful for the development of an in vitro model of 

microvascular collapse and can be used to inform biological studies.  CFD models 

can be used to extend the range of obtainable data when validated with experimental 

models, where experimental resolution is limited, however, experimental data can be 

used to highlight variation seen from non-ideal behaviour as would be seen in vivo. 
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Chapter 7: Conclusions and Future Work 
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7.1  Conclusions 

 

In this research, novel in vitro models of microvascular collapse were created using a 

range of microfluidic and microfabrication techniques and the resistance and shear 

stress were analysed using Ghost Particle Velocimetry. CFD models were created to 

expand on data collected by experimental techniques when limited by resolution and 

validated against the experimental measurements.  

The literature review carried out identified a need for combining computational 

methods with experimental methods to validate computational data for biological 

studies, which was often missing. Limitations often faced involved spatial analysis, 

the impact of non-ideal systems and the ability to determine specific variables such 

as wall shear stress at the microscale. The size constraints of experimental 

techniques and replication of in vivo geometries are limited, however, the potential of 

using soft-lithography and photolithography was exploited to create the microfluidic 

devices used in this thesis. 

The key findings of this work are as follows: 

GPV can be used to infer wall shear stress, through the estimation of dv/dx, in 

microfluidic devices at the scales fabricated in this research, which has not to the 

author's knowledge been done before. This provides an accessible technique with 

advantages over microPIV as previously discussed. GPV can be used for wall shear 

stress measurements in different aspect ratios and branching geometries as seen in 

Chapter 4 and 5. 
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Furthermore, Chapter 4 demonstrates that in the in vitro model of microvascular 

collapse the competition of 3D hydrodynamics such as continuity and resistance 

have a complicated dependence on wall shear stress as extracted from a 2D plane 

and this could be used to identify a peak in wall shear stress that can be used to 

inform biological studies to aid in the diagnosis of Acute Compartment Syndrome.  

A 200 x 57 μm model can accurately produce a range of wall shear stresses that 

mimic in vivo ranges when tested at in vivo pressures and can be studied using 

optical techniques and ghost particle velocimetry. This creates the first device in this 

thesis that mimics wall shear stress values in vivo and provides a model that can be 

used for biological studies, however the long stenosis models both a suitable range 

of shear stress values and increasing resistance. 

CFD models of flow behaviour can be produced and accurately predict wall shear 

stress values in both the non-stenotic and stenotic regions- allowing for comparisons 

where experimental technique, GPV is limited by resolution. This can be seen in 

Chapters 4 and 5. These models can be useful for extending the range of 

measurement, perhaps to greater stenosis values and ultimately a state of stopped-

flow, additionally reducing the need for experimental data collection. 

Using larger aspect ratio devices in Chapter 4, the 300 and 400 μm models allow 

insight into the changes in wall shear stress that are expected to be seen at larger 

geometries such as increased velocity magnitudes and flow rates due to the reduced 

resistance. This also identified there are less stable flow rates in this geometry and 

thus how behaviour may change in vivo, with less stability in larger geometries and 

higher wall shear stress. 
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Branched microfluidic models are useful in creating models with different flow rates in 

different areas and respond to increases in stenosis through change of wall shear 

stress through increased resistance and thus reduction of flow rate. This is good for 

controlled exposure of cell lines and should be used for biological investigation as 

different shear stresses can be tested under more controlled conditions. Additionally, 

as seen in Chapter 5, the wall shear stress inside branched and Murray’s branching 

models remains equal down both branches despite their change in geometry 

however this cannot be concluded when there are unevenly distributed flows. 

Chapter 6 identifies that deformable microfluidic models can be created using 25:1 

and 10:1 PDMS in layers that can achieve in the branched model up to 23% 

stenosis. These models can be used to increase resistance in the channel, but their 

study is difficult due to the geometric deformation in all axis, which makes predictions 

both analytically and through CFD difficult as the cross-sectional area is unknown, 

however, this more closely mimics the in vivo case. Chapter 6 also concludes the 

increase of resistance in the deformable model is dependent on the shape of the 

cross-section. 

A number of experimental difficulties and limitations were identified in this research 

which highlights the need for careful quantification in both the manufacture and 

measurements made on micro devices.  These limitations were (i) the resolution limit 

of the GPV, (ii) local variations in channel cross-sectional area which are an artefact 

of the accuracy of the fabrication method and (iii) difficulties in making accurate 

measurements of the geometry.  Combined use of experimental and in silico 

approaches helped overcome these, for example, data from the CFD can be used 

beneath the resolution limit of the GPV data when calculating wall shear stress.  
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Improvements in fabrication methods, for example, through making the deformable 

wall channel, were also made in this work.   

7.2  Future Work  

The purpose of this research was to aid towards a criterion for diagnosis of Acute 

Compartment Syndrome. These microfluidic models begin the development of an in 

vitro model of microvascular collapse to aid in diagnostic studies. However, it must 

noted that the range of shear stress difference between measurements is often small, 

sometimes with increments that are, when measured with GPV, statistically 

insignificant with an increase of 20% in stenosis as seen in the deformable model 

and supported by CFD measurements. The dependence of biomarkers to exhibit 

quantifiable change based on these small increments at pressures of 2000, 3200, 

and 4700 Pa should be investigated. Additionally, higher resolution flow 

measurement techniques should be used with a lower range of error in both the 

fabrication and analysis techniques when this becomes available.  

Once the biological studies are conducted, the data should be combined with in vivo 

and silico data, patient data, and animal studies. The whole range of data can be 

cross-analysed by artificial intelligence and machine learning models to identify 

diagnostic ranges in human patients with ACS, decreasing the number of false 

diagnoses, and increasing positive patient outcomes.  

Other specific recommendations for carrying forward experiments and modelling 

work are given in the below sections. 
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7.2.1 Experimental Studies 

 

To develop the model to become suitable to characterise biomarkers used for the 

diagnosis of Acute Compartment Syndrome the experimental devices should be 

adapted to further mimic in vivo. 

The fluid should be replaced with either an optically transparent shear-thinning blood 

mimic for the analysis of rheological behaviour using GPV, or with whole blood to 

investigate the effect of red blood cells which are seen to affect flow during 

branching. This change in rheology will affect the shear stress and must also be done 

at 37°C to mimic in vivo temperatures. This would be useful to understand the impact 

of the different rheology of the blood mimic on the flow compared with the simple 

Newtonian fluid used in this study.  

When techniques allow, the creation of physiologically relevant circular cross 

sections should be formed in the microfluidic device with the deformable buckling 

shape achieved as well as studies into the distensibility and if possible, polymers that 

closer mimic the Young’s modulus of the capillary wall. This could be investigated 

biologically using 3D bioprinting techniques. Furthermore, the cells should be 

sheared under these conditions, perhaps with the addition of a hydrogel matrix, 

however, the effect of this alone on the hydrodynamics should be quantified. The 

shearing of these cells can identify ranges of biomarkers released.  

7.2.2 Computational Studies 

 

The models created in this thesis could be modified to contain non-Newtonian fluids 

such as blood to investigate haemodynamics, this could be validated with microPIV 
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data which would not be affected by the loss of transparency of whole blood as GPV 

would.   

Due to experimental limitations, such as a tearing before the point of maximum 

deformation, a CFD model which incorporates a deformable wall using a dynamic 

mesh should developed.  This was attempted in this work but could not be completed 

due to difficulties with the numerics which could not be resolved.  A summary of this 

work is given in Appendix 5 to inform future studies. 
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Appendix 1. ImageJ Macro for image processing. 

 

#@ File (label = "Input directory", style = "directory") input 

#@ File (label = "Output directory", style = "directory") output 

setBatchMode(true); 

run("Close All"); 

processFolder(input); 

 

// function to scan folders/subfolders/files to find files with correct suffix 

function processFolder(input) { 

 list = getFileList(input); 

 list = Array.sort(list); 

 for (i = 0; i < list.length; i++) { 

  if(File.isDirectory(input + File.separator + list[i])) 

   processFolder(input + File.separator + list[i]); 

  if(endsWith(list[i], ".tif") && startsWith(list[i], "result_") == false) 

   processFile(input, output, list[i]); 

 } 

} 

function processFile(input, output, file) { 

 print("Processing: " + input + File.separator + file); 

 open(input + File.separator + file); 

 rename("stack"); 

 // Perform Z projection 

 run("Z Project...", "projection=Median"); 

 rename("projection"); 

 // subtract projection for stack 32 bit 

 imageCalculator("Subtract create 32-bit stack", "stack", "projection"); 

 rename("stack_minus_projection"); 

 selectWindow("stack_minus_projection"); 
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 //  

 run("Enhance Contrast", "saturated=0.35"); 

 //run("Apply LUT", "stack"); 

 run("8-bit"); 

 fileName = File.getNameWithoutExtension(file); 

 resultFilePath = output + File.separator + "result_" + fileName + ".tif"; 

 print("Saving to: " + output); 

 // Save the image as TIFF 

 saveAs("Tiff", resultFilePath); 

 run("Close All"); 

} 
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Appendix 2. 

 

Figure 7.3. Velocity profiles from CFD 200 micron model at 3200 Pa, for cell sizes in 

table 7.1 

Table 7.1 Cell sizes for CFD model where the cell size would be comparable with 

interrogation area in GPV measurements  

Cell size 
(μm) 

finest fine medium coarse coarsest 

min 1.00 4.00 6.00 8.00 16.00 
max 10.00 40.00 60.00 80.00 160.00 
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Appendix 3. 

Calculation of shear stress 

The values of the velocity profile were extracted across a line from the GPV data 

from PIVLab as detailed in section 3.6.5. The data was then extracted into excel and 

the shear stress calculated following this method: 

X coordinate Velocity (m/s) 

J A 

K B 

L C 

M D 

N E 

 

At wall x=0 calculated x3, 1 per repeat 

𝑺𝒉𝒆𝒂𝒓 𝒔𝒕𝒓𝒆𝒔𝒔 = 𝒅𝒚𝒏𝒂𝒎𝒊𝒄 𝒗𝒊𝒔𝒄𝒐𝒔𝒊𝒕𝒚 (𝑷𝒂. 𝒔) ∗ (𝑩 − 𝑨)/(𝑲 − 𝑱) 

At wall x=X calculated x3, 1 per repeat 

𝑺𝒉𝒆𝒂𝒓 𝒔𝒕𝒓𝒆𝒔𝒔 = 𝒅𝒚𝒏𝒂𝒎𝒊𝒄 𝒗𝒊𝒔𝒄𝒐𝒔𝒊𝒕𝒚 (𝑷𝒂. 𝒔) ∗ (𝑫 − 𝑬)/(𝑵 − 𝑴) 

These 6 values were then averaged as one data set. 
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Appendix 4. Murray’s Law derivation. 

 

𝑃𝑡 = 𝑃𝑓 + 𝑃𝑚 =
8𝜋

𝜇
𝑄2

1

𝑟4
+ 𝑚𝑟2𝑙  

Using Poiseuille’s law, this is then related to the conductance, c, the inverse of 

resistance. 

𝑄 = 𝑐∆𝑃  

𝑄 = 𝑐
𝑑𝑃𝑡

𝑑𝑥
  

Where: 

𝑐 =
𝜋𝑟4

8𝜂𝑙
  

𝑄 = 𝑘𝑟3  

Power term, 

𝑄8𝜂

𝜋
= 𝑝𝑟4 𝑑𝑃 

𝑝 =
𝑄8𝜂

𝜋𝑟4
 

Power required to maintain flow: 

𝑃𝑓 = 𝑝𝑄 =
𝑄28𝜂

𝜋𝑟4
 

And maintenance power, including metablic coefficient, m. 

𝑃𝑚 = 𝜋𝑚𝑟2 
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Thus: 

𝑃𝑡 = 𝑃𝑓 + 𝑃𝑚 =
𝑄28𝜂

𝜋𝑟4
+ 𝜋𝑚𝑟2 

𝑑𝑃𝑡

𝑑𝑟
=

𝑑(𝑎𝑄2𝑟−4 + 𝑏𝑟2)

𝑑𝑟
= −4𝑎𝑄2𝑟−5 + 2𝑏𝑟 

𝑑2 𝑃𝑡

𝑑𝑟2
=

𝑑(−4𝑎𝑄2𝑟−5 + 2𝑏𝑟)

𝑑𝑟
= 20𝑎𝑓2𝑟−6 + 2𝑏 

dP/dr=0 as a minimum 

Where: 

𝑎 =
8𝜂

𝜋
 and 𝑏 = 𝜋𝑚 

𝑄2 =
𝑏

2𝑎
𝑟6 

𝑘 =
𝑏

2𝑎
 

Thus: 

∑ 𝑄 = ∑ 𝑘𝑟3 = 𝑘 ∑ 𝑟3  

Thus, for branched cylindrical networks with 3 branches: 

𝑟1
3 = 𝑟2

3 + 𝑟3
3  
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Appendix 5. CFD Model with Deformable Wall. 

The CFD model was created using ANSYS Fluent with a deformable wall applied to a 

2 mm rectangular section of the walls and refined at the walls using 4 boundary 

layers as described in Chapter 3. The mesh was separated into two regions a solid 

exterior with a coarser mesh and a fluid region with a finer mesh and refinement at 

the solid/fluid boundary to extract an accurate shear stress at the channel walls as 

seen in Figure 7.1. 

 

Figure 7.1: Mesh showing solid and fluid regions of the deformable wall CFD model 

with solid regions yellow and fluid regions pink 

A polyhexacore mesh was initially tested to match the mesh used in Chapter 4, 

however, when the large deformation was applied, this created negative cell volumes 

due to the movement of the central node passed the edge of the cell. Thus, a 

tetrahedral mesh and smoothing techniques were used to overcome this error. 
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The dynamic mesh was coded for using the ‘user defined function’, UDF, Appendix 3, 

in Fluent. The define_grid_motion function was used with each deformable wall 

specified in separate UDF files as the two walls move in opposite directions and thus 

the velocity must be coded for separately.  

The time step was specified, and the time taken to reach full deformation was 

calculated using Equation 7.1. 

𝑉 =
Δ𝑋

2𝑡
 (7.1) 

Where v is the velocity, Δx is the distance and t is the time taken for the wall to reach 

the centre of the channel. This was decided to be a nominal 1 second to allow for a 

shorter simulation time as there is no value in literature for the speed at which one 

capillary collapses, although it is assumed to be instantaneous. The simulation ends 

when the walls have reached the central plane. 

Adaptive meshing and smoothing were used. For tetrahedral dynamic meshing, the 

spring-based smoothing is most used to allow for change of mesh during 

deformation. The springs are set to be between the edges of the nodes and abide by 

Hooke’s law, as is seen in linearly elastic solids and models of deformable blood 

vessel walls. However, this is applicable to how the cells move together during the 

deformation and not forces applied to the simulation (243).  

𝐹⃗𝑖 = ∑ 𝑘𝑖,𝑗(Δx⃗⃗𝑗 − Δx⃗⃗𝑖)

𝑛𝑖

𝑗

 (7.2) 

Where k is the spring constant and Δx⃗⃗𝑗 is the displacement node of node j. A 

spring/Laplace/boundary layer smoothing was applied with a spring constant factor of 
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1 to allow for maximum damping in the springs during the dynamic movement of the 

mesh. This value is at a maximum to allow for large movement 50% of the geometry 

and lower values gave negative cell volume errors. 

Laplacian smoothing moves the central vertex of the node to move to the centre of 

the neighbouring cells at a computational expense. This was also applied to prevent 

the negative cell volume error as remeshing should be applied as this was a large 

deformation, over 50% of the geometry width (243). 

Boundary layer smoothing was also applied, which maintained the height of the 

refined cells at the edge of the boundary layers that were applied to the initial mesh. 

This allows for the wall shear stress to still be extracted accurately when the outer 

mesh deforms. This smoothing was applied with a convergence tolerance of 0.0001 

and a maximum number of iterations of 100. The node relaxation was also set to 1 

and the verbosity to 0. 

Also to prevent the negative cell volume error, local cell, local face and region face 

remeshing was applied with a minimum length scale of 0.0001 m, maximum of 

0.001m and maximum cell skewness of 0.9 and maximum face skewness of 0.7, 

every interval (243). This remeshed multiple faces and allowed the mesh to 

dynamically move across the 50% deformation mark.  

The time step of transient simulations was determined by calculating the Courant 

number, C (244)(245).  

𝐶 =
𝑉∆𝑡

∆ℎ
 (7.3) 
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Where V is the average fluid velocity, Δt is the timestep and Δh is a characteristic cell 

size. The Courant-Friedrichs-Lewy (CFL) based condition was applied to solve the 

semi-implicit scheme (245), where 20 iterations per timestep was selected: 

𝐶 =
𝑉∆𝑡

∆ℎ
≤ 𝐶𝑚𝑎𝑥 (7.4) 

The model was run on a high-performance computer, Bluebear, University of 

Birmingham, with 4 nodes and 100 cores.  

As can be seen from Chapter 4, there is a large range of velocities across the 

geometry from the slower velocity magnitudes at the wall to the faster central 

velocities as well as a range of cell sizes with smaller cells at the wall with the 

addition of boundary layers as seen in Figure 6.16. 

 

Figure 7.2: Timestep values for a Courant number of 1 for different flow velocities and 

different characteristic cell sizes 
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Figure 7.2 shows the timestep values for different flow velocities and average cell 

sizes to achieve a Courant number of 1. For an average cell size of 25 μm and a flow 

velocity of 0.25 m/s, the timestep should be 0.001 for a Courant number of 1 to allow 

for the model to accurately transfer data from each cell (245). For a timestep of 0.01, 

the simulation did not reach a steady state, therefore the timestep was reduced to 

0.001 and the adaptive CFL model was applied. 

The CFD simulation ran to 14 iterations, and then floating point errors occurred. 
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