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Abstract

Patient-specific simulation is a powerful and emerging tool for studying human airway

physiological and pathological characteristics. Decision-based systems for clinicians based on

the patient airflow characteristics play a critical role in tailored medical treatment, from drug

delivery to surgical planning. Computational methods are commonly employed and easily

executable to investigate and understand the biofluid mechanics of the airflow in simplified or

patient-specific tracheal geometries. One of the key considerations in setting up computations

is choosing the correct inlet boundary conditions (BCs). The most common BCs employed

in previous studies are a) flat, b) parabolic, c) Womersley, and e) real velocity profiles. In

many situations, an idealized velocity profile must be selected if the patient-specific velocity

information is unavailable. In addition, the flow patterns change with different breathing

frequencies, which might be due to underlying lung disease or physical activity. In order to

examine the influence of choosing different inlet conditions and breathing frequencies, the

current study executes the simulations of the inhalation-phase airflow in ten patient-specific

healthy tracheas for normal and rapid breathing conditions with various inlet velocity profiles

mentioned above. Qualitative results for various inlet conditions are presented using velocity

and vorticity contours in the trachea’s axial and sagittal planes. In contrast, quantitative

flow metrics are studied by evaluating net pressure drop, Time-Averaged Wall Shear Stress

(TAWSS), and Oscillatory Shear Index (OSI). These results indicate that flat profiles are

the least representative of the realistic situations under both breathing conditions. Further,

the Parabolic and Womersley profiles led to similar flow patterns and values of TAWSS and

OSI for normal breathing conditions. However, in rapid breathing conditions, Womersley

profiles better represent the real velocity profiles than parabolic profiles.
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Chapter 1

Introduction

The knowledge of airflow characteristics in human airways is crucial in understanding

the physiological and pathological aspects of breathing. This information extracted from

the flow characteristic provides valuable information for clinical practice in the evaluation

and development of inhalation treatment. Understanding the respiratory flow helps the

clinician in the medical treatment of obstructive lung diseases such as Chronic Obstructive

Pulmonary Disease (COPD), asthma, and bronchitis. The leading causes of such respiratory

diseases are tobacco smoking, passive smoke exposure, workplace exposure to smoke, and

pollution [24]. Among obstructive lung diseases, COPD is the third leading cause of death

worldwide, causing 3.23 million deaths in 2019 reported by WHO [1] and is associated with

long-term disability. A subset of the patients with COPD has also been identified with

Expiratory Central Airway Collapse (ECAC), defined by greater than 50 % collapse of the

large airways during expiration [39, 15, 43, 76]. This phenomenon causes an additional airflow

obstruction in addition to resistance from lower airways, leading to worsened quality of life

[10]. Imaging technology like computed tomography (CT) scans and pulmonary function

tests (PFTS) based on spirometry measured quantity (e.g., the forced vital capacity and the

forced expiratory volume in one second) are different approaches for the diagnosis, treatment,

and prognosis of obstructive lung disease in clinical routine [22, 66]. However, regional

features of airflow characterized by evaluating pressure drop, flow velocity, and Wall Shear

Stress (WSS) in the complex geometry of the airway will help in better assessment and

treatment. Thus, studying the airflow biofluid mechanics will shed a new perspective to

improve our understanding of the disease progression and its possible causes. This study

aims to establish a computational methodology to comprehensively investigate the biofluid
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mechanics of different inlet velocity profiles in the healthy patient-specific trachea, which

will be a prelude to understanding the disease progression.

Computational fluid dynamics (CFD) simulation is a powerful tool for studying flow

dynamics and their characteristics through complex airways. CFD is capable of providing

helpful information based on the clinically meaningful metrics to improve the understanding

of the disease progression, leading to a better assessment of the patient’s condition [89,

53, 64, 13, 46, 78]. Advancement in computational efficiency and noninvasive technology

has led researchers to explore the respiratory fluid dynamics in a patient-specific manner

[30, 77, 17, 26] in contrast to earlier CFD investigations with engineering simplifications

such as idealized geometry [81, 34]. A crucial aspect of the CFD simulations is the choice of

boundary conditions (BCs) [85] to simulate the breathing of airflow to investigate the flow

dynamics. Patients-specific flow simulations have been studied extensively, and the idealized

velocity profiles are used most commonly for the simulations as it is challenging to obtain

the real velocity profiles that are patient-specific in nature [2, 84, 72]. Flat and parabolic are

two popular choices of idealized inlet boundary conditions used to study the respiratory and

cardiovascular fluid dynamics [72, 87]. A flat and parabolic profile is a steady state solution

in which the patient-specific flow rates are maintained. However, a Womersley elementary

profile accounts for the unsteady nature of fluid flow due to oscillating pressure gradients

as opposed to a parabolic profile [80, 14]. When breathing frequency changes, the fluid

behavior changes as well, which directly affects Womersley profile shape [48, 83]. There are

no previous studies on the choice of frequency-driven idealized inlet velocity profiles and their

influence on the flow characteristics of the airflow in the patient-specific trachea. This study

explores the choice of idealized inlet velocity profile on computational assessment to provide

the closest surrogate model to the real velocity profile for studying the airflow characteristics

based on the breathing frequency.

Thus this study aims to explore the effects of different idealized inlet velocity profiles on

the CFD-derived quantities, essentially on pressure drop, Time-Averaged Wall Shear Stress
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(TAWSS), and Oscillatory Shear Index (OSI) resulting from the patient-specific tracheae

simulations. Additionally, this study also qualitatively evaluates the flow characteristics

such as velocity and vorticity contours along the axial and sagittal planes of the trachea.

This simulations are conducted for ten patient-specific tracheae to discern the differences in

aiflow characteristics due to the variations in airway geometry as well as the inlet velocity

conditions at the inlet. The idealized BCs used in the current study are a) parabolic,

b) Womersley, c) flat, and d) real profile, where the real profile is taken from the study

conducted for a range of breathing conditions by previous study [37]. Therefore, we test for

two breathing breathing conditions that is normal (12-16 breaths per min) and rapid (60-65

breaths per min) breathing rates combined with the aforementioned inlet velocity profile

conditions. Thus, the objective of the present study is to simulate the inhalation phase

through the patient-specific trachea: a) to qualitatively evaluate the velocity and vorticity

contours in axial and sagital planes for idealized and real velocity profiles for one patient

case to study the influence of inlet velocity profiles b) to compute flow metrics such as net

pressure drop coefficient, Time-Averaged Wall Shear Stress (TAWSS) and Oscillatory Shear

Index (OSI) quantitatively for idealized profiles and compare it to the real velocity profile

for all ten patient cases.

1.1 Specific Aims

To study the effect of frequency-driven inlet velocity profiles on the airflow characteristics

in ten patient-specific trachea for normal and rapid breathing conditions

1. Effect of inlet velocity profiles: To assess the influence of idealized profiles (parabolic,

Womersley, and flat) and compare it to the real profile for one patient-specific trachea

2. Effect of breathing frequencies: To assess and identify the closest idealized profile

solution that can be used as surrogate model to the real profile to study the airflow

characteristics

3



Chapter 2

Background

This chapter covers human airway anatomy, the physiology of breathing, the biological

relevance of Wall Shear Stress, fundamentals of Computational Fluid Dynamics (CFD) and

Turbulence modelling details.

2.1 Anatomy of human airway

The anatomy of the human respiratory system is divided into the upper airway, including

the nasal cavity, the oral cavity, the pharynx, the larynx (voice box), and the lower airway,

which consists of the trachea plus the bronchial tree as shown in the figure 2.1. The lower

airways branching starts from the trachea and ends in alveoli, where the air exchange process

occurs, creating a tree-like structure called the tracheobronchial tree. This tracheobronchial

tree structure consists of 23 generations starting from the trachea, where each generation

branches into two airways. Each generation of human airways has a 2n number of airways

where n is the particular generation [81]. The trachea is the largest airway structure that

passes air into and out of the lungs. It also moistens, warms, and prevents foreign particles

from reaching the respiratory surface. It extends from the end of the larynx to the point of

the first bifurcation known as carina. The trachea bifurcates into the left and right main

bronchi at the carina. The right main bronchus lies in a more vertical orientation than the

trachea, whereas the left main bronchus lies in a more horizontal orientation. Therefore, the

right main bronchus is more susceptible to foreign body obstruction. Lobar bronchi transport

air towards the pulmonary lobes where right main bronchi branches into three main bronchi:

superior, middle, and inferior. The left main bronchi is divided into superior and inferior

bronchi. Then comes the segmental bronchi, which aerate the bronchopulmonary segments.
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Each segmental bronchi provides approximately fifteen intrasegmental bronchi, which give

off many bronchioles that terminate into the pulmonary lobules and alveoli. The alveoli are

the airsac where the gas change of oxygen and carbon dioxide occurs.

Figure 2.1: The respiratory system of the human body. Adapted from [6]
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The trachea is also known as the conduction zone as its primary function is to transport

the oxygenated air from the upper respiratory tract to the alveoli for gas exchange process.

The length of the trachea, on average, is 11.8 cm with 18 to 22 cartilaginous C-shaped

rings, which maintains the rigidity of the structure [28, 29]. The tracheal length in males is

reported as 10.5 ± 0.9 cm and 9.8 ± 0.8 cm in females, which shows that tracheal length is

shorter in females than in males [38]. There are approximately two cartilage rings per cm

of the trachea, and each tracheal ring is an average of 4 cm in height with 3 mm tracheal

wall thickness. The average diameter of the trachea is 2.3 cm in the coronal plane and 1.8

cm in the sagittal plane in men, with corresponding values in women with 2.0 cm and 1.4

cm. The shape of the trachea is often ovoid and is affected due to the presence and absence

of the disease condition. This shape is circular in children and turns into an ovoid shape

in adults. The trachea also stretches during normal inspiration or cough, causing expansion

and contraction, which changes its luminal diameter.

2.2 Physiology of breathing

The inhalation and exhalation of air from the lungs is known as breathing. The in-

halation process involves bringing in oxygen from the atmosphere to the lungs, and the

exhalation process consists in removing carbon dioxide from the lungs [31]. Air naturally

moves in from high pressure to lower pressure. As the thoracic cavity volume increases due

to contraction or flattening of the diaphragm, the pressure in the alveoli decreases due to

which inspiration occurs. Expiration is a passive process because of the elastic recoil of lungs

that causes inspiratory muscle to relax and decrease the volume of the thoracic cavity which

increases the pressure in the in the cavity thus removing air from the lungs. The average

healthy adult person inhales and exhales about 11,000 liters of air every day. Unfortunately,

this air contains dust, viruses, soots, fungi, and mold, which are harmful particles and can

stick to the surface of the airway and alveoli. The defense mechanism of our respiratory

system helps to remove such harmful particles. The thin mucus layer lining in the lungs
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helps capture such harmful particles and prevents it from reaching the lungs. In addition,

lungs walls are lined by respiratory mucosa consisting of cilia, a thin hair-like structure to

propel and remove mucus as a cough. They are also removed by alveolar macrophages, the

white blood cell (WBC) that scavenges the particles and engulfs them [56].

Lung volumes refer to the air volume in the lungs at a given time of the respiratory cycle.

Similarly, lung capacities are derived from the lung volumes at a given time of the respiratory

cycle. Lung volumes will be altered based on factors like depth of respiration, ethnicity,

gender, age, body composition, and certain respiratory diseases. It is the summation of two

or more lung volumes. Four standard lung volumes and four standard lung capacities are

clearly represented in the Figure 2.2 measured with an diagnostic device known as Spirometer

are mentioned below [33]:

1. Tidal Volume (TV): Amount of air that can be inhaled or exhaled during a period of

one respiratory cycle. It measures around 500 ml in healthy adult.

2. Inspiratory Reserve Volume (IRV): The amount of air that a person can forcefully

breathe in after inhalation of normal tidal volume.

3. Expiratory Reserve Volume (ERV): The amount of air that a person can breathe out

forcefully breathe out after exhalation of normal tidal volume breathing.

4. Residual Volume (RV): The volume of air remaining in the lungs after maximum ex-

halation.

5. Inspiratory Capacity (IC): It is the maximum air inhaled after the resting state.

6. Total Lung Capacity (TLC): It is maximum amount of air that the lung can accom-

modate after maximum inhalation.

7. Vital Capacity (VC): It is the maximum amount of air that a person can inhale after

a maximum exhalation.
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8. Functional Residual Capacity (FRC): The volume of air remaining in the lungs after

a normal, passive exhalation.

Lung volumes and capacities are part of the pulmonary function test to determine the

lung working condition, which will help in the detection and identifying the pathophysiolog-

ical change [52]. The most commonly used units for diagnosing and treatment of obstructive

lung conditions are Forced Vital Capacity (FVC) and Forced Expiratory Volume in one

second (FEV1). A low value of FEV1/FV C indicates obstructive lung condition.

Figure 2.2: Lung volumes and capacities. Adapted from [50]

The respiratory rate determines the number of breaths that a person takes per minute,

and it is one of the four primary vital signs [4] to assess the person’s general physical health.
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The two different respiratory rates considered in this study are normal and rapid breathing,

explained in the subsection below.

2.2.1 Normal breathing

Normal breathing is a slow and regular process where inspiratory volume and chest

movement are maintained. It is measured when a person is at rest, with no strenuous

activity prior to the measurement. The most common factors that affect the respiratory

rate are emotional state, physical fitness, body temperature, and health status. Normal

breathing helps maintain a balanced level of oxygen and carbon dioxide within the body

[23]. According to Table 2.1, the normal breathing rate for adults is 12-20 bpm and between

25-60 bpm for newborn babies below six months.

Table 2.1: Breathing rate with respect to different age groups [45, 86, 7]

Age Breathing Rate (bpm)

Birth-6 weeks 30-60 bpm
6 months 25-40 bpm
3 years 20-30 bpm
6 years 18-25 bpm
10 years 15-20 bpm
Adults 12-20 bpm

Adults ≥ 65 years 12-28 bpm
Adults ≥ 80 years 10-30 bpm

2.2.2 Rapid breathing

Rapid breathing is when a person’s breathing rate is higher than normal and is more

than 20 breaths per minute in adults. Tachypnea, a term used to define rapid breathing,

may indicate a pathological state. However, it does not necessarily have a pathological

cause, as exercise can also trigger this condition. The most common rapid breathing causes

are pneumonia, carbon dioxide poisoning, asthma, and COPD. Aspiration of foreign bodies,

allergic reactions, and anxiety states can also cause rapid breathing. Tachypnea is rapid

and shallow breathing that should not be confused with hyperventilation, which is rapid and
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deep breathing. As opposed to a normal breathing rate, rapid breathing occurs due to the

build-up of carbon dioxide in the blood. The increased carbon dioxide makes the blood more

acidic than usual, alerting the brain to the danger. In response to this, the brain signals

the respiratory drive to increase the rate of breathing to balance out the imbalance between

oxygen and carbon dioxide [45, 60].

2.3 The biological relevance of Wall Shear Stress (WSS)

When air flows through the airway vessel, it exerts a force on its wall. This force exerted

on the vessel wall can be divided into two components. The perpendicular component of the

force vector contributes to air pressure leading to the deformation of the wall. In contrast,

the tangential component of the force vector leads to shearing deformation of the wall,

which can be sensed by the endothelium and is known as wall shear stress. Wall shear stress

is sensed by various stress-responsive cell components and is related to remodeling of the

blood vessel, and airway vessel [27, 71, 75]. Airway remodelling is the structural changes

in the airway due to repeated injury or repair process which is characterized by changes of

tissue, cellular and molecular composition affecting airway smooth muscle, epithelium, blood

vessels, and extracellular matrix [3]. Mechanical stresses are responsible for the proliferation

of structural cells of the airway and its elongation. The abnormal loading of mechanical

stresses thus results in altered cellular activation, leading to fibrosis (thickening or scarring

of tissue as a result of repair), which results in remodeling of the airways [3]. The endothelium

lining of the vessel wall repeatedly subjected to different flow behaviour like disturbed flow,

re-circulation and flow separation due to vessel remodelling causes the disease progression

[18]. Therefore, understanding the flow behaviour with near wall flow characteristic like WSS

distribution on the vessel wall will improve our understanding of the disease progression and

help the clinician approach the patient with better treatment.
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2.4 Computational Fluid Dynamics (CFD)

CFD is a well-known methodology for mathematically modeling physical fluid flow prob-

lems and numerically solving them using computational power. The fluid flow phenomenon

is based on the fundamental conservation laws of mass, momentum, and energy that govern

fluid motion. This governing equation in partial differential form is converted into the alge-

braic equation system and solved using various numerical schemes such as finite-difference

methods [42]. However, modeling in the CFD is challenging due to complex flow physics

associated with the fluid flow as randomness, three-dimensionality, recirculation, and eddies.

There are three types of CFD methods used to model turbulent flows: direct numerical sim-

ulations, large-eddy simulations, and Reynolds-Averaged Navier-Stokes equations. Several

factors like computational cost, ease of use, range of applicability, and accuracy is considered

depending on the specific flow problem. The CFD user plays a role in deciding a suitable

model to computationally solve the flow problem and their need. Due to complex geome-

try with a low Reynolds number, this study is interested in accurately predicting the flow

characteristics undergoing turbulent transition.

The most widely adopted CFD method for engineering application is Reynolds Averaged

Navier-Stokes (RANS), which is a time-averaged equations of motion for fluid flow. Flow

quantities are divided into the mean plus fluctuating part in a turbulent flow, and Osborne

Reynolds first proposed this, which is well known as Reynolds Decomposition. For general

three-dimensional flows, the four equations of pressure and the three velocity components are

need to be solved along with the six Reynolds stresses resulting from the Reynolds averaging.

The continuity and RANS equations can resolve the pressure and velocity components.

However, an expression for the Reynolds stress is required to obtain a closed-form solution.

Therefore a turbulence model or directly modeled Reynolds stress transport equation is used

to get a closed-form solution to the RANS equations. The algebraic and transport equation

to turbulence models brings closure to the RANS equations.
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Algebraic turbulence models are the simplest turbulence models for determining the

eddy viscosity. Transport equation models solve the quantities of the turbulent kinetic energy

and dissipation rate of the energy-containing eddies. Many types of turbulence models are

used to solve engineering flows, and each model has its advantages and limitations. All

the different kinds of conventional turbulence models are presented in the text of Wilcox

[82]. The particular interest of this study is the type of RANS turbulence models applied to

predict the transitional and separated internal flows with low Reynolds numbers.

2.4.1 Transition modeling

Transitional flows are the intermediate state of fluid flow between laminar and turbu-

lent, where both viscous forces and Reynolds stresses are equally important. The transition

occurs through different mechanisms and is typically due to the flow instability (Tollmien-

Schlichting waves) in the aerodynamics flows, and another mechanism is separation induced

flows where the laminar boundary layer separates due to adverse pressure gradient. There-

fore, there is an inherent problem in using the RANS model for predicting transitional flows.

Since a conventional RANS model eliminates the effect of linear disturbance of the growth,

linear and non-linear effects are relevant in the case of transitional flow. The Menter et al.

[55] has developed a new transitional flow model called γReθ Shear Stress Transport (SST)

model to estimate the flow accurately. This model is also known as the transitional SST

model and is used to predict the laminar and laminar to turbulent and turbulent states of

the flow. The difference between the γReθ SST model with k − ω SST model is that there

are two other transport equations: one for, γ, the intermittency which produces the transi-

tion locally, and another for transition onset criteria in terms of the momentum thickness

Reynolds number.

Each patient-specific trachea has unique geometrical features with curvature, turtuosity,

and variation of cross-sectional area along the length of the trachea. Also, the Reynolds

number of airflow in ten patient cases falls in the range of 2230 ± 364, which is in the
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transitional flow regime. Therefore, accounting the patient-specific geometry and Reynolds

number regime, the transitional model justifies capturing the flow characteristics to better

understand the tracheal flow.
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Chapter 3

Methodology

3.1 Patient cohort

COPDGene® [67] is a study that enrolled 10,000 participants who were current and

former smokers between ages 45 and 80 years across 21 clinical centers throughout the

United States. The FEV1/FV C ratio obtained from a lung function test is used to assess

obstructive lung disease where a patient with a value less than 0.7 is diagnosed with COPD

[10]. The present study only includes the non-smokers from the large cohort study without

COPD and considered as healthy or normal patients. Therefore, ten normal patient samples

were included for this study where the sample’s mean age is 63.3 ± 7.3 (mean± SD) with

eight females and two males. The respective BMI, weight, and height of the patient cases

are reported in the Table 3.1.

Table 3.1: Patient demographics(n=10)

Parameters Mean±SD

Age (years) 63.3 ± 7.3
Gender (Female/Male) 8/2
BMI (kg/m2) 28.1 ± 5.5
Weight (kg) 78.5 ± 17.9
Height (cm) 166.9 ± 10.6
FEV1/FV C 0.8 ± 0.1

All data are reported as mean ± standard deviation unless specified.
FEV1 = Forced Expiratory Volume. FV C = Forced Vital Capacity.

3.2 Pre-processing of patient-specific models

The inspiratory CT scans of the ten healthy normal patients were obtained from the

COPDGene® study. The CT scan was taken during full inspiration when the lung volume
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is completely filled with air. These medical images obtained from CT scans are used to

reconstruct the patient’s anatomy. Over the past decade, the technology for reconstructing

patient-specific anatomy has advanced steadily. Many commercial and open-source software

are used to facilitate airway vessels’ manual segmentation from a stack of medical images. Af-

ter the stack of images has been interpolated, a surface or volumetric model is reconstructed

for the simulation. 3D Slicer (http://www.slicer.org/) is an image processing package used

to convert the image segmentation to a solid model. This medical imaging data obtained

from the COPDGene® study was imported to a 3D slicer to reconstruct volume from NiFTI

files (raw image data saved as a 3D image). Segmentation was done by applying a volumetric

filter and desired threshold value to the region of interest. The Laplacian smoothing algo-

rithm was then applied in the segmented volume with the factor manually selected to balance

between surface smoothness and maintaining the anatomical details. This final volume was

then exported as a Standard Tessellation Language (STL) file, which describes the surface of

a 3D model with raw and unstructured triangles [8]. Since a CT scan with a low resolution

produced few triangles, Vascular Modelling Toolkit (VMTK, www.vmtk.org) software was

used to increase the number of triangles so that the geometry could be accurately modeled.

Increasing the number of triangles to represent the surface of the 3D model will also avoid

the potential mesh problem that might be due to the low number of triangles.

The extracted trachea inlet had a non-circular cross section, which makes it difficult to

impose the boundary condition. The inlet of the trachea was therefore extruded by 2 mm to

convert from a non-circular to a circular cross-section in SolidWorks® (SolidWorks Corp.,

Waltham, MA USA). The cross-sectional area of the inlet was kept constant to maintain the

volume flow rate of air during breathing. The workflow from volumetric reconstruction in a

3D slicer to SolidWorks® is shown in Figure 3.1. Therefore, the final 3D geometry created

was exported to the ICEM CFD (ANSYS Inc., Pennsylvania, USA) for mesh generation,

described in the following section.
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Figure 3.1: Workflow from CT scan to trachea model, mesh generation leading to the ANSYS
Fluent® simulations

3.3 CFD mesh generation

During the computational modeling, mesh generation plays an important role, as sim-

ulation results depend on mesh quality. In order for the simulated results to be accurate

and reliable, the mesh quality must be good. A fine mesh will result in a more accurate

solution with increased computational power and time. In contrast, the coarse mesh will

result in a less precise solution with decreased computational power and time. Thus, it

is essential to maintain accuracy at a acceptable computational cost by using optimized

mesh quality. A time-step independent study is also conducted to ensure that results do

not vary with time-step size as the breathing process is unsteady. The mesh independence
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study and the time-step independence study were conducted to obtain the simulation’s op-

timal mesh size and time-step size.The result obtained from mesh-independence study and

time-independence study is presented in the result section of this thesis.

The trachea model was imported to ICEM CFD, where an unstructured tetrahedral

mesh was generated as it was deemed appropriate due to the complex shape of the geometry.

The mesh generation was conducted with the Octree mesh method for the fine-resolution

surface mesh, followed by the Delaunay method to generate a smooth volumetric mesh. The

prism layer of 6 concentric rows with a smooth cell transition ratio (∼1.11) was also employed

for the boundary wall. The mesh generation process generated a mixture of prism layers

and tetrahedral elements accompanied by a few pyramids for a smooth transition towards

the trachea wall to resolve the high velocity gradient. This mesh generated was further

processed in the FLUENT® to generate a polyhedral mesh to increase the stability and

decrease the computational time for the simulation. The workflow from CT scan to trachea

model finalized for simulation is shown in the Figure 3.1.

3.4 Breathing conditions

In this study the simulations are conducted for the inhalation phase of the breathing

cycle to study the influence of different inlet boundary conditions. The exhalation phase was

excluded from the study for two reasons a) CT scan was obtained at full inspiration, and b)

during exhalation, the movement of the air is out of the lungs which changes the boundary

condition at the inlet of the trachea. The airflow simulation is conducted for two breathing

conditions [37], the first one corresponds to a normal breathing condition with a typical

breathing frequency, f = 0.28Hz (17 breaths per min), and a peak flow rate Qmax = 364

ml/s whereas the second one corresponds to rapid breathing conditions with f = 1.08Hz

(65 breaths per min) and Qmax = 360 ml/s. The above-mentioned numeric values are

taken from the experimental study conducted to simulate the two breathing conditions in a

benchtop setup [37]. The flow rates as a function of time for both breathing conditions are
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approximated with a sinusoidal waveform as shown in the Figure 3.2. Thus, the flow rate Q

can be expressed as

Q = Qmax sin(ωt) (3.1)

where ω = 2πf is the angular frequency and t is the time. For normal breathing conditions

ω= 1.74 rad/s and for rapid breathing conditions ω= 6.9 rad/s.
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Figure 3.2: Flow rate corresponding to inspiration cycle for normal and rapid breathing
conditions

3.5 Non-dimensional variables and parameters

As the breathing condition considered for the simulations is defined in the previous

section, this section explains the non-dimensionalization of various physical variables which

will help in interpretation of the results. The non-dimensionalization of the fluid mechanics

problem starts with the selection of characteristic velocity [88] (The characteristic length scale

is D and characteristic time scale is omega). For the internal flows, the characteristic velocity

is the average velocity measured at the inlet cross sectional area. The non-dimensional

variables and parameters are defined in the following paragraphs.

Average velocity is defined as the flow rate at the inlet cross-section divided by its cross-

sectional area. The trachea geometry is patient-specific with the inlet diameter D changing
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from case to case, leading to different cross-sectional areas and correspondingly different

average velocities at the inlet. The average velocity is given by

ū =
4Qmax

πD2
. (3.2)

The diameter and average velocities for the five cases are shown in Table 3.2 and Table 3.3

for normal and rapid breathing condition respectively.

The Reynolds number is the ratio of the inertial to viscous forces and here it is defined

based on the diameter, average velocity and kinematic viscosity of air. Thus the Reynolds

number is given by

Re =
ūD

ν
(3.3)

where ν is the kinematic viscosity of the air that is 1.524E-5 m2/s at room temperature 25

◦C . Based on the calculated Reynolds number, flow through the pipe is classified as laminar

for Re < 2000, where the viscous forces are dominant, turbulent for Re > 4000 where inertial

forces are dominant, and transitional if 2000 < Re < 4000, where both inertial and viscous

forces has similar contribution [54]. Laminar flow is characterized by smooth motion with

little or no mixing, where molecular diffusion is dominated with low molecular convection.

In contrast, turbulent flow is identified by disturbances and chaotic motion characterized

by eddies, recirculation of the fluid causing high lateral mixing. The intermediate region

where the flow can either be in a laminar or turbulent state intermittently (both in space

and time) is known as the transitional region, where both inertial forces as well as viscous

forces contributions are equal. Transitional flows have a higher tendency to be laminar if

the Reynolds number is close to 2000 and turbulent if they are close to 4000. Table 3.2

and Table 3.3 below give the Reynolds number for ten patient cases for normal and rapid

breathing conditions, respectively.
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Table 3.2: Reynolds number for normal breathing conditions for ten patient cases

Cases Diameter(D) Average Velocity (ū) Reynolds Number
(mm) (m/s)

Case 1 13.52 3.65 3241
Case 2 16.49 1.70 1840
Case 3 13.50 2.55 2255
Case 4 13.72 2.46 2215
Case 5 13.53 2.53 2244
Case 6 14.30 2.26 2122
Case 7 13.96 2.38 2179
Case 8 15.63 1.90 1945
Case 9 13.51 2.55 2257
Case 10 15.23 2.00 1999

Average 14.34 2.40 2230
Standard Deviation 1.02 0.51 364

Table 3.3: Reynolds number for rapid breathing conditions for ten patient cases

Cases Diameter(D) Average Velocity (ū) Reynolds Number
(mm) m/s

Case 1 13.52 3.61 3201
Case 2 16.49 1.68 1818
Case 3 13.50 2.52 2233
Case 4 13.72 2.43 2188
Case 5 13.53 2.50 2219
Case 6 14.30 2.24 2102
Case 7 13.96 2.35 2153
Case 8 15.63 1.88 1929
Case 9 13.51 2.52 2234
Case 10 15.23 1.98 1979

Average 14.34 2.42 2206
Standard Deviation 1.02 0.17 359

The Womersley number is the ratio between transient or oscillatory inertial forces to

viscous forces and it is defined by

Wo =

√
tviscous
toscillation

=
D

2

√
ω

ν
. (3.4)
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It describes the pulsatility of the flow, where a higher Womersley number represents higher

pulsation. It can also be represented as the square root of the ratio of viscous time scale

(tviscous = D2

4ν
) to the oscillatory time scale (toscillation = 1

ω
) as shown in Equation 3.4.

Womersley number for ten patient-specific cases for normal and rapid breathing conditions

are shown in the Table 3.4.

Table 3.4: Womersley number for normal and rapid breathing conditions

Cases Diameter (D) Wo (Normal Breathing) Wo (Rapid Breathing)
mm ω = 1.74 rad/s ω = 6.9 rad/s

Case 1 13.52 2.28 4.55
Case 2 16.49 2.79 5.55
Case 3 13.50 2.28 4.54
Case 4 13.72 2.32 4.62
Case 5 13.53 2.29 4.55
Case 6 14.30 2.42 4.81
Case 7 13.96 2.36 4.70
Case 8 15.63 2.64 5.26
Case 9 13.51 2.28 4.55
Case 10 15.23 2.57 5.12

Average 14.34 2.42 4.82
Standard Deviation 1.02 0.17 0.34

Lengths (r, z), velocities (v, vz), time (t), and pressure (P ) are non-dimensionalized as

shown

r∗ =
2r

D
, z∗ =

2z

D
, v∗ =

v

ū
, v∗z =

vz
ū
, t∗ =

t

toscillation
, and P ∗ =

PD

2µū
(3.5)

where all the lengths are divided by radius of the inlet, D/2, velocities by average veloc-

ity, ū, time by oscillatory time scale, toscillation, and pressure is nondimensionalized by 2µū
D

(viscous shear stress). This will help in reduction of the variables, data analysis and better

interpretation of the results.
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3.6 Mathematical model

3.6.1 Governing equations

Airflow characteristics for the inspiration cycle are calculated by solving the Navier-

Stokes equation, where air is assumed as an incompressible (constant density), Newtonian

(constant viscosity) fluid with kinematic viscosity of 1.52E-05 m2/s at 25 ◦C. The continuity

and Navier-Stokes equations that is used to solve for the velocity field are shown in Equation

3.6 and Equation 3.7.

∇ · u = 0 (3.6)

∂u

∂t
+ (u · ∇)u = −1

ρ
∇p+ ν∇2u (3.7)

3.6.2 Numerical methods

As the governing equations are non-linear partial differential equation, the analytic

solutions are difficult to obtain. A numerical technique is necessary to approximate the

solution of these equations. ANSYS Fluent® (ANSYS 19.5,ANSYS Inc., Pennsylvania,

USA) is used as the numerical solver in this study which is based on the finite volume

method (using integral form of partial differential equations). The computational domain is

discretized into the finite control volume and then the governing equation is integrated on

each of the control volume to construct the number of the algebraic equations for velocity

and pressure. This discrete equations are linearized to solve the continuity and momentum

equation to get the updated values of dependent variable for each iteration to obtain the

velocity and pressure.

22



3.6.3 Solver setting

The transient flow simulation was conducted using transition Shear Stress Transport

(SST) k-omega viscous model for the simulations as the Reynolds number ranges from 1818

to 3241. Although the Reynolds number is below 2000 in some cases, flow instabilities

are prevalent due to the complexity of the geometry which justifies the use of transition

model [49]. Second order discretization schemes were used for pressure and momentum

with second order implicit schemes for transient flow. Furthermore, polyhedral mesh was

applied to increase the stability and decrease the computational time since this decreases the

cell count than the tetrahedral mesh generated from ICEM CFD [74, 73]. To increase the

accuracy of the gradient calculation in the polyhedral mesh, warped-face gradient correction

was enabled. A residual of 1E-03 was used as the convergence criteria with the time-step

size of 1E-02 s.

A time-varying velocity profile was implemented as the inlet boundary condition, and

a time-varying pressure was prescribed as the outlet boundary condition for the simulations

using a user-defined function (UDF). This boundary condition was prescribed with the in-

termittency, which is the fraction of time when the flow is turbulent, of 0.05 and turbulence

intensity of 1 % [69]. The turbulence viscosity ratio, defined as the ratio of turbulent vis-

cosity to molecular viscosity, was set to 10 for inlet and outlet conditions that define the

onset of transition. This value was prescribed with the assumption of the low turbulence

at the trachea’s inlet and outlet, which provides the medium level of turbulence [2]. The

simulation was performed in 3D space with a no-slip boundary condition for the geometry

wall. For each case, four simulations were run with the three idealized velocity profiles, and

a real velocity profile explained in the inlet boundary condition section. The flow rate was

kept constant for normal and rapid breathing conditions across all the patient cases.
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3.7 Boundary conditions

3.7.1 Inlet

As the airway structure are complex, selecting the appropriate boundary conditions are

an important factor in the study of the flow through human airways. This study compares the

influences of the idealistic velocity profile with the real velocity profile simulations. The time-

varying idealistic velocity profiles assumed for this study are flat, parabolic and Womersley

[80] profile which is formulated by using the peak flow rate for the two breathing conditions

and the radius of the inlet. The snapshot representation of the four inlet velocity profile

is shown in the Figure 3.5. Overall details of the idealistic and real velocity profiles are

explained in the following sections, and the velocity profile at the center line is represented

in the Figure 3.4. The velocity contour plot at the inlet for normal and rapid breathing

conditions for all the velocity profiles is presented in the Figure A.3 and Figure A.4 in the

appendix section.

Flat profile

Uniform flow across the cross-section where all the points have equal velocity will pro-

duce a flat (plug) profile. This velocity profile distribution is more prevalent at high Reynolds

number that is in a turbulent flow [42]. The flat profile is given by

v∗ = sin(t∗). (3.8)

Parabolic profile

The fully developed inlet velocity profile which is based on the Poiseuille flow gives the

parabolic shape. Poiseuille flow is basically a pressure driven flow in long cylindrical pipe

of constant cross-section for a laminar flow of an incompressible Newtonian fluid. As the

fully developed parabolic profile has been considered in the literature [68] to study the flow
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characteristics in the trachea, this profile is selected as one of the idealistic profiles in this

study. Parabolic velocity profile is given by

v∗ = 2
[
1− (r∗)2

]
sin(t∗). (3.9)

Womersley profile

A flow which has periodic variations is known as pulsatile flow or Womersley flow. For

the Wo ≤ 1, there is no significant difference between Womersley and parabolic profile since

pulsatile flow frequency will be low and viscous effects dominates which gives enough time for

parabolic profile to develop. On the other hand, for the Wo > 1 the frequency of pulsation

will be large causing velocity profile to be more flat or plug-like [83]. Womersley profile is

given by

v∗ = −i

[
1− J0

(
Wo r∗ i3/2

)
/J0

(
Wo i3/2

)
1− 2J1 (Wo i3/2) /Wo i3/2J0 (Wo i3/2)

]
eit

∗
(3.10)

Where J0, J1 are Bessel functions of the first kind of order 0 and 1, i is the imaginary

unit, and t is the time.

Real velocity profile

Real velocity profile is taken from an experiment done in a double bifurcation model

of the airway structure which is relevant to the respiratory human airways with Magnetic

Resonance Velocimetry (MRV) [37] where water was used as a working fluid. This experiment

was conducted in the benchtop setup with the range of breathing conditions. Among these

ranges of breathing conditions, normal and rapid breathing conditions was selected for this

study. The velocity data obtained from the experimental study was extracted using the

in-house MATLAB® (MathWorks, Natick, MA, USA) code at the inlet of the trachea.

The extracted velocity data at the inlet was implemented in the computational mesh of

the CFD simulations using the UDF as shown in Figure 3.3. The data extracted from the
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inlet of the trachea was interpolated spatial and temporally to implement in the inlet of the

computational mesh and to conduct time resolved simulations. Details of the code that is

used to extract and implement the velocity profile is given in the Appendix B.

Figure 3.3: Implementation of real velocity profile from the MATLAB® data of the experi-
mental study to the CFD inlet
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Figure 3.4: Inlet velocity profile drawn at the center of the inlet for the flat, parabolic,
Womersley, and real profile of one patient case

Figure 3.5: Snapshot of the four inlet velocity profiles at the peak inspiratory flow for rapid
breathing condition
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3.7.2 Outlet

Although previous studies have used a zero-pressure condition at the outlets of the

trachea, it has influence on the flow characteristics [63, 62]. A time-varying pressure outlet

boundary condition was calculated for the outlet of the trachea coupling with the lower

airways pressure drop due to compliance and resistance which will produce physiologically

realistic flow patterns [79, 5]. In this current study we model the breathing of the human

airways by the pressure difference between the intrapleural pressure (which is the pressure

in the pleural cavity) and the atmospheric pressure [58] at the mouth. The pressure drop

in the lower airways is calculated using the resistance and compliance value of the healthy

adult from the literature [12, 70] as shown in Equation 3.11. The lower airways resistance

and compliance values taken for this study are reported in the Table 3.5. The pressure at

the outlet of the trachea is given by

Pt(t) = RgQ(t) +
V (t)

Cg
+ Pi(t). (3.11)

where Q(t) is the flow rate, V (t) =
∫
Q(t)dt is the time-dependent breathing volume, Pt is

the pressure at the trachea, Pi is the intrapleural pressure at the pleural cavity which drives

the breathing flow, and finally Rg, Cg are the resistance and compliance of the lower airways,

respectively. The time-varying pressure implemented at the outlet of the trachea is shown

in Figure 3.6.

Table 3.5: Resistance and compliance value of a healthy adult for lower airways

Values Units

Resistance (Rg) 1.5E-03 cmH2O − s−ml−1

Compliance (Cg) 1.81E02 ml − cmH2O
−1
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Figure 3.6: Time-varying pressure computed at the outlet of the trachea for normal and
rapid breathing conditions

3.8 Data analysis

3.8.1 Wall Shear Stress (WSS)

Fluid flowing in a cylinder does not have a uniform velocity across all the points in

the cross-section perpendicular to the length of the tube; velocity is highest at the center of

the tube and decreases as it reaches the wall. The non-uniform distribution of velocity is

due to the frictional forces that arise from the interaction of fluid itself and fluid with the

wall, which causes the diffusion of momentum from the wall to the center. The transfer of

momentum between the fluid molecules will cause a velocity gradient to exist in the pipe,

due to which tangential stress arises, causing resistance in the movement of one layer of fluid

over the adjacent layer. The property of the fluid which offers this resistance is known as

viscosity. Lower viscosity causes a lower velocity gradient, which causes lower shear stress

and vice versa.
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WSS is defined as the tangentially acting force per unit surface area by the flowing

fluid on the walls of the tube in the opposite direction. WSS is directly proportional to the

velocity gradient, which shows how fast the velocity in one layer of the fluid moves with

respect to the velocity at the adjacent layer of the fluid in the direction perpendicular to the

flow. Wall shear stress (τw) for each case at the wall is calculated by

τw = µ
∂u

∂r

∣∣∣∣
y=0

(3.12)

measured close to the vessel wall, where µ is the viscosity of the fluid, u is the velocity,

and r is the distance perpendicular to and away from the wall.

3.8.2 Time-Averaged Wall Shear Stress (TAWSS)

In a pulsatile flow the WSS varies in time, so TAWSS filters out the temporal variation

of the WSS to account for the total effect. Therefore, the TAWSS is defined as a measure of

the total wall shear stress exerted on the wall which is averaged over a breathing cycle. The

TAWSS is calculated by

TAWSS =
1

T

∫ T

0

|τw|dt (3.13)

It is a WSS-based descriptor that is used to study the effects of airflow in the airway

vessel. Wall shear stress corresponds to the compressing or stretching mechanical forces

experienced by the wall, which directly influences the endothelial cell function [3]. The change

in velocity gradient near the wall will influence the particle deposition that is important in

aerosol drug delivery. A high WSS indicates increased velocity gradient near the wall region

where aerosol particles are expected to collide and deposit in the wall. A lower WSS indicates

a smaller velocity gradient where aerosol particles are more likely to be suspended in the air

and later can be repelled or attracted to the wall [61].
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3.8.3 Oscillatory Shear Index (OSI)

It is a non-dimensional metric which describes the cyclic departure of the WSS vector

over a breathing cycle and characterizes if it aligns with TAWSS vector. The OSI is calculated

by

OSI =
1

2

(
1−
|
∫ T

0
τw dt|∫ T

0
|τw|dt

)
(3.14)

The OSI value varies from 0 to 0.5, where 0 represents the unidirectional flow with no

cyclic variation of the WSS vector, and 0.5 signifies complete oscillatory flow with disturbed

flow behavior. The flow behavior near the wall can be simple or disturbed based on the

normal or diseased condition that changes the instantaneous WSS vector alignment with the

TAWSS. Orientation and morphological changes of the endothelial cells are dependent on the

magnitude and the direction of the shear stress. The time-averaged WSS vector affects the

tendency of the endothelial cells to align in the flow direction in simple flows, which causes

the favorable remodeling of the vessel wall [16]. On the other hand, an oscillating shear

stress pattern due to disturbed flow or higher pulsatility can cause increased cyclic stress

and elongation compared to simple flows, which might relate to cyclic fatigue in traditional

materials such as steel and aluminum [35, 59]. Previous studies has used OSI in the arterial

blood flow study [41, 32] and this index is introduced here since it influences the deposition

of aerosol particles and the remodeling of the vessel wall [61].

3.8.4 Pressure drop

The pressure gradient from the mouth to the alveoli drives the airflow through the

lungs. The airflow going through the airway depends on the pressure drop, which differs for

normal and diseased conditions. A higher pressure drop indicates higher energy consumed

to drive the flow through the airway vessel, indicating an obstructive disease. Thus, the

pressure drop is necessary for evaluating either an airway vessel or the entire lung system.

The pressure drop coefficient (Cp) is evaluated for all the cases to study the influence of

31



boundary conditions at the inlet and is defined as

Cp =
∆p

1
2
ρv2

=
Pi − Po

1
2
ρv2

(3.15)

where Pi is the average inlet pressure, Po is the average outlet pressure, v is the average

velocity at the inlet, and ρ is the density of the fluid.

3.8.5 Statistical analysis

All the statistical analyses were performed with the software R, release 4.0.3 (www.r-

project.org). Data are presented as mean ± standard deviation, and normality was assessed

with the Shapiro-Wilk test. Independent samples two-tailed t-test were used to compare

means of normally distributed variables and the Mann-Whitney U test is used for non-

normally distributed data. A p-value less than 0.05 is considered as statistically significant

for all test.
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Chapter 4

Results

4.1 Mesh and time-step independence studies

In order to ensure final computed results are not dependent on the number of elements

used for the CFD study, a mesh-independent study is conducted. The number of mesh

elements was varied from coarse to fine (0.4M to 5.75M) with an element size of around

1% of the inlet diameter. One of the 10 patient-specific cases was taken for the study with

output parameters as average velocity at the mid-plane of the trachea and TAWSS to test for

the mesh convergence. The graphical results in the Figure 4.1 and quantitative data in Table

4.1 shows the convergence of results as the number of mesh elements increases. The average

velocity and TAWSS calculated are within a tolerance of around <6%. So, considering a

balance between the computational cost and accuracy of the solution mesh size of 1.27M

was selected for the numerical study.

Table 4.1: Average Velocity at the mid-plane of trachea and TAWSS as a function of number
of elements

Number of Elements Average Velocity TAWSS
(m/s) (Pa)

0.40M 1.12 0.0183
0.75M 1.11 0.0181
1.27M 1.14 0.0163
2.35M 1.21 0.0164
5.75M 1.16 0.0165
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(a) (b)

Figure 4.1: Mesh independent study quantifying a) Average velocity at the midplane of the
trachea vs number of elements b) TAWSS vs the number of elements

The flow properties in an unsteady flow changes with time, so a time-step independent

study is necessary to get the temporal accuracy and capture the dynamics of the flow system.

Therefore, time-step independent study was conducted by varying time step size with 0.1

s, 0.01 s, 0.001 s, and 0.0001 s. TAWSS was evaluated with increasing time-step size to

test for its independence. The mesh size used for the entire time-step independence study

is 1.27M. Graphical representation in Figure 4.2 and quantitative result in the table 4.2

shows the convergence of the time-step size was within <5% error. Therefore, accounting

for computational time and accuracy, a time-step size of 0.01 s was selected for the further

study. Figure 3.1 shows the trachea model finalized after the mesh convergence study, which

is exported to ANSYS Fluent® for simulations and post-processed to quantify velocity,

pressure, and WSS.

Table 4.2: TAWSS evaluated with the increasing time-step size

Time-step size TAWSS
(s) (Pa)

0.0001 0.017
0.001 0.0171
0.01 0.0163
0.1 0.0147
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Figure 4.2: Time independence study quantifying TAWSS vs. time-step size in semilog plot

4.2 Patient-specific geometry

The extracted model of ten patient-specific geometry is shown in Figure 4.3 which

provides a visualization of distinctive features of each geometry. The details of healthy

patient characteristics was discussed in detail in the methods section. The normal case

provides a similar reference to a number of healthy case geometry found in the literature

[44, 17, 51, 47]. Realistic geometry was chosen for the study due to its complex flow features

instead of the idealistic geometry. The Figure 4.4 shows the details of the case 3 patient-

specific trachea, where the centerline seen in a) and f) part of the figure is extracted along

the length of the trachea using VMTK software. The centerlines are the weighted shorted

paths traced out between two points and are considered the descriptors of the vessel’s shape.

To further investigate the effect of the case 3 patient-specific geometry, 11 cross-sections were

extracted along the centerline, including inlet and outlet plane, which were perpendicular to

the centerline and equally spaced with 0.1 L spacing. The cross-sectional area plotted for

all the length of the showed decrease in area till third cross-section and then increases from

3-6 cross-section and finally decreases until the 10th cross-section that is plotted along the

length of the trachea.
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Figure 4.4 shows CSA, the curvature of the geometry, and average velocity along the

length of the trachea evaluated at 11 cross-sections. The curvature of the geometry is

evaluated using VMTK software along the centerline of the trachea which is reciprocal of the

radius of curvature. As the CSA increases, velocity decreases and vice versa because mass

is always conserved when fluid is in motion, which implies the product of area and velocity

is constant, assuming that density doesn’t alter. The curvature changes also fluctuate along

the length of the trachea, which affects the secondary flow structure generation and spatial

velocity peak distribution in the trachea.

Figure 4.3: Patient-specific geometry shown in the sagittal view for all the ten patient cases
analyzed in the study
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Figure 4.4: Patient Specific geometry of case 3 a) Velocity contour from inlet to outlet for
11 cross-sections with spacing of 0.1 L where L is the length of the centerline b) The cross-
sectional area (CSA) normalized by maximum CSA along the centerline of the geometry c)
The local Curvature of the trachea centerline d) Normalized average velocity at different
cross-section of the trachea e) Peak flow curve with red dot showing the time point of the
data f) Cross-section view along the length of the trachea showing Anterior-Posterior view

4.3 Effect of inlet velocity profiles on velocity and vorticity contours

The first aim of the study was to assess the influence of the inlet velocity profiles on

the flow characteristics of the patient-specific healthy trachea. In this section, one patient

data (Case 3) was investigated to study the influence of inlet velocity profiles on the velocity

and vorticity contours. Both velocity and vorticity contours were explored in the sagittal

plane, while only velocity was considered in the axial plane. This is because the sagittal

plane provides more insight into the flow characteristics along the length of the trachea.
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4.3.1 Axial plane

In order to study the effect of the inlet velocity profile in detail, velocity contour at

five different slices perpendicular to the centerline were extracted at various locations along

the length of the trachea represented as inlet, CS1, CS2, CS3, and outlet. The velocity

contour was compared between the Parabolic, Womersley, flat, and Real velocity profiles for

normal and rapid breathing cases. To study the unsteady effects for both normal and rapid

breathing cases, velocity contours comparison was studied for three different time points

t∗ = (0.17, 0.5, 0.83), where 0.5 corresponds to the peak flow rate and time point 0.17 and

0.83 correspond to half of the peak flow rate during acceleration and deceleration phase of

inhalation. It should be noted that v/vmax is normalized by vmax, which is the maximum

velocity in the flow domain for each inlet velocity profile case.

Normal breathing

Figure 4.5 shows the velocity contour plot at five different cross-sections along the length

of the trachea as described in section 4.3 for normal breathing at the peak flow rate. As shown

in the inlet cross-section, the Parabolic and Womersley profile has peak velocity at the central

region of the cross-section. In contrast, the flat profile shows uniform velocity distribution,

and the real profile from the experiment shows the non-uniform distribution. Looking at

the CS1 cross-section, the flow patterns remain the same as the inlet cross-section but are

deflected towards the geometry’s posterior section. This deflection of the flow towards the

posterior region is due to the curvature of the geometry. Further downstream, by comparing

the cross-sections (CS2, CS3, and outlet) it is noted that all cases of inlet velocity profile

shows no significant difference is observed in the velocity patterns. However, there are subtle

differences can be observed between different cross-sections along the length of the trachea.

Overall observation for CS2, CS3, and outlet cross-sections indicates that the flow patterns

in parabolic, and Womersley profiles appear to be in better agreement with the real velocity

profile close to the wall in comparison to the flat velocity profile. This observation is crucial

38



as the velocity gradient near the wall determines the wall shear stress. In the distal part of

the trachea input velocity effect diminishes and the flow is more dependent on the curvature

in addition to the shape of the cross-section of the trachea [9].

Figure 4.5: Velocity contour at time point t∗ = 0.5 corresponding to peak flow rate at five
different cross sections for normal breathing

The velocity contours for the two time points t∗ = 0.17 and t∗ = 0.83 are in better

agreement with each other as shown for the acceleration and deceleration phase surrounding

the peak inspiratory flow as shown in Figure 4.6 and Figure 4.7. The blue region away

from the wall corresponds to slow moving fluid induced by the recirculation region which is

referred to as the secondary flow. Observation of this secondary flow for the cross-section

CS1-outlet differs from the time points t∗ = 0.17 and t∗ = 0.83 when compared to peak

inspiratory time point (t∗ = 0.5) since the flowrate is double at this time point. Overall

comparison of the fast moving region and secondary flow for real velocity profile is close to

parabolic and Womersley profile than flat profile for all the three time points.
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Figure 4.6: Velocity contour at time point t∗ = 0.17 corresponding to half of peak flow rate
at five different cross sections for normal breathing

40



Figure 4.7: Velocity contour at time point t∗ = 0.83 corresponding to half of peak flow rate
at five different cross sections for normal breathing

Rapid breathing

Figure 4.8 shows the velocity contour plot at five different cross-sections along the length

of the trachea as described in section 4.3 for rapid breathing at a peak flow rate. As shown in

the inlet cross-section, the parabolic and Womersley profile has peak velocity in the central

region of the cross-section while the flat profile shows uniform distribution of velocity, and

the real profile from the experiment shows the non-uniform distribution of velocity. The

key difference between normal and rapid breathing appears in Womersley profile with which

it is more flatter than the parabolic case whereas the real profile has peak velocity at four

corners of the inlet. This is due to the higher Womersley number, which in turn means higher

pulsatility effects than normal breathing condition. Observation of CS1 cross-section shows

that the flow patterns remain closely the same as the inlet cross-section but are deflected

towards the posterior section of the geometry. As pointed out in normal breathing case,
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this deflection of the flow towards the posterior region is due to the effect of the change in

curvature of the geometry. Further downstream, at the cross-sections (CS2, CS3, and outlet),

comparing all cases of inlet velocity profile shows that real velocity is in good agreement with

parabolic and Womersley profile than with flat velocity profile. Further observation of CS2,

CS3 and outlet cross-sections, implied that the recirculation zone in parabolic and Womersley

profile resembles close to real velocity profile in comparison to flat velocity profile. The major

difference between the peak inspiratory time-point between the normal and rapid case is that

the parabolic and Womersley profile velocity profile at the inlet are different from each other

due to the higher Womersley number for the rapid case. In the distal part of the trachea

same observation as normal breathing is observed that is input velocity effect diminishes and

the flow is more dependent on the curvature in addition to the shape of the cross-section of

the trachea [9].

Figure 4.8: Velocity contour at time point t∗ = 0.5 corresponding to peak flow rate at five
different cross section in different cross sections for rapid breathing
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The velocity contours show that there are differences observed between the two-time

points corresponding to the acceleration and deceleration phase surrounding the peak in-

spiratory time-point as shown in Figure 4.9 and Figure 4.10. In the inlet cross-section, it

can be observed that there is an asymmetry in the inlet velocity profile for the Womersley

profile case due to rapid variations in time which was not observed in normal breathing

condition. Velocity contour at cross-section CS1 for all cases is more uniformly distributed

as in the initial inlet condition except the wall effect evident from slow moving fluid near

the wall because time-point at t∗ = 0.17 corresponds to t∗ = 0.17 in dimensional which is

very less. The time-point corresponding to t∗ = 0.83 during the deceleration phase shows

the secondary flow for CS2-outlet cross-sections are closer to the parabolic and Womersley

case when compared to the flat profile.

Figure 4.9: Velocity contour at time point t∗ = 0.17 corresponding to half of peak flow rate
at five different cross sections for rapid breathing
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Figure 4.10: Velocity contour at time point t∗ = 0.83 corresponding to half of peak flow rate
at five different cross sections for rapid breathing

4.3.2 Sagittal plane

This result section discusses the effect of different inlet velocity profiles on tracheal

velocity and vorticity contours in the sagittal plane for one patient-specific geometry (case

3). The vorticity magnitude is normalized by the inlet diameter and maximum domain

velocity for each inlet velocity profile, while the normalization of velocity is described in the

methods section. The sagittal plane provides a better look at how velocity and vorticity

contours change along the length of the trachea compared with the axial plane that shows

cross-sectional data. The peak flow was chosen to see the differences in the flow features in

the sagittal plane between the flat, parabolic, Womersley, and real inlet velocity profiles for

normal and rapid breathing cases.
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Normal breathing

Figure 4.11 and Figure 4.12 show the contours of velocity and vorticity magnitude in

the sagittal plane for four different inlet velocity profiles for normal breathing. From the

sagittal plane cross-section observed in the Figure 4.11, it can be seen that patient-specific

geometry narrows and then increases with the change in curvature along the length of the

trachea, leading to a large separation region. Based on the observation of the low velocity

separation region indicated by the blue color in the Figure 4.11 shows that the real velocity

profile closely resembles with parabolic and Womersley profile compare to flat profile for

normal case.

Vorticity is the curl of the velocity due to the velocity gradient and is defined as twice

of angular velocity. Vorticity is typically higher near the wall, which can be observed in the

Figure 4.12 and diffuse into the flow because of the viscosity. The high vorticity closer to

the wall influences the wall shear stress of the trachea which is the quantity of interest from

clinical perspective and application. The change of the patient-specific vessel cross-section

and curvature along the length causes the large vorticity region, which is elongated and

confined along the edge of the separated region as seen in Figure 4.12. It is evident from the

Figure 4.12 that parabolic and Womersley profile vorticity region near the wall is identical

and resembles more close to the real profile. But the flat profile has distinctively different

vorticity at the wall when compared to other velocity profile.
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Figure 4.11: Velocity contours plotted for a sagittal plane for normal breathing condition
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Figure 4.12: Contours of vorticity magnitude plotted in a sagittal plane normalized by the
inlet of the trachea diameter and maximum velocity in the domain for each inlet velocity
profile for normal breathing condition

Rapid breathing

Figure 4.13 and Figure 4.14 show the contours of velocity and vorticity magnitude in

the sagittal plane for four different inlet velocity profiles for rapid breathing. The separated

region is identified by a low-velocity region, indicated by a blue color in the Figure 4.13,

similar to the normal breathing condition in Figure 4.11. However, in rapid breathing con-

ditions, the separation region for the real profile is closer to the Womersley profile than the

parabolic profile. Similarly, when the separated region for the flat profile is compared to the

other veolcity profile, it is observed to be significantly different.

As the same patient-specific case is analyzed for rapid breathing conditions similar to

normal breathing, the flow passes through the reduction in cross-section with curvature

change which causes the separation of flow and high vorticity region. In contrast to normal

breathing conditions, the parabolic and Womersley profile shows a slightly different vorticity
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region for the rapid breathing condition that can be observed in the Figure 4.14. Womersley

profile vorticity region at the wall resembles close to real profile more than parabolic profile

for rapid breathing condition. Further comparison of the other three idealistic velocity

profiles shows that the flat profile has significantly different vorticity contours.

Figure 4.13: Velcoity contours plotted for a sagittal plane for rapid breathing condition

48



Figure 4.14: Contours of vorticity magnitude plotted in a sagittal plane normalized by the
inlet of the trachea diameter and maximum velocity in the domain for each inlet velocity
profile for rapid breathing condition

4.4 Effect of breathing frequencies

The second aim of this study was to identify the closest surrogate model for the patient-

specific simulation for normal and rapid breathing conditions. In this section, all the ten

patient cases were explored based on the TAWSS, OSI, and pressure drop behavior to study

these clinically relevant metrics. These metrics were evaluated and plotted in the bar graph

to compare the idealized profile results with real profiles for normal and rapid breathing

conditions.

4.4.1 Time-Averaged Wall Shear Stress (TAWSS)

The flow through the trachea showed that airflow did not move at the same velocity in

the whole cross-section of the geometry. The airflow in the trachea is faster in the central
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region and slower at the trachea wall. This observed phenomenon is due to the fluid friction

that is the viscosity between the fluid itself and the fluid with the wall. The tangential

force created due to the fluid friction is known as wall shear stress. This wall shear stress

was spatially as well as temporally averaged over the inhalation phase. In order to compare

patient case samples between different inlet velocity profiles, the TAWSS was normalized by

inlet velocity and diameter for each inlet profile. The normalized TAWSS is defined as

Normalized TAWSS (τ ∗) =
TAWSS

µ ui
Di

(4.1)

where ui is the average inlet velocity and Di is the inlet diameter.

Figure 4.15 and Figure 4.16 shows the comparison of the TAWSS for ten patient-specific

cases between each inlet velocity profile. It is observed from Figure 4.15 and Figure 4.16 that

the flat profile predicts higher TAWSS when compared to other inlet velocity profiles for all

the patient-specific cases for both normal and rapid breathing conditions. Also, the parabolic

and Womersley profile has very close prediction of TAWSS with real velocity profile for all

patient cases, which is evident in the Figure 4.15 and Figure 4.16. Table 4.3 and Table 4.4

shows the tabulated percentage difference , ETAWSS, between idealized inlet velocity profile

with real profile condition, which is calculated by using

ETAWSS =

(
|τ ∗ideal − τ ∗real|

τ ∗real

)
× 100% (4.2)

where τ ∗real is normalized TAWSS for real velocity profile and τ ∗ideal is normalized TAWSS

for idealized velocity profile (Parabolic, Womersley and Flat). The idealized inlet velocity

profile affects the calculation of TAWSS for normal breathing, on average, 8.65 ± 8.83%, 8.48

± 6.51% and 43.67 ± 15.84% for the parabolic, Womersley, and flat profiles, respectively.

Similarly, the TAWSS calculation is affected for rapid breathing conditions, on average,

8.71 ± 7.40%, 5.33 ± 7.79%, and 30.06 ± 20.99% for the parabolic, Womersley, and flat

profiles, respectively. A further observation of the average of the data shows that the absolute
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difference of ETAWSS between real vs. parabolic and real vs. Womersley for normal breathing

is 0.17 %, which is less than the 3.38 % difference for rapid breathing.

Figure 4.17 shows the box and whisker plot comparing three different idealized velocity

profiles with real profiles for normal and rapid breathing conditions for all the ten cases of

patient-specific geometry. No significant difference was observed between the real velocity

profile and the other three velocity profiles (p > 0.05). However, the mean difference between

the flat velocity profile with respect to parabolic, Womersley, and real velocity profile was

greatest. A similar observation was found in both the normal and rapid breathing cases. It

indicates that a flat profile provides a significant difference in the result while the parabolic

and Womersley profile is closer to the real velocity condition.

Table 4.3: TAWSS percentage difference evaluated for idealized inlet velocity profile com-
pared with real velocity profile in normal breathing condition

ETAWSS (%)

Cases Real vs. Parabolic Real vs. Womersley Real vs. Flat

Case 1 3.87 6.75 65.59
Case 2 0.85 3.21 23.52
Case 3 5.66 5.52 32.41
Case 4 17.42 15.57 66.90
Case 5 5.15 5.18 24.85
Case 6 6.39 5.74 52.33
Case 7 31.63 24.78 50.84
Case 8 7.11 9.45 28.00
Case 9 0.70 1.65 56.57
Case 10 7.75 6.95 35.64

Average 8.65 8.48 43.67
Standard Deviation 8.83 6.51 15.84
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Table 4.4: TAWSS percentage difference evaluated for idealized inlet velocity profile com-
pared with real velocity profile in rapid breathing condition.

ETAWSS (%)
Cases Real vs Parabolic Real vs Womersley Real vs Flat

Case 1 24.98 28.16 88.31
Case 2 9.22 1.08 26.10
Case 3 5.54 0.92 11.09
Case 4 20.16 6.72 39.16
Case 5 1.37 1.09 17.69
Case 6 4.46 2.36 21.32
Case 7 3.29 3.27 15.21
Case 8 4.38 1.81 20.12
Case 9 4.22 3.54 32.54
Case 10 9.57 4.29 29.09

Average 8.71 5.33 30.06
Standard Deviation 7.40 7.79 20.99

Figure 4.15: Bar graph of ten patient case simulations showing the comparison for TAWSS
resulting from the Parabolic, Womersley, Flat and Real velocity profiles for normal breathing
condition
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Figure 4.16: Bar graph of ten patient case simulations showing the comparison for TAWSS
resulting from the Parabolic, Womersley, Flat and Real velocity profiles for rapid breathing
condition

(a) (b)

Figure 4.17: Box and whisker plots for TAWSS resulting from the Parabolic, Womersley, Flat
and Real velocity profiles. + in each of the box and whisker plots of the TAWSS represents
the mean value of the data

4.4.2 Oscillatory Shear Index (OSI)

Evaluation of OSI implies that instantaneous WSS vectors fluctuate significantly with

the time-averaged TAWSS direction at the calculated point during the whole cycle of the
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inhalation phase. Therefore, OSI is introduced to account for the oscillatory flow distur-

bances that influence the flow field. A high value of OSI indicates the high flow complexity

where the flow has higher oscillatory flow disturbances. Figure 4.18 and Figure 4.19 shows

the comparison of the OSI for ten patient-specific cases between each inlet velocity profile.

It is observed from Figure 4.18 and Figure 4.19 that the flat profile predicts lower OSI when

compared to other inlet velocity profiles for all the patient-specific cases for both normal

and rapid breathing conditions. Also, the parabolic and Womersley profile has a very close

prediction of OSI with real velocity profile for all the patient cases, which is evident in the

Figure 4.15 and Figure 4.16. Table 4.5 and Table 4.6 shows the percentage difference, EOSI,

of OSI between idealized inlet velocity condition compared to real profile condition, which

is calculated by using

EOSI =

(
|OSIideal −OSIreal|

OSIreal

)
× 100% (4.3)

where OSIreal is Oscillatory shear index evaluated for real velocity profile and OSIideal

are oscillatory shear index evaluated for idealized velocity profile (Parabolic, Womersley, and

Flat). The idealized inlet velocity profile affects OSI calculations for normal breathing, on

average, 23.61 ± 18.03 %, 28.50 ± 25.25 %, and 42.87 ± 21.50% for the parabolic, Womersley,

and flat profiles, respectively. Similarly, the OSI calculation is affected by rapid breathing, on

average, 25.43± 13.71%, 18.40 ± 19.38 %, and 44.85 ± 16.70% for the parabolic, Womersley,

and flat profiles, respectively. A further observation of the data shows that the absolute

difference of the average OSI percentage difference between real vs. parabolic and real vs.

Womersley for normal breathing is 4.89 %, which is less than the 7.03 % difference for rapid

breathing.

Statistical analysis for OSI resulting from the four inlet velocity profiles were computed

for all the ten cases of the patient-specific geometry and summarized in the Figure 4.20 as

a box and whisker plots. No significant difference was observed between the real velocity

profile and the other three velocity profiles (p > 0.05). However, the mean difference between
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the flat velocity profile with respect to parabolic, Womersley, and real velocity profile was

greatest. A similar observation was found in both the normal and rapid breathing cases. It

indicates that a flat profile provides a significant difference in the result while the parabolic

and Womersley profile is closer to the real velocity condition.

Table 4.5: Percentage difference evaluated for OSI for idealized inlet velocity profile compared
with real velocity profile for normal breathing condition

EOSI (%)

Cases Real vs Parabolic Real vs Womersley Real vs Flat

Case 1 16.48 24.08 29.90
Case 2 1.06 5.97 26.81
Case 3 37.86 45.39 10.51
Case 4 12.50 7.49 33.11
Case 5 70.77 83.30 77.16
Case 6 23.12 62.12 52.15
Case 7 21.61 18.62 32.75
Case 8 20.86 21.17 83.12
Case 9 18.03 4.59 35.76
Case 10 13.77 12.22 47.46

Average 23.61 28.50 42.87
Standard Deviation 18.03 25.25 21.50

Table 4.6: Percentage difference evaluated for OSI for idealized inlet velocity profile compared
with real velocity profile for rapid breathing condition

EOSI (%)

Cases Real vs Parabolic Real vs Womersley Real vs Flat

Case 1 34.11 17.92 53.11
Case 2 36.63 2.13 56.47
Case 3 22.91 14.09 34.60
Case 4 27.18 5.45 42.29
Case 5 41.93 68.08 31.93
Case 6 44.33 3.15 61.89
Case 7 7.44 13.63 61.12
Case 8 13.17 30.13 37.11
Case 9 1.62 29.11 7.60
Case 10 25.01 0.24 62.33

Average 25.43 18.40 44.85
Standard Deviation 13.71 19.38 16.70
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Figure 4.18: Bar graph of ten patient case simulations showing the comparison for OSI
resulting from the Parabolic, Womersley, Flat, and Real velocity profiles for normal breathing
condition

Figure 4.19: Bar graph of ten patient case simulations showing the comparison for OSI
resulting from the Parabolic, Womersley, Flat and Real velocity profiles for rapid breathing
condition
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(a) (b)

Figure 4.20: Box and whisker plots for oscillatory shear index resulting from the Parabolic,
Womersley, Flat, and Real velocity profiles. + in each of the box and whisker plots of the
OSI represents the mean value of the data

4.4.3 Pressure drop behaviour

It is essential to understand the pressure drop behaviour as it is the driving force of

the breathing process. The ratio of pressure drop to the flow rate will give the resistance

of the flow. The higher resistance means the obstructive breathing and is the indication of

disease condition. Therefore, it is important to understand the behaviour of the pressure

drop due to the imposed boundary condition. Figure 4.21 and Figure 4.22 shows the bar

graph of pressure drop coefficient for all cases between the different inlet velocity profiles

for normal and rapid breathing conditions. It can be observed that pressure drop coefficient

between the real, Womersley and parabolic profile are almost similar for all the patient-

specific cases for both normal and rapid breathing condition. However, the CP due to flat

profile is greater and in most of the cases it is more than 100% of that observed in other

inlet velocity profiles. Therefore the use of flat profile will lead to significant deviation of

the results from real profile.
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Figure 4.21: Bar graph of pressure drop coefficient for normal breathing for all ten patient
cases

Figure 4.22: Bar graph of pressure drop coefficient for rapid breathing for all ten patient
cases
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4.5 Straight pipe simulation

The evaluation of percentage change for TAWSS (ETAWSS) for all patient cases showed

that ETAWSS varies from patient to patient. The patient-specific geometrical factors could

be responsible for the variations between the patient cases. The geometric variability of the

trachea is evident from variations in curvature and cross-sectional area along its length which

can be visually observed from the Figure 4.3. If observed closely, the patient cases are an

addition of complexity to the straight pipe with these geometrical factors like curvature and

cross-sectional variation along the length. Therefore, straight pipe simulation results can be

used as a reference to compare patient-to-patient case variation since each patient case is

unique in its geometric nature. Also, the idealized (flat, parabolic, and Womersley) profiles

used in this study are derived as the solution to the straight pipe, and the simulation results

are free from the effect of this geometric complexity. The simulation results are further

discussed in the next paragraph and compared with patient-specific cases.

The straight pipe geometry was constructed in SolidWorks® with a diameter of 14.36

mm and a length of 100.08 mm for the simulation, which falls in the range of tracheal ge-

ometry [38]. This simulation was carried out ANSYS FLUENT® under the same conditions

described in the methods section for patient-specific cases, with Reynolds number 2122 and

Womersley number 2.42 for normal and 4.81 for rapid conditions. The TAWSS was evaluated

and compared between the inlet velocity profile for both normal and rapid conditions, which

is plotted as the bar graph in the Figure 4.23. The comparison of the straight pipe result

with all patient cases for normal and rapid breathing is shown in the appendix section with

Figure A.1 and Figure A.2. The Equation 4.3 was evaluated to compare the TAWSS per-

centage difference between real velocity profile and the idealized profiles. This comparison

showed that the idealized inlet velocity profile affects the calculation of TAWSS for normal

breathing by 20.53%, 18.60%, and 93.60% for parabolic, Womersley, and flat profiles, re-

spectively. Similarly, the TAWSS calculation for rapid breathing conditions was affected by

23.76%, 8%, and 61.37% for the parabolic, Womersley, and flat profiles. In rapid breathing,
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the simulation result shows that Womersley profile better approximates the real profile with

only 8% ETAWSS difference. In contrast, in normal breathing, both the parabolic and Wom-

ersley profiles are good approximations of the real profile with 20.53% and 18.60% ETAWSS

difference. The patient cases shows small to large deviation of ETAWSS when compared with

straight pipe which is shown in Figure A.1 and Figure A.2 in appendix section. The reason

of this deviation is due to the patient-specific variability of the geometry. Therefore, an ide-

alized geometry with each geometrical factor can be constructed and studied to understand

the affect of patient-specific nature in the results.

Figure 4.23: Bar graph of straight pipe simulation showing the comparison for TAWSS
resulting from the Parabolic, Womersley, Flat, and Real velocity profiles for normal and
rapid breathing condition
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Chapter 5

Discussion

CFD has been used to study the flow dynamics of airflow through the airway structure

using clinically relevant metrics. However, simplified assumptions are used in the absence

of suitable boundary conditions, such as the flat, parabolic, and Womersley profile at the

tracheal inlet for patient-specific simulations. The use of an idealized inlet velocity profile

as a surrogate model is either due to the lack of patient-specific flow data or computational

limitations. This study analyzed the qualitative airflow characteristics, such as velocity and

vorticity contours in the axial and sagittal planes for one patient case to understand the

influence of inlet velocity profiles. Also, the quantitative analysis of pressure drop, TAWSS,

and OSI were conducted for ten patient cases to identify the closest surrogate model for

normal and rapid breathing conditions. The two main findings of this study are a) idealized

velocity profiles do affect the airflow characteristics compared to real velocity profiles with

flat profiles exhibiting the most profound differences, and b) the quantitative analysis shows

that both the Womersley profile and the parabolic profile provided the closest solutions

for normal breathing, while the Womersley profile provided the closest solutions for rapid

breathing. The following paragraph discusses these findings in more detail.

The first objective of this study is to assess the effect of real and idealized profiles on

the flow characteristic of the patient-specific trachea. Qualitative observation of the velocity

and vorticity contours in axial and sagittal planes showed the differences between the real

and idealized profiles for normal and rapid breathing conditions. The axial plane shows the

discrepancies in shape and sizes of spatial velocity peaks distribution in the cross-sections of

the trachea between the inlet profiles. In contrast, the sagittal plane provides flow charac-

teristics along the trachea length, clearly showing the discrepancy in the separation region
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between the inlet profiles. The flat profile shows distinct differences compared to parabolic,

Womersley, and real profiles in axial and sagittal directions. There are no spatial velocity

peaks on the flat profile, as seen in the inlet cross-section of Figure 4.5, which contributes to

its distinct differences from other idealized profiles. On the other hand, the fact that a similar

spatial velocity peak is present in real as well as parabolic and Womersley profiles, as seen

in the inlet cross-sections of Figure 4.5 and Figure 4.8, is the reason for the similarity of flow

characteristics. Flow patterns for the Womersley and parabolic profiles are similar because

both have an inlet velocity profile similar to the parabolic shape. However, differences in

velocity contours were observed in the rapid breathing condition between the parabolic and

Womersley profiles in axial and sagittal planes. Also, during the rapid breathing condition,

the flow contour was asymmetric for all three-time points evaluated but symmetric under

the normal breathing condition. The reason is due to the higher Womersley number in rapid

breathing.

The second objective of this study is to compare the inlet velocity profiles for normal

(f = 0.28Hz) and rapid (f = 1.06Hz) breathing in ten patient cases quantitatively. The

quantitative evaluation of the relative percentage difference between real and idealized pro-

files, for ETAWSS and EOSI, shows that the flat profile gives the largest relative percentage

difference compared to the parabolic and Womersley profile when averaged for all ten cases

for normal and rapid breathing. There is no velocity gradient for the flat profile, but the

parabolic and Womersley profiles have a certain velocity gradient that is directly propor-

tional to the WSS. This difference in velocity gradient explains the discrepancy between

flat profiles compared to parabolic and Womersley profiles. Furthermore, average ETAWSS

and EOSI for ten patient cases are similar for parabolic and Womersley in normal breathing,

which can be referred to from the Table 4.3 and Table 4.5. In contrast, for rapid breathing,

the average ETAWSS and EOSI for Womersley is less in comparison to parabolic and flat,

which can also be referred to from the Table 4.4 and Table 4.6. These observations are due

to the fact that a Womersley profile is flatter for the rapid breathing case than the normal
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breathing case. The Womersley number for rapid breathing for all the patient-specific cases

on an average is 4.82 ± 0.34 (mean ± SD), and for normal breathing, it is 2.42 ± 0.17

(mean ± SD) with a difference of 2.4. A high Womersley number indicates that the flow

is dominated by unsteady forces and the flow is more pulsating, resulting in a flat velocity

profile. Conversely, when the Womersley number is low, flow is less pulsating and dominated

by the viscous forces, resulting in the parabolic shape velocity profile [40].

Moreover, comparison of the co-efficient of pressure drop (Cp) between the inlet profiles

also showed that the pressure drop for the flat profile was significantly greater than the

parabolic, Womersley, and real profiles. The flatter profile has higher velocity gradient at

the wall. With an increased velocity gradient, the wall shear stress increases, causing an

increase in the pressure drop required to drive the flow. This observation is also true for

turbulent flows as the velocity profile is flatter due to its highly unsteady nature compared

to laminar flow, where the velocity profile is a parabolic shape since the viscous forces are

more dominant [19, 25].

Even if the TAWSS and OSI values are derived from the idealized profiles that are the

closest substitutes for the real profiles, such as the parabolic and Womersley profiles obtained

in this study, deviation from the real profile results is always evident as evidenced by prior

research work [80, 14]. In other words, an idealized velocity profile can never be a perfect

representation of a real profile, and there will always be some variation. Additionally, this

study uses the sinusoidal breathing flow rate to construct an idealized profile, instead of the

patient-specific breathing flow, which is another contributing factor to error in calculation

of TAWSS and OSI from actual values. The other error sources come from smoothing of

the geometry for meshing to removing of the artifacts (noise and staircases) in the CT scan

image. The smoothing of the geometry requires a continual examination of the shape and

curvature of the patient-specific geometry. Because of the unique nature of each patient case,

smoothing a large number of cases is a challenging process. Although the error is undesirable

for clinical application, it can be minimized by using the patient’s breathing waveform with
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careful segmentation and smoothing the geometry. This type of study where processing

medical imaging and integrating with CFD analysis for the derivation of flow field metrics

will help in understand the regional airflow dynamics through the trachea.

It should be noted that this study conducted airflow simulations for only two breathing

frequencies in a small cohort of patients. For a more generalizable result, the study should be

expanded to include a larger cohort, as well as higher breathing frequency ranges. Further-

more, this study has not investigated the influence of age factors in the current study since

the airway structure and breathing frequency changes with age [65]. Also, the Womersley

profile is the solution of the fully developed straight pipe flows that include the pulsatility

effects. However, the patient-specific model is not a straight pipe and has the variation in

structural features like cross-sectional area, change in the curvature, and the twisting which

will affect the pulsatility of the patient-specific trachea. Therefore, a geometrical transfor-

mation to the equivalent constant cross-section cylinder can be used to address the issue [11]

which is done for straight pipe simulation results section for one diameter and length. A

comparison of straight pipe results with patient cases shows that the variation of differences

in inlet velocity profiles across different patients is due to patient-specific nature. This differ-

ence is also backed by other studies in the literature, which justify the geometry as a greater

modulator of the flow properties [57, 14]. In the current study, the “reference standard” real

velocity profile is based on the experimental study conducted with the Magnetic Resonance

Velocimetry (MRV) technique referred from the previous study [37]. The idealized velocity

profile is constructed based upon the same flow waveform and compared with the real profile

used in the study. Even though the idealized profile is constructed based on the same flow

waveform and compared, a patient-specific breathing velocity profile containing secondary

flow structures at the inlet of the trachea will likely underestimate the difference between

the idealized velocity profile and the real profile.
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Chapter 6

Conclusion

Patient-specific simulation is one of the powerful tools which will help the clinician make

the necessary decision based on the prior analysis for the treatment of the patients. Simpli-

fying assumptions for inlet conditions must be made for the computational fluid dynamics

study of airflow through the trachea if the patient-specific real velocity profile is unknown.

In this study, three idealized velocity profiles most commonly used in the literature were

evaluated: parabolic, Womersley, and flat, to compare with real velocity profiles for normal

and rapid breathing conditions. The qualitative study was conducted to evaluate the ve-

locity and vorticity distribution in axial as well as in the sagittal plane between parabolic,

Womersley, and real profiles. In comparison to other idealized inlet velocity profiles, the flat

profile showed significantly different velocity and vorticity distributions in both planes with

the real profile. This study also looked into the effect of breathing frequency by quantitative

evaluation of pressure drop, TAWSS, and OSI for ten patient trachea cases to compare real

and idealistic velocity profiles to identify the closest surrogate model. An analysis of the sta-

tistical data showed no significant difference between real and idealistic profiles. However,

the differences in ETAWSS were evident in the individual patient cases from the bar graph of

the inlet velocity profile comparison for both normal and rapid breathing conditions. In an

evaluation using ETAWSS, the parabolic and Womersley profiles closely approximate the real

velocity profile under normal conditions, while under rapid breathing conditions, the Wom-

ersley profile approaches the real velocity profile more closely than the flat and parabolic

profiles. On the other hand, the flat profile provides maximum deviation from the real pro-

file. The study and comparison of straight pipe simulation results conducted to understand
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the patient-to-patient case variation showed that the deviation of patient case tracheal ge-

ometry from straight pipe significantly influences TAWSS. Therefore, the geometrical factor

must be considered while selecting the surrogate model close to the real profile. However,

we generally recommend using the Womersley profile in rapid breathing conditions and the

parabolic or Womersley profile in normal breathing conditions. Furthermore, if a tentative

assessment of the flow field is needed, we recommend the parabolic profile as it is easier to

reproduce than the Womersley profile due to mathematical complexity [36].
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Chapter 7

Future work

1. During the exhalation phase, the inlet and outlet boundary condition changes their

location with respect to the inhalation phase. Only the inhalation phase is included in

the present simulation, but a complete simulation of the breathing cycle would be more

appropriate to better understand the true dynamics of the airflow. A continuation of

the work would be to analyze the boundary condition influence during a complete cycle

of breathing.

2. As a continuation of this computational study, the next step would be to implement the

curvature of the upper airway from the mouth to the end of the vocal cord from where

the trachea starts. This portion forms the circular arc due to the curvature, which will

induce the secondary flow that superimposes in the primary flow. The curvature is

the reason for the lateral instability, which results in a secondary cross-sectional flow

field, also known as Dean flow [20, 21], and can be characterized by counter-rotating

vortices. This addition of secondary flow structure in the inlet condition will change

the inlet velocity profile, resulting in the change of airflow characteristics.

3. This study used the sinusoidal-based breathing profile for the inhalation phase, which is

not the case in the actual breathing flow rate. A continuation of the study incorporating

a realistic breathing flow rate provided by medical information will be a more realistic

representation of the data.

4. During the inhalation and exhalation phase of breathing, the trachea expands, con-

tracts, and lengthens, which causes interaction between the wall and airflow. As a
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result of this complex interaction between structure and fluid, the flow simulation re-

sults are different from what they would be if the wall were assumed to be rigid. The

current simulation does not consider fluid-structure interactions, and including it will

provide new insights into flow physics.
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Appendix A

Figures

Figure A.1: Comparison of bar graph between straight pipe and patient cases simulation
showing TAWSS resulting from the Parabolic, Womersley, Flat, and Real velocity profiles
for normal breathing condition
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Figure A.2: Comparison of bar graph between straight pipe and patient cases simulation
showing TAWSS resulting from the Parabolic, Womersley, Flat, and Real velocity profiles
for rapid breathing condition
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Figure A.3: Velocity contour plot at the inlet of the trachea for normal breathing condition
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Figure A.4: Velocity contour plot at the inlet of the trachea for rapid breathing condition
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Appendix B

Inlet velocity profile MATLAB® code

The MATLAB® code was use to construct the Womersley velocity profile and real

velocity profile which was then implemented in ANSYS Fluent® as an inlet velocity profile

using a User defined function (UDF).

B.1 Real velocity profile

1 clc

2 clear all

3 clear variables

4 %%Reading velocity of each phase from the data

5 Phases dataname = { ...

'Phase0.csv','Phase1.csv','Phase2.csv','Phase3.csv', 'Phase4.csv', ...

'Phase5.csv' , 'Phase6.csv'}

6 message input = 'chagne below input path for each case'

7 viscosityscaling = 15.083

8 vesselType = 'inlet'

9 currentFol = pwd

10 inDir1 = fullfile(currentFol,'Input File Normal')

11 message output = 'chagne below output path for each case'

12 OutDir = fullfile(currentFol)

13 facecoords = strcat(currentFol,'/inlet face coords.dat')

14 count = 0

15 while exist(facecoords) == 0

16 count = count + 1

17 end
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18 facecoords = strcat(currentFol,'/inlet face coords.dat')

19 cfdVessel = readFluentCoords(facecoords)

20 cfdVessel.Name = vesselType

21 a R = cfdVessel.Radius

22 v peak = 364e−6 / cfdVessel.Area

23 Area Ratio = (17.1*10ˆ−3) / (2*a R)

24 % for loop to check the mean of the datasets

25 for p = 1:7

26 % clearvars −except inDir1 Phases dataname phases

27 Data interpolated(:,:,p) = csvread(fullfile(inDir1,Phases dataname{p}))

28 mean check(p) = mean(Data interpolated(:,:,p),'all')

29 Data final(:,:,p) = viscosityscaling * Data interpolated(:,:,p)

30 mean check final(p) = mean(Data final(:,:,p),'all')

31 end

32 for phases = 1 : 7

33 % clearvars −except inDir1 Phases dataname phases outDir phase1 phase2 ...

phase3 phase4 phase5 phase6

34 data phase1 = csvread(fullfile(inDir1,Phases dataname{phases}))

35 data phase1 = csvread(fullfile(inDir1,Phases dataname{phases}))....

36 *viscosityscaling*Area Ratio*1.16

37 table data = readtable(fullfile(currentFol,'inlet face coords.dat'))

38 Coordinate values = table2array(table data)

39 Index coordinates = Coordinate values(:,1)

40 X coord values = Coordinate values(:,2)

41 Y coord values = Coordinate values(:,3)

42 Z coord values = Coordinate values(:,4)

43 map a = sortrows(X coord values)

44 map b = sortrows(Y coord values)

45 map a(:,2) = [1:length(X coord values)]

46 map b(:,2) = [1:length(X coord values)]

47 data length = length(X coord values)

48 for i = 1:length(X coord values)

49 for j = 1:length(X coord values)
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50 if ( Y coord values(i) == map b(j,1))

51 h(i,:) = map b(j,2)

52 end

53 if ( X coord values(i) == map a(j,1))

54 k(i,:) = map a(j,2)

55 end

56 end

57 end

58 minimum y = min(Y coord values)

59 maximum y = max(Y coord values)

60 minimum x = min(X coord values)

61 maximum x = max(X coord values)

62 % % Number of coordinates is 31

63 x = linspace(minimum x,maximum x,30)

64 y = linspace(minimum y,maximum y,31)

65 [X,Y] = meshgrid(x,y)

66 % Increased the number of points to 2191 coordinate

67 xq = linspace(minimum x,maximum x,length(X coord values))

68 yq = linspace(minimum y,maximum y,length(X coord values))

69 [Xq,Yq] = meshgrid(xq,yq)

70 vq = interp2(X,Y,data phase1,Xq,Yq,'cubic')

71 %velocity mapping to coordinates

72 for j = 1:data length

73 v cfd(j,:) = vq(h(j),k(j))

74 end

75 if phases == 1

76 phase0 = v cfd

77 elseif phases == 2

78 phase1 = v cfd

79 elseif phases == 3

80 phase2 = v cfd

81 elseif phases == 4

82 phase3 = v cfd
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83 elseif phases == 5

84 phase4 = v cfd

85 elseif phases == 6

86 phase5 = v cfd

87 elseif phases == 7

88 phase6 = v cfd

89 end

90 end

91 filename save = 'mappedforallpahses.xlsx'

92 filetosave = fullfile(OutDir,filename save)

93 T = table(phase0,phase1,phase2,phase3,phase4,phase5,phase6)

94 T.Properties.VariableNames = {'Phase0','Phase1','Phase2', 'Phase3', ...

'Phase4', 'Phase5','Phase6'}

95 writetable(T,filetosave,'writeVariableNames',true)

96 mappedforallphases = table2array(T)

97 % Function to develop real velocity profile

98 [inlet real Profile] = ...

Real velocity profile 2(mappedforallphases,Coordinate values)

99 % write to the specific file or case that you want to save

100 % patient case and curved, normal or extension

101 filename = fullfile(OutDir,'inlet real Profile.csv')

102 csvwrite(filename,inlet real Profile)

1 function[inlet real Profile] = ...

Real velocity profile 2(mappedforallphases,Coordinate values)

2 % % Reading coordinate to make real velocity profile

3 Index coordinates = Coordinate values(:,1);

4 X coord values = Coordinate values(:,2);

5 Y coord values = Coordinate values(:,3);

6 Z coord values = Coordinate values(:,4);

7 length data = length(X coord values);
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8 % % No need to chage anything

9 inlet real Profile = [−1;−1;−1;−1]

10 noofphases = 7;

11 inlet real Profile(1,2:length data+1) = Index coordinates;

12 inlet real Profile(2,2:length data+1) = X coord values;

13 inlet real Profile(3,2:length data+1) = Y coord values;

14 inlet real Profile(4,2:length data+1) = Z coord values;

15 % % % % canges with the change in coordinate values all cases

16 phasedatavalues = mappedforallphases;

17 phasedatavalues = phasedatavalues'

18 % % % % average of the each time point velocity profile

19 for j = 1 : noofphases

20 Averagevel(j,:) = mean(phasedatavalues(j,1:length(phasedatavalues)));

21 end

22 Ti = 1.8;

23 ftime = [0, 0.1324, 0.4724, 0.8124, 1.1524, 1.4924, 1.8]

24 ftimeq = [linspace(0,1.8,128)]'

25 for i = 1 : length(phasedatavalues)

26 phasedatavaluesq(1:127,i) = ...

interp1(ftime,phasedatavalues(1:noofphases,i),ftimeq(1:127),'spline');

27 end

28 for j = 1 : 127

29 Averagevelq(j,:) = mean(phasedatavaluesq(j,1:length(phasedatavalues)));

30 end

31 plot(ftime,Averagevel,'o',ftimeq(1:127),Averagevelq,':.');

32 title('spline Interpolation for velocity with time')

33 inlet real Profile(5:131,1)= ftimeq(1:127);

34 inlet real Profile(5:131,2:length(phasedatavalues)+1) = phasedatavaluesq;

35 % % % % % % % % % % % % % % % % %

1 clc
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2 clear all

3 clear variables

4 %%Reading velocity of each phase from the data

5 Phases dataname = { 'Phase1.csv','Phase2.csv','Phase3.csv', ...

'Phase4.csv', 'Phase5.csv'};

6 inDir1 = 'C:\Users\Data paper sahar jalal\Interpolated phase water x=75'

7 OutDir = ...

'C:\Users\Data paper sahar jalal\Normals withAreaScaling final\3 16032X'

8 for phases = 1:5

9 % % clearvars −except inDir1 Phases dataname phases outDir phase1 ...

phase2 phase3 phase4 phase5 phase6;

10 Data interpolated(:,:,phases) = ...

xlsread(fullfile(inDir1,Phases dataname{phases}));

11 mean check(phases) = mean(Data interpolated(:,:,phases),'all')

12 viscosityscaling = 15.083;

13 diameter experiment model = 17.1;

14 diameter patient specific model = 16.67; %depends on patient data

15 diameterscaling = 17.1/16.68;

16 Data final(:,:,phases) = ...

viscosityscaling*diameterscaling*Data interpolated(:,:,phases);

17 writematrix(Data final(:,:,phases),fullfile(OutDir,Phases dataname{phases}))

18 mean check final(phases) = mean(Data final(:,:,phases),'all')

19 end

20 h3 = Data final(:,:,3

1 function vessel = readFluentCoords(filename)

2 fh = fopen(filename);

3 header = fgetl(fh);

4 areaLine = fgetl(fh);

5 [¬,vesselArea] = strtok(areaLine,':');

6 vesselArea = str2double(vesselArea(3:end));
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7 vR = sqrt(vesselArea/pi());

8 line = fgetl(fh);

9 count = 1;

10 while ischar(line) && ¬strcmp(line,'\n')

11 [id,rest] = strtok(line);

12 ids(count,1) = str2double(id);

13 [xcoord,rest] = strtok(rest);

14 coords(count,1) = str2double(xcoord);

15 [ycoord,rest] = strtok(rest);

16 coords(count,2) = str2double(ycoord);

17 [zcoord,rest] = strtok(rest);

18 coords(count,3) = str2double(zcoord);

19 [fArea, ¬] = strtok(rest);

20 faceAreas(count,1) = str2double(fArea);

21 line = fgetl(fh);

22 count = count + 1;

23 end

24 fclose(fh);

25 xx = coords(:,1);

26 yy = coords(:,2);

27 zz = coords(:,3);

28 len ids = length(ids)

29 ids = [ 0 : 1 : len ids−1]'

30 vessel = VesselFace(xx,yy,zz,ids,faceAreas,vesselArea);

31 end

1 classdef VesselFace

2 properties

3 Name

4 X

5 Y
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6 Z

7 ID

8 FaceAreas

9 Area

10 Radius

11 Origin

12 NumFaces

13 Normal

14 end

15 methods

16 function obj = VesselFace(x,y,z,id,fAreas,area,name)

17 if nargin == 3

18 obj.X = x;

19 obj.Y = y;

20 obj.Z = z;

21 obj.Origin = obj.GetOrigin(x,y,z);

22 obj.NumFaces = obj.GetFaceCount(x);

23 obj.Normal = obj.GetNormal(x,y,z);

24 elseif nargin == 6

25 obj.X = x;

26 obj.Y = y;

27 obj.Z = z;

28 obj.ID = id;

29 obj.FaceAreas = fAreas;

30 obj.Area = area;

31 obj.Radius = obj.GetRadius(area);

32 obj.Origin = obj.GetOrigin(x,y,z);

33 obj.NumFaces = obj.GetFaceCount(x);

34 obj.Normal = obj.GetNormal(x,y,z);

35 elseif nargin == 7

36 obj.X = x;

37 obj.Y = y;

38 obj.Z = z;
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39 obj.ID = id;

40 obj.FaceAreas = fAreas;

41 obj.Area = area;

42 obj.Name = name;

43 obj.Radius = obj.GetRadius(area);

44 obj.Origin = obj.GetOrigin(x,y,z);

45 obj.NumFaces = obj.GetFaceCount(x);

46 obj.Normal = obj.GetNormal(x,y,z);

47 end

48 end

49 function radius = GetRadius(¬,area)

50 radius = sqrt(area/pi);

51 end

52 function origin = GetOrigin(¬,x,y,z)

53 origin = [mean(x);mean(y);mean(z)];

54 end

55 function plot(obj)

56 scatter3(obj.X,obj.Y,obj.Z,'b');

57 end

58 function num = GetFaceCount(¬,coords)

59 num = length(coords);

60 end

61 function normVec = GetNormal(obj,x,y,z)

62 p1 = [x(1);y(1);z(1)];

63 p2 = [x(round(obj.NumFaces/2));

64 y(round(obj.NumFaces/2));

65 z(round(obj.NumFaces/2))];

66 p3 = [x(end);y(end);z(end)];

67 count = 4;

68 while dot(p2−p1,p3−p1) == 0 && count < obj.NumFaces

69 p3 = [x(count);y(count);z(count)];

70 count = count + 1;

71 end
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72 normVec = cross(p2−p1,p3−p1)/norm(cross(p2−p1,p3−p1));

73 end

74 end

75 end

B.2 Womersley velocity profile

1 clc;

2 clear all;

3 %% User Define Variables Here

4 caseFoldername = 'Normal Womersley';

5 vesselType = 'inlet';

6 intnum = 128;

7 fileType = '.xls';

8 TB = 3.6 ; % Time period for normal and rapid breathing conditions

9 %%(normal−3.6s or rapid−0.92s)

10 ftime true = 0:0.1:(TB/2);

11 currentFol = pwd;

12 facecoords = strcat(currentFol,'/inlet face coords.dat');

13 count = 0

14 while exist(facecoords) == 0

15 count = count + 1

16 end

17 facecoords = strcat(currentFol,'/inlet face coords.dat');

18 kmu = 1.52*10ˆ−5; % dynamic viscosity/density and unit is in mˆ2/s

19 %% Read Segment Output

20 f = ftime true;

21 ftime = f';

22 ftimei = linspace(ftime(1),ftime(end),intnum)';

23 Qmax = 364e−6;%input('maximum flow rate for wo 3 − 364e−6 and wo 6 − ...

360e−6? \n');
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24 %max volume flow rate whihc is also B1

25 vfr = Qmax * sin ((2*pi()/TB)*ftime);

26 nd = length(ftime true);

27 %% Read Fluent Coordinates, IDs, and Initialize cfdVessel Object

28 cfdVessel = readFluentCoords(facecoords);

29 cfdVessel.Name = vesselType;

30 a R = cfdVessel.Radius; %input('Radius of the geometry? \n');

31 %% Womersley Specific Variables

32 alpha w = a R*sqrt(2*pi()/TB/kmu); % Womersley number %change Radius ...

for each patient data

33 B1 = Qmax;

34 vfr poly(:,1) = interp1(ftime,vfr,ftimei,'spline');

35 %% Get Womersley Profile

36 w arr = getWProfile(cfdVessel,B1,kmu,intnum,ftimei,TB);

37 w prof = VelocityProfile(ftimei,w arr,'Womersley');

38 %% Write Womersley Profile

39 csvwrite(sprintf('./%s Womersley Profile.csv',cfdVessel.Name),[[−1 ...

cfdVessel.ID']; [−1 cfdVessel.X']; [−1 cfdVessel.Y']; [−1 ...

cfdVessel.Z']; w prof.Timepoints(1:end−1), w prof.Profile(1:end−1,:)]);

40 disp('Womersley Profile written.');

1

2 function w arr = getWProfile(vessel,B1,kmu,intnum,ftimei,TB)

3 a omega = 2*pi()/TB; % fundamental frequency

4 w arr = zeros(intnum,vessel.NumFaces);

5 for t = 1:intnum

6 for i = 1:vessel.NumFaces

7 faceDist = sqrt((vessel.X(i)−vessel.Origin(1))ˆ2 + ...

(vessel.Y(i)−vessel.Origin(2))ˆ2 + (vessel.Z(i)−vessel.Origin(3))ˆ2);

8 % calculate distance of each face from origin

9 if(faceDist > vessel.Radius)
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10 w vel = 0;

11 else

12 ii = sqrt(−1);

13 nn = 1

14 alpha n = vessel.Radius*(sqrt(nn*a omega/kmu));

15 J0 1 = besselj(0,alpha n*faceDist/vessel.Radius*iiˆ1.5);

16 J0 2 = besselj(0,alpha n*iiˆ1.5);

17 J1 = besselj(1,alpha n*iiˆ1.5);

18 w vel = (−ii * B1/(pi()*vessel.Radiusˆ2)) * ...

((1−J0 1/J0 2)/(1−2*J1/(alpha n*iiˆ1.5*J0 2))) * ...

exp(ii*nn*a omega*ftimei(t));

19 end

20 w arr(t,i) = real(w vel);

21 end

22 display(t);

23 end

24 end
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