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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 
Re� 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 
Re� SST model with k � ! SST model is that there

are two other transport equations: one for, 
, 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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