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EPIGRAPH

A dream doesn’t become reality
through magic; it takes sweat,

determination and hard work.

—Colin Powell

Learn from yesterday, live for today,
hope for tomorrow.
The important thing is not to stop questioning.

—Albert Einstein

In order to succeed, your desire
for success should be greater
than your fear of failure.

—Bill Cosby
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DISSERTATION ABSTRACT

Aerosol Deposition in Healthy and Emphysematous Rat Lungs:
Insights From MRI Measurements and Computational Simulations

by

Jessica M. Oakes
Doctor of Philosophy in Engineering Sciences (Mechanical Engineering)
University of California, San Diego, 2013

Alison L. Marsden, Co-Chair
Chantal Darquenne, Co-Chair

Understanding the fate of inhaled aerosol particles in healthy and diseased
lungs may help in assessing the toxic health effects of airborne particulate matter
or the efficiency of therapeutic drugs delivered through the lung. This disserta-
tion focused on determining aerosol particle deposition patterns in healthy and
emphysematous rats lungs by utilizing experimental and numerical methods. In
the experimental part of the study, both airway morphometry and deposition pat-
terns were determined by MRI. In the morphometry study, healthy rat lungs were
imaged in vivo. Airway geometries were extracted from the MR images and the

morphometric dimensions were validated against previous studies. In the aerosol
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deposition study, healthy and emphysematous rats were exposed by mechanical
ventilation to iron-oxide particles with 1.22um mass mean aerodynamic diameter
(MMAD). The lungs were imaged with a MR gradient echo sequence and the signal
decay rate, R3, was calculated from the signal intensity images. Data showed a
significantly higher Rj in the rats exposed to particles than in the control rats (no
aerosol exposure) both for the healthy and emphysematous groups. A calibration
experiment showed that concentration of deposited particles in tissue samples was
linearly related to Rj. Particle concentration and relative dispersion of particle
deposition sites in all lung lobes tended to be higher in the emphysematous rats
compared to the healthy rats.

To further study particle deposition sites in the rat lungs, multi-scale com-
putational fluid dynamics (CFD) simulations were performed. The global resis-
tance and compliance of the rat lungs were determined by solving a global resis-
tance/compliance (RC) model. This same RC model was then employed as Neu-
mann boundary conditions in the 0D-3D simulations. Deposition and distribution
of particles to the rat lobes was determined for particles with the same diameter as
those used in the experiments. Simulations were performed representing healthy;,
homogeneous and localized emphysema. Emphysema location was determined by
utilizing findings from the experimental data. Deposition in the 3D model was
higher in the emphysematous cases compared to the healthy cases. Additionally,
there was an increase in delivery of particle-laden air to the diseased regions of the
lung, compared to the healthy regions. Good agreement was found when compar-
ing the simulated normalized delivery of particles to each lobe to the normalized
experimental deposition data. This work is the first to compare deposition sites
found numerically and experimentally in both healthy and emphysematous lungs.
In future studies, the multi-scale CFD models developed here may be advanced to

include particle tracking downstream of the 3D model.
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Chapter 1

Introduction

1.1 Lung Physiology

The respiratory system’s main function is to perform gas exchange. In
respiration, venous blood is pumped into the pulmonary capillaries by the right
ventricle where oxygen is absorbed by the blood and carbon dioxide is exchanged
with the inhaled air, the oxygenated blood is then delivered to the rest of the
body. The carbon dioxide rich air is exhaled out of the body. Besides gas ex-
change, the lung metabolizes compounds, acts as the first line of defense against
inhaled pathogens, and produces airflow for speech. The pulmonary airways may
be characterized into three sections: (1) the upper respiratory airways, (2) the
conducting zone and the (3) acinus, or respiratory zone (see Figure 1.1). The up-
per airways include the mouth/nose, as well as the throat and larynx. The airflow
in the upper airways is turbulent or transitional, which is mainly caused by the
decreased cross sectional area of the larynx, and is often described as the laryngeal
jet. This turbulence continues in the conducting airways and then dissipates after
a few airway generations. Once the airflow reaches the respiratory zone, the flow
is moving very slowly with Reynolds numbers approximately equal to one.

Respiration is driven by a pressure gradient between the respiratory zone
and the mouth, caused by the downward movement of the diaphragm. During in-
spiration, the negative pressure, relative to atmosphere, draws oxygen-rich air into

the lungs until the pressure within the alveolar region is equal to the atmospheric



pressure. During quiet normal breathing, expiration is caused by a passive relax-
ation of the diaphragm. The pressure versus volume relationship during inflation
and deflation is not equal (i.e. the volume for a given pressure is greater during

exhalation).
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Figure 1.1: Schematic of the human respiratory system and cast of human air-

ways. Figure from Kleinstreuer et al. 2010 [36]

1.2 Particle Deposition in the Lung

Inhaled small particles have the potential to systematically enter the body
after they deposit on the lung surface. Once deposited, these particles may either
be cleared from the lungs by mucociliary clearance or by macrophage uptake.
Particles that are not cleared from the lung may enter the blood stream through
the capillaries in the lung septa. While only a small percentage of inhaled particles
enters the body, there has been a significant amount of research dedicated to
understanding the mechanisms of deposition. These studies are motivated by the
potential to reduce exposure to toxic ariborne particulates or to develop efficient
and cost effective inhalable aerosol medications.

The region of the lung where deposition occurs is influenced by the deposi-



tion mechanism as well as influenced by the geometry of the airways, the breathing
pattern, disease presence and the particle’s properties. Particles are typically clas-

sified based on their mass median aerodynamics diameter (MMAD). The MMAD

is defined as:

[’p
Ape = dgy | — 1.1
I PoX (1)

where d,, is the geometric diameter of the particle, p, is the density of the particle,
po is the density of water, and y is the shape parameter. In humans, particles with
a MMAD less than 5 pum have the potential to deposition on the lung wall [11],
while particles with MMAD greater than 5um are more likely to deposit in the
upper respiratory tract. Figure 1.2 shows the size and terminology classification
of several airborne particulates.
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Figure 1.2: Size classification of common airborne particles. Figure from Hinds

1999 [32]

The main mechanisms of particle deposition in the lung, for spherical par-

ticles that are not in the presence of magnetic or electrostatic forces, are: inertial



impaction, gravitational sedimentation, and brownian diffusion. Figure 1.3 shows
a cartoon of the three deposition mechanisms. While the transport of particles in
a flow field can be modeled by summation of forces (see Section 2.3.1), the proba-
bility of a particle to deposit based on the three above deposition mechanisms may

be determined from non-dimensional parameters.
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Figure 1.3: Schematic of the deposition mechanisms (inertial impaction, gravita-

tional sedimentation, and diffusion) in the respiratory tract.

The impaction of particles due to inertial forces occurs when a particle
momentum causes the particle not to follow the flow field when the flow changes
direction. Inertial impaction mainly occurs at bifurcation areas, where a particle
may continue in its original direction and impact on the surface of the bifurcation,
while the carrier gas moves along the bifurcation. The likelihood of a particle to

deposit due to inertial impaction is dependent on the particle’s Stokes number.

p (1.2)

where p, is the particle density, d, is the particle diameter, p is the carrier gas

viscosity, d is the diameter of the airway, and U is the carrier gas speed. Recently,



it has been shown that particles with a Stoke’s number < 0.01 are likely to follow
the flow field and not deposit due to inertial impaction [18]. The chance of a

particle to deposit due to gravitational sedimentation is given by

3ViL
€ =
8alU
where U is the mean speed of the carrier gas, L is the length of the airway, a is the

(1.3)

particle radius and Vj is defined as

mg

Vs = 14
6 pr (14)

where g is gravity, m is the mass of the particle and r is the radius of the airway. The
larger € is, the greater the probability for a particle to deposit due to gravitational
sedimentation. Sedimentation of particles in the lung mainly occurs in the small
airways, as the flow decreases the further in the lung it goes, therefore giving a
particle the chance to sediment. Small particles that reach the acinus region of
the lung are likely to deposit due to Brownian Diffusion. The rate of diffusion of
particles is proportional to the particle’s Brownian diffusion coefficient:
ckT

D = 1.5
37 pd, (15)

where ¢ is the Cunningham correction factor for small particles, T is the
carrier gas temperature, k is Boltzmann’s constant.

While the above non-dimensional relationships include other parameters
besides particle diameter, the main determinant of deposition is the particle size.
In humans it is well known that particles with diameters greater than 5 um are
most likely to deposit due to inertial impaction, particles with diameters between
0.5 and 5 um will probably deposit due to gravitational sedimentation and particles

with diameters less than 0.5 pm are apt to deposit due to diffusion [17].

1.3 Emphysema

Emphysema, a chronic obstructive pulmonary disease, is characterized by

alveolar wall destruction, air space enlargement, loss of alveolar surface area [67],



and a decrease in small airway diameter. In the United States 3.7 million peo-
ple [1] have been diagnosed with this irreversible disease. Emphysema can either
be caused by inhalation of toxic particles over a long period of time, or can be
caused by an «j-deficiency in elderly patients. The study of particulate behav-
ior in this susceptible population is important because over time emphysema is
worsened or aggravated by continued inhalation of toxic particles. Deposition in
emphysematous lungs has been previously studied in human patients [9], animal
models [64], in vitro models [54], empirical models [63] and numerical models [30],
however several questions are still left unanswered. For example, Sweeney et al. [64]
found a decrease in particle deposition in the periphery and an increase in depo-
sition in the central airways for a hamster model exposed to 0.46 pm diameter
particles, while Brand et al. [9] found increased deposition in human patients for
particles with a diameter of 4 ym. Empirical [59, 63] and experimental replica
models [54] have supported the findings of decreased deposition in emphysema. In
a separate human study, it was found deposition was 50 percent higher in COPD
patients compared to healthy subjects [8], however the authors hypothesized that
this increase was due to the increase in airway resistance in bronchitis, rather than
the changes that occur in emphysema. Consequently, deposition in emphysema is

not fully understood and and therefore is a current important area of research.

1.4 Imaging the Lung: State of the Art

1.4.1 Ventilation

Even though the ventilation distribution in the lung has been studied for
many years [34], there are still many challenges that need to be addressed. Unlike
blood flow, unaltered inhaled air cannot be directly measured with ultrasound,
CT or MRI. Instead, carrier particles or gases must be used. Carrier particles
are typically radioactive particles [34] and therefore may pose significant healthy
risks. Gases that have "free” protons, and therefore can be imaged with MR,
are expensive [12; 22, 40, 52] or requires special equipment. Figure 1.4B shows

a ventilation MR image of an asthmatic human lung, where areas of ventilation



deficiency may be clearly seen. Recently, a new method that uses O, has been
employed to study ventilation distribution in the human lung [56] (see Figure
1.4A), which has the benefit of not being a rare gas and not requiring additional
MR equipment. The healthy ventilation image (see Figure 1.4A) clearly shows that
the dependent lung (the bottom half of the lung) has higher specific ventilation
than the top part of the image. This is because the gravity dependent region of
the lung expands more during inspiration than the non-gravity dependent regions.
However, this oxygen enhanced MRI method [56] has yet to be applied to study

ventilation in 3D or the influence of disease on ventilation distribution.

Figure 1.4: Ventilation images derived from MR for healthy (panel A) and asth-
matic patients. Red values indicate areas of high ventilation and blue areas of low

ventilation. Panel A: from Sa et al. [56] and Panel B from Campana et al. [12].

Emphysema

Ventilation and the apparent diffusion coefficient (ADC) has been measured
with MRI in both healthy and emphysematous human patients [35, 74] (see Figure
1.5) and in rodents [23, 40, 66] . These maps show areas of the lung where the
disease has caused dead spaces and destructed tissues, or areas that are not being
well ventilated with new air. They also show that the ADC is greater in emphy-

sematous lungs, compared to healthy lungs. Even though these types of maps



provide spatial information on the disease, the sensitivity of such measurements

and their potential for clinical application is still unknown.

Figure 1.5: Diffusion maps for stage 2 (panel C), and stage 4 (panel D) chronic
obstructive pulmonary disease (COPD) [35] and for control (panel A) and emphy-
sema lung (panel B) [74]. Panels A and B, red values indicate low diffusion and
blue values represent high diffusion and figures are from Kirby et al [35] and panels
C and D, red values are low diffusion and yellow values are high diffusion, figures

are from Woods et al. [74].

1.4.2 Particle Deposition
Radionuclide Imaging Techniques

Imaging methods, such as gamma scintigraphy [7, 10, 69, 80], PET [24]
and SPECT [25, 37], are often employed to study aerosol deposition and clear-
ance. Gamma scintigraphy and SPECT both image radiolabeled particles (typ-

ically %™Tc ), whereas PET uses positron-emitting radionuclides that may be



attached directly to the drug molecule. While gamma scintigraphy is the most
widely used technique, it is limited as data can only be viewed in two dimensions.
Also, the 2D nature of the images complicates the analysis of the left lung be-
cause of overlapping activity from the stomach. These limitations disappear with
SPECT, as it provides 3D images of aerosol deposition, however the analysis of
deposition data is more complex than that for data obtained by gamma scintigra-
phy. PET provides greater image resolution than gamma scintigraphy or SPECT,
however PET scanners are currently not widely available. Furthermore, attaching
the radionuclides to the drug molecule is expensive and half-lives of the radiotrac-
ers are rather short. In order to relate the deposition maps to anatomy, all three
imaging modalities require additional CT imaging.

Several studies have used radionuclide imaging to study aerosol deposition
in healthy [4, 37] and diseased rodents [64, 75]. Using scintillation counting on small
lung sections, Asgharian et al. [4] measured total deposition in rats following nose-
only exposure to * FeCls particles with acrodynamic diameters ranging from 0.9 to
4.2 ym. They found that total lung deposition was less than 10 % for most particles
sizes except for the 3.5 pum diameter particles, where deposition was about 15 %.
Wu et al. [75] used SPECT/CT imaging to determine clearance rates in a guinea
pig model of COPD. They exposed [*™Tc]DTPA particles (particle size not given)
to control and cigarette-exposed guinea pigs and found that the clearance rate
was higher in cigarette-exposed animals than in controls. Also using SPECT/CT
imaging, Kuehl et al. [37] determined regional deposition in healthy rats and mice
exposed to four sets of polydispersed particles with MMAD of 0.5, 1.0, 3.0 and
5.0 pm. Particle deposition in the lung increased with decreasing particle sizes,
whereas the deposition in the oral/nasal area increased with increasing particle
sizes. Using an in-house onion model, Kuehl et al. [37] also showed that deposition

increased as the distance from the center of mass of the lung increased.

MRI Techniques: Advantages and Limitations

While there have been several MRI particle deposition studies in rodents

[50, 61, 62], there has only been one study in human subjects [29]. This is mainly



10

because of the high amounts of contrast agent needed, i.e. ~ 0.5 mg of Gd-DTPA
per voxel, in order to detect the presence of the particles. While smaller amounts
of iron oxide may be used, as the MR is more sensitive to these particles compared
to Gd-DTPA, these particles have potential negative health consequences.

Most of these MR studies of aerosol inhalation in small animals were based
on the longitudinal relaxation time T1 [50, 61, 62]. Using ventilated newborn
pigs, Sood et al. [61] imaged the lungs, kidneys, liver, skeletal muscle and heart to
determine the uptake and distribution of particles once they enter the body. In
a follow-up study, the same group [62] acquired 3D images of piglets ventilated
with aerosolized Gd-DPTA, however aerosol delivery to the lungs was indirectly
measured through increase in signal intensity in the kidneys and again no quantifi-
cation of aerosol deposition was reported. In a different study, Martin et al. [50]
determined the concentration of deposited particles delivered to mice in nose-only
inhalation chambers. Imaging was performed post-mortem. The group calibrated
the concentration of particles based on phantom experiments. While performed in-
situ, the lung vasculature had a large effect on the signal rate and caused artifacts
in the images. In post-processing, a significant amount of the voxels were removed
from the images, therefore limiting the amount of the images that could be used
for particle concentration measurements. Even though it had some limitations,
this study was the first attempt at quantifying the number of deposited particles

in lung tissues using MRI.

1.5 Computational Modeling of the Lung: State
of the Art

1.5.1 Airflow

Computational respiratory airflow models must be designed to mimic real-
istic pulmonary physiology. Therefore, ideally, respiratory computational models
must include realistic airway geometry, breathing patterns and tissue mechanics.

The airflow in the pulmonary airways is highly dynamic and changes depending on
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its location in the lung. The airflow is considered to be transitional or turbulent
in the upper respiratory zone, the turbulent eddies dissipate within a few airway
generations and the flow continues to be non-linear with Reynolds number on the
order of 100 in the conducting airways, and then the flow becomes creeping (i.e.
Stokes flow) as it reaches the acinus of the lung. These varying flow characteristics
are one of the many reasons that modeling the lung is challenging.

Only recently, CFD airway models have included animal or patient specific
geometry. Advances in medical imaging have made it possible to create 3D airway
geometries of the upper airways [19] and tracheobronchial regions of the lung [21,
55].  Incorporating realistic geometry is important, as the airflow pattern and
structures is highly dependent on the airway geometry [20, 51, 72, 77]. For example,
symmetric airway bifurcation and curvature may cause dean-like flow structures,
while realistic bifurcations result in more complex structures (see Figure 1.6) [36].

Figure 1.7 shows two examples of flow patterns in patient-specific airway geometry.

Figure 1.6: Flow patterns in a symmetric airflow model (panels A and B), flow

in assymetric airflow model and CT airway model. From Kleinstreuer et al. [36]

All CFD models must include a description of the airflow or pressure on
all boundaries in the model, i.e. boundary conditions. These boundary conditions
must be as realistic as possible, as the resulting flow field in the 3D domain is
highly dependent on these boundary conditions. Traditionally, in respiratory CFD

simulations, a constant pressure [20] or flow rate [13, 26] boundary condition is
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Figure 1.7: State of the art of CFD models. Panel A shows streamlines in upper
respiratory and trachea-bronchial region model and panel B shows pressure fields
in a tracheal-bronchial model. Panel A: From Kuprat et al. [39], Panel B: From
Comerford et al. [15].

applied at the mouth or trachea. Additionally, constant pressure [16, 20, 26, 60]
or flow rate [13, 51] are typically implemented at the distal downstream airway
faces. A constant pressure is highly unrealistic, as the pressure in the airways
is constantly changing, as the act of breathing is pressure driven. Additionally,
assuming constant pressure at an outlet unrealistically prescribes that the pressure
drop from the mouth or trachea to the distal airways is the same between all
airways. It is currently impossible to take in-vivo measurements of pressure in
the airways downstream from the trachea. Recent work has applied CT [13] or
MRI [51] measured flow as a boundary condition to the distal faces, however these
measurements were taken at one or two instances in time and therefore do not
include the unsteady nature of breathing.

Due to the vast computational costs and complexity of the lung, there are

currently no computational models that are able to simulate airflow in the en-
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tire lung. Therefore, to simulate the unsteady dynamics of breathing, multi-scale
methods must be used. Such multi-scale modeling techniques have been imple-
mented to study the cardiovascular system for several years [38, 53, 70]. However,
only recently, have these multi-scale methods been applied to the respiratory sys-
tem [6, 27, 39, 49]. Typically, a multi-scale numerical model includes a 3D CFD
description of the large airways and a 1D [49] or 0D [6, 39] lower-dimensional model
that represents the smaller airways and peripheral tissue (see Figure 1.8). Figure
1.8 shows a 3D model connected to 0D lower-dimensional models (panel A) and
a 3D model that was connected to a patient-specific 1D model (panel B). With
such multi-scale models, it is possible to perform unsteady simulations, where both
the flow and pressure may accurately be solved for [27]. However, if neither a full
deformable lung or multi-scale model is simulated, the flow and pressure will be in

phase and therefore resulting in unrealistically low pressure fields [14].
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Figure 1.8: Multiscale respiratory CED models. Panel A: 3D model connected to
lower dimensional 0D model (from Kuprat et al. [39]. Panel B: 3D model connected

to patient-specific 1D model (from Gravemeier et al. [27].

There have only been a few studies that have solved both the structure



14

movement and fluid flow in the conducting airways. These fluid-structure interac-
tion (FSI) simulations in the upper airways and tracheal-bronchial regions are typ-
ically applicable to studying forced breathing or ventilated induced injury [48, 71],
as the pressure fields are most important in these applications. As in traditional
CFD simulations, it is assumed that the main bronchi do not move much during
breathing. However, recently it has been shown that there is significant movement
in these upper airways and perhaps it is important to include this movement, espe-
cially if accurate pressure fields or shear stress in these regions are needed. Figure
1.9 shows two recent FSI examples of the movement of the tracheal-bronchial region

during simulated breathing.

A B

Figure 1.9: Movement of the tracheal-bronchial region of the lung during FSI
simulations during breathing. Panel A is from Wall et al. [71] and Panel B is from

Yin et al [76].

The acinus region of the lung expands and contracts to inhale and exhale
air. Therefore, CFD simulations of these regions of the lung must include moving
boundaries, as this movement drives the creeping flow. In many cases the dis-
placement of the alveolar wall is ideally prescribed [30, 45, 65], as the lung tissue

properties are complex and is still an area of current research. Figure 1.10 shows
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two examples of alveolar region CFD simulations.

Figure 1.10: Velocity profiles (panel A) and streamlines (panel B) from CFD
simulations of the alveolar region of the lung. Panel A: From Harding and Robinson

2010 [31] and Panel B: Ma and Darquenne (2011) [44].

1.5.2 Particle Deposition and Distribution

Once the CFD simulations are performed, particles may be tracked in the
flow field by solving the particle transport equations. Depending on the size and
concentration of particles in the carrier gas, an Eulerian or a Lagrangian particle
tracking scheme may be used. An Eulerian, or particle concentration, description
is most applicable for small particles that are likely to diffuse or for high particle
concentrations. In contrast, a Lagrangian particle tracking scheme, where each
individual particle’s motion and position is solved over time, is applicable to larger
particles that are mainly influenced by inertia and gravitational sedimentation
or for dilute concentrations. Eulerian methods are less computationally expensive
than Lagrangian methods. However, with Eulerian methods, an individual particle
is not tracked, only the concentration of particles.

Numerical models of particle transport in the lung supply information about
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local deposition sites, total particle deposition, and distribution of particles in
the lung. Unlike in experiments, it is relatively simple to test the influence of
particle MMAD, orientation of the airway model and breathing patterns on particle
deposition. Figure 1.11A shows deposition locations of particles with diameter
of 1, 10 and 30 pm in a anatomically accurate human CFD model and Figure
1.11B shows deposition of 1 um diameter particles in idealized alveolar sacs for
two different orientations with respect to gravity. As Figure 1.11 shows, there is
significant deposition in the upper airways for all particle sizes and no deposition
in the conducting airways for particles with diameters of 30 um. In an alveolar
model, Figure 1.11 shows that the orientation of the alveolar sacs greatly influences

the deposition locations for 1 pum diameter particles.
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Figure 1.11: Particle deposition in a realistic human upper and conducting airway
model (from Ma et al. [46]) and particle deposition in alveolar model with gravity

in two different orientations (from Ma and Darquenne [44])

Despite being used extensively for toxicology [28, 73] and therapeutic stud-
ies [2] there have been relatively few airflow [16, 51, 58] and particle deposition [33]
numerical simulations in the rat. Minard et al. [51] showed good agreement between
the airflow measured using CFD and MRI, their simulations were performed under
steady state conditions. Unsteady CFD simulations were performed by Schroeter
et al. [58] and Jiang et al. [33], however these simulations only included the rat’s
nose. Some groups have developed empirical models to predict particle deposition
in the rat [3, 57], however, as far as the author is aware, there has not been any

3D simulations of particle transport and deposition in rat airways.
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Several groups have started to move towards modeling the interaction of
the carrier gas with the aerosol particles. In these situations the particle may
evaporate, condensate or grow hygroscopicly. Recently, Longest et al. developed
an enhanced condensation growth model [42] that has the ability to model particle
growth as it moves down the respiratory tract. This model [42] may be applied
to the development of inhalable aerosol medication therapy. Other groups [16, 82]
have started to model volatile and non-volatile gases in the lung. These models
may be applied to study toxic gases and particles, (e.g. such as cigarette smoke [82]
or diesel exhaust).

Currently, there are no models that have the ability to track and predict
deposition during both inspiration and expiration. However, Tian et al. [68] has
developed a single path model that is able to track particles downstream of the 3D
airway model. This individual path model does not model the acinus region and it
does not model lung heterogeneity. To predict global deposition, Angivel et al. [3]
developed a multiple path particle deposition (MPPD) model that essentially mod-
els the deposition efficiency in the airways. The deposition efficiency is predicted
based on empirical solutions to the particle equations or relationships developed
from deposition experiments. With the MPPD model, the breathing parameters
and airway geometry may be altered to predict deposition in, for example, rats [3]
or in humans [5]. Applying the MPPD model, Ashgharian et al. [5] showed that
there was little difference between uniform and non-uniform lung expansion on the
total deposition fraction (see Figure 1.12). This MPPD model may potentially be
connected to a 3D airway model to predict deposition throughout both inspiration

and expiration.

1.5.3 Diseased Computational Models

Relatively few CFD simulations have been performed to study the influence
of disease on airflow and particle deposition. Mainly this is because it is a complex
problem and there is incomplete knowledge of disease physiology and medical im-
ages. However, Zhang and Papadakis [81] studied airflow and particle deposition

in an idealized asthma model and Malve et al [49] researched airflow in a stented
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Figure 1.12: Prediction of particle deposition with MPPD model [3, 5] for uniform

and non-uniform lung expansion. Figure from Asgharian et al. [5]

trachea with impedance boundary conditions. There have been no CFD models of
emphysema. The only emphysema model that has been developed was a stochastic

model based on idealized healthy and emphysematous alveolar geometry [63].

1.5.4 Validation of CFD Models

Over the years there has been an extensive number of respiratory CFD
models developed. However, very few of these models have been validated with
experimental data. These models are typically validated with replica in-vitro ex-
perimental models [41, 43, 47] (see Figure 1.13A) or in-vivo total deposition mea-
sured with bolus tests [46]. Recently, Minard et al. [51] compared airflow measured
with MRI and predicted with CFD for steady conditions in the rat lung (see Figure
1.13). However, there has been no work that has directly validated deposition sites

in vivo with computational predictions.

1.6 Outline of the Dissertation

Chapter 2 provides the theory and governing principles behind the work of
this dissertation. This includes MRI theory as well as the specific MR methods
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Figure 1.13: Examples of validation of particle deposition in upper respiratory

tract of idealized human model (panel A) and of steady airflow in rat airways
validated with MRI.

that were employed in this dissertation (section 2.1). The Finite Element methods
used in Chapters 5 and 7 are discussed in section 2.2, including the theory behind
the implementation of monolithic and iterative boundary conditions. Section 2.3
discusses the particle transport equations and a validation of the code used within
this dissertation. Chapter 3 presents the rat airway geometry that was created
from MR images as well as the validation of the geometric measurements taken
from these geometries. The MR methods developed to quantify particle deposition
in rat lungs is discussed in Chapter 4. This chapter also quantifies deposition of
various regions of the left lung in healthy rats. The methods developed in Chapter
4 are expanded to study the deposition in the five rat lobes in healthy and emphy-
sematous rats in Chapter 5. This chapter discusses the findings that both particle
deposition and the dispersion of particles within the lung is higher in emphyse-
matous rats compared to healthy rats. Chapter 6 employs the flow measurements
taken in Chapter 5 to determine the global respiratory resistance and compliance
of the healthy and emphysematous rats lungs. Additionally, the 0D-3D multi-scale
CFD framework and simulations employed to study airflow and particle deposition
are discussed in Chapter 6. Chapter 7 expands on this framework to simulate air-

flow and particle deposition in an extended airway model. Additionally, Chapter
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7 compares deposition data found numerically and experimentally in both healthy
and emphysematous rat lungs. The conclusion, and broader impact, of this disser-

tation are given in Chapter 8, as well a discussion of potential future work.

1.7 Accomplishments

The major contributions of the work presented in this dissertation are summarized

below.

e In-situ airway morphometric measurements were collected from four healthy
rats and the inter-animal variability was assessed. Additional measurements
were taken on an extended model for one rat and organized in such a fashion

to achieve low intra-animal variability. See Chapter 3.

e An MRI method to image, analyze and quantify particle deposition in rat
lungs was developed and the spatial distribution of particles in the left lung

of healthy rats was determined. See Chapter 4.

e Examined particle deposition in the five rat lobes in healthy rats. Determined
differences in deposition based on of the apex to base location in the lung,

and the central versus peripheral region of the lung. See Chapter 4 and 5.

e Successfully induced emphysema in rats and quantified the location of em-
physema by measuring the alveolar space dimension and the signal decay

rate quantified from MR images. See Chapter 5.

e Showed that the deposition is higher and more heterogeneously distributed in
emphysema rats compared to healthy rats that were mechanically ventilated

to iron oxide particles with MMAD of 1.22 ym. See Chapter 5.

e Determined the global resistance and compliance of healthy and emphysema-
tous rats by solving a 0D lumped parameter model using flow data collected

experimentally. See Chapter 6.
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e Developed a 0D-3D multi-scale respiratory CFD framework for both healthy
and emphysematous rats. Determined the influence of disease location on

particle distribution in the lung. See Chapter 6.

e Simulated airflow and particle transport and deposition in an extended air-
way model for both healthy, homogeneous and localized emphysema. See

Chapter 7.

e Showed good agreement between simulated delivery of particles and parti-
cle deposition measurements determined experimentally to the five rat lung

lobes. See Chapter 7.
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Chapter 2

Theory and Governing Principles

2.1 Magnetic Resonance Imaging

Medical magnetic resonance imaging (MRI) takes advantage of protons, or
LH nuclei, in the body. All protons and electrons have a spin, a constant angular
momentum. In the case of nuclei with an even number of protons or neutrons,
these spins cancel each other out. However, a magnetic dipole moment is created
for nuclei with an odd number of protons or neutrons, as in the case with 'H
protons. When the ' H nuclei is placed in a magnetic field, By, the nuclei tends to
align with this magnetic field. Figure 2.1 shows a schematic of a proton spinning
around the magnetic field, By. Protons spin at a precession frequency, which is
defined as:

o ZWBO; (21)

where v is the gyro-magnetic ratio that remains constant and unique to each pro-
ton. For 17 protons v = 42.58% [3]. The precession frequency, vy is dependent
on the magnetic field, By. Therefore protons will spin faster as the magnetic field
becomes higher. Without the presence of a magnetic field, the protons are ran-
domly orientated and therefore the net magnetization, M, is zero. However, once
placed in an external magnetic field, the protons tend to align with the magnetic

field and create a weak magnetic field (M) [3].
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B, = magnetic field

Vv, = precession spin axis
frequency

Figure 2.1: Schematic of magnetic dipole spinning due to the magnetic field, Bj.
The dipole is spinning at the precession frequency, vy (see Eq. 2.1). [3]

To produce a magnetization that is measurable, the 'H nuclei are tipped
away from By with a radio frequency (RF) pulse applied at the exact vy of the
proton. This RF field is produced by a transmit and receive coil. Even though this
pulse is much smaller than the magnetic field, it is able to flip the protons because
the RF pulse is applied at the exact frequency of the spin. Figure 2.2 shows a
schematic of a proton flipped with a flip angle of 90°. Just like a spinning top that
is tipped off its axis, the proton will spin at a wider girth than its natural radius.
This process creates a magnetization, M, that is measurable by the transmit and
receive coil. [3] Once the RF pulse is stopped, the proton will start to decrease the
diameter of its spin until it is back to its natural diameter and the proton begin
to re-align with the magnetic field.

The time it takes for the protons to return to their natural precession is
defined by the time constant T (see Figure 2.3B) and the time for the protons to
return their magnetic steady state is defined by the time constant 77 (see Figure
2.3A). Both of these exponential time constants depend on the tissue being imaged
and the magnetic field. Additionally, 77 is typical longer than T5.

The decay of a the MR signal is measured with an echo. The echo is created
when a second RF pulse is applied. The MR signal intensity depends on the time at
which this second RF pulse is applied, defined as the echo time (TE). For example,
a short TE would result in a large (i.e. bright) signal intensity and a long TE would



32

00099

time

Figure 2.2: Schematic of the net average of the magnetic spins, M. First, the
spins are aligned with the magnetic field, By (panel A). Next a 90° pulse is applied
at the resonant frequency of the proton (panel B). The spins begin to get out of
phase with each other (panel C) because of the local inhomogeneities and the signal
decays. Next, a 180° pulse is applied and the spins flip (panel D) and will become
refocused (panel E). This is where the echo is created and the signal intensity

measured at time TE (TE = echo time).

result is a low (i.e. dark) signal intensity (see Figure 2.3).

MRI experiments are typically described as T weighted or T, weighted.
This description mainly refers to what time constant is influencing the signal read-
out. By controlling the imaging parameters, namely the repetition time (TR), it is
possible to the remove the T1 dependence. For example, when the repetition time
(TR) of the RF pulse is sufficiently long, the signal has increased and has little
effect on the next RF pulse. Therefore, the image is Ty weighted. However, when
TR is short, the proton has not had sufficient time to return pointing towards B,
and therefore the image is 77 weighted.

The time constants, T} and T3, depend on the tissue density. Therefore,
differences in neighboring tissue densities may cause the spinning protons to be-
come out of phase with each other (see Figure 2.2). As the spins become more and
more out of phase the signal intensity decays at each greater rate. This decay time
is characterized by Ty (see Figure 2.3B). Therefore, greater the inhomogeneities in
the tissues, the shorter 75 will be and the faster the signal decay. This rapid decay
maybe reversed by a process called a spin echo. In spin echo imaging a 180° RF

pulse is applied after the spins have become out of phase (see Figure 2.2). This RF
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Figure 2.3: The time constant 77 for the precession to align with the magnetic

field (panel A) and free induction signal decay rate due to Ty and T4 [3]

pulse flips the protons over and the protons go back into phase. Once the protons

are back into phase the signal intensity is read at the time of the echo.

2.1.1 Gradient Echo Imaging

The work presented in this dissertation takes advantage of the rapid signal
decay rate that occurs with local field inhomogeneities. In gradient echo imaging,
the spinning protons are not subjected to the additional 180° pulse that is typically
applied in spin-echo sequences that corrects for local field inhomogeneities (see

Figure 2.2E). In gradient echo imaging the signal decay time constant (7y) is
defined as:

L1 1
Ty T, T

where T” is the local magnetic field inhomogeneities. These inhomogeneities may

(2.2)

be impacted by the RF coil, air/tissue interfaces and objects that induce magnetic
susceptibility. In this dissertation, super-paramagnetic particles were employed to
study particle deposition in rat lungs (see Chapter 4).

Super-paramagnetic particles (SPIO) have been used previously as contrasts
agents for cell tracking [1, 5] and for detecting inflammatory tissues [9]. These

particles cause signal de-phasing around labeled regions. This enhanced de-phasing
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causes a reduced 73 time constant compared to non-labeled regions. Therefore, as
the signal intensity (SI) is related to T3 by
_-TE
SI = A()e 73 (23)
where Aj is the initial signal intensity and TE is the echo time, the signal intensity
in a given region is less where there are SPIO particles compared to a particle-free
region. In chapter 4, the concentration of particles in the lung is related to the

signal decay constant Rj, where R; = %
2

2.1.2 Image Analysis

In this dissertation, the signal decay rate, R3, was calculated from MR signal
intensity images acquired at four echo times (TE). To do this, R} was calculated
for each voxel and then average values of R} was determined by drawing regions
of interest (ROIs) around important areas on the image. The R} was calculated

by first taking the log of the signal intensity:

S =log(S1};) (2.4)

where i denotes the echo time and i and j are the row and column, respectively,
of the image map. Next, the slope of the linear signal intensity was calculated by
employing a linear regression algorithm
[Nrw You2t SpTE" = X028 TE" 3017 S (25)
m = : : .
Nrp 3,28 TE™ — (3317 TE")?

where Npg is the number of echo times. Next,

Ry =m (2.6)
The initial signal intensity then may be calculated as

NTE on NrE
Xp=i SigmE=i TE;

Apy=e Nt . (2.7)
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2.2 CFD Simulations

The 3D Navier-Stokes equations for an incompressible Newtonian fluid can

be written as

03
P ot

for the momentum equation and

+p0-Vi=—-Vp+uV*i+g (2.8)

V.7=0 (2.9)

for the continuity equation, where ¢/ is the velocity vector in space and time,
p is the pressure, V = (% + a% + % and t is the time. Equations 2.8 and 2.9 may be
solved on the domain, 2, using appropriate boundary (I') and initial conditions.
Boundary conditions can be either defined as Dirichlet (velocity prescribed), I'; or
Neumann (pressure or mixed boundary condition), I'j,.

Before being solved using Finite Element methods, the Navier-Stokes equa-
tions must be transformed from the strong form written in Egs. 2.8 and 2.9 to the
weak form. Once the weak from is obtained, the equations can be converted into
a system of equations that may be solved numerically. The weak from is obtained
by taking the inner product of Eqs. 2.8 and 2.9 with test functions. Following [18],

the trial solution (S) and weighting functions (W,P) spaces are given as

S = [0)6(Z,t) € HY(Q)*,t € [0,T), 0(Z,t) € Py(Le), 5(Z,t) = GonT,]2.10)
W = [W(Z,t) € H'(Q)?t € [0,T],w(Z,t) = 0onT,] (2.11)
P = [plp(#,t) € H'(Q),t € [0,T]] (2.12)

where g is the Dirichlet boundary condition, H' is the usual Sobolev (vector) space
of functions with square-intergratable variables and ¥ = x,y, z. It must be noted
that a stabilized formulation is employed which allows for equal-order velocity and
pressure interpolation [7]. The stabilized methods employed here are shown in
detail elsewhere [15, 19] The weak form, which resulted from the semi-discrete

Galerkin finite element formulated results in:
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Given:

—

f:Qx(0,T) — R? (2.13)
gT,x(0,T) — R (2.14)

Find v € S and p € P such that every @ € W and ¢ € P.

—Vp + pV3)dr — / Vq - vdx
Q

—/ W [~Vp + pV24] - fids
In

—l—/q17~ﬁds
I

where 7 is the normal vector. The standard Galerkin method that was originally
developed for solid finite elements is unstable for advection-dominated flows and in
the diffusion dominated limit for equal-order interpolation of velocity and pressure.
Therefore, a stabilized method was utilized to address these instabilities. Equation
2.17 may be written as a system of nonlinear ordinary differential equations. The

residual vectors for the momentum equation, ﬁfl and continuity R” satisfies

:lg

The residuals are computed for each element. The nonlinear equations that

RA
RA

result from the Galerkin method are discretized and integrated in time using the

Generalized o - Method developed for the Navier-Stokes equations [8].

2.2.1 Generalized Alpha Method

The generalized alpha method and the Newton Raphson method are em-
ployed to form the stiffness matrix. A schematic of the iteration loop used to solve

the flow equations is showni n Figure 2.4.
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Figure 2.4: Schematic of the generalized alpha method and nonlinear and step

iteration taken to solve the linearized flow equations [18]

where

K = % (2.17)
G = % (2.18)
DY = % (2.19)
c® = g%ﬁg (2.20)

(2.21)

where v;t is the time derivative of velocity and p? is the time derivative of pressure.

The subscripts i and j indicate the spatial dimensions and the subscripts a and b

represent the local nodal numbers [18]. The system is solved using a conjugate
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gradient method and a preconditioned Generalized Minimum Residual (GMRES)
method [14].

2.2.2 Backflow Stabilization

Backflow divergence at an inlet /outlet of a computational model is a signif-
icant numerical problem that occurs in CFD simulations. This backflow numerical
divergence may occur at inlets/outlets where a Neumann boundary condition is ap-
plied, at inlet/outlets where recirculating flow has developed or areas where there
is bulk flow reversal. Figure 2.5 shows an example of backflow divergence that
occurred with recirculated flow [6]. This type of divergence is common in respira-
tory simulations that model both inspiration and expiration. During expiration,
the flow reverses and the small airways that were outlets during inspiration be-
come inlets during expiration. Previous respiratory models have simply lengthened
these airways, allowing for the flow to become fully developed. [16] However, these
lengthened airways may change the flow field, airway resistance, and may not solve
backflow divergence problems that occur when Neumann boundary conditions are
prescribed. In this dissertation, Neumann boundary conditions were applied at all
of the airway faces. With Neumann boundary conditions, the velocity profile is
not prescribed and this therefore may lead to backflow divergence issues. Several
solutions to backflow divergence are given and compared in Esmaily-Moghadam et
al. [6].

The backflow divergence stability terms that were employed in this disser-
tation were developed and described in detail elsewhere [6]. Briefly, the solver
employed in this dissertation applied Galerkin’s method to the weak form of the
Navier-Stokes equations 2.17. Equation 2.17 may be modified to include an addi-
tional term [2]

B(’LE, q; 777 p) - B(w> q; 17, p) - B(U_ja p(U ﬁ) - 17)Fh (222)

where (3 is a positive coefficient between 0 and 1 and the smaller the value of § is

the less intrusive and more stable the system is. The v - i term is defined as
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B No Treatment of the Boundary C Result after Backflow Treatment

- - D

Figure 2.5: Example of backflow divergence that occurred in a re-circulating flow
problem. Panel B shows resulting velocity vectors with no backflow treatment and
Panel C shows flow vectors after backflow treatment [6]. Images were provided by

Mahdi Esmaily Moghadam.

<y
S
|
=
=

(U-7) = 5 (2.23)

which equals
ven, v-n<0 (2.24)
0, v-n>0 (2.25)

This essentially means that this term is opposite of the backflow and there-
fore is only turned on when backflow is occurring, otherwise it is 0. Figure 2.5C

shows the result after the backflow stabilization term, § was implemented by [6].
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2.2.3 Boundary Conditions

In this dissertation a resistance and capacitance circuit (RC) in series (see
Figure 2.6 were employed as a boundary condition at the distal faces of all the
airways. This RC boundary boundary condition may be implemented in solving
the Navier-Stokes equations by a monolithic approach or an iterative approach.
The theory behind both of these approaches and their implementation with this

specific RC boundary condition are discussed in the next sections.
C

2 —$¢V\4L{.

Figure 2.6: RC circuit implemented as a boundary condition in this dissertation

Monolithic BC Implementation

In the monolithic approach the 0D model is completely coupled to the flow
solver equations (see Figure 2.4). Therefore this is a closed system of equations
and the boundary conditions are solved simultaneously with the flow equations.
Here, the analytical solution of the 0D model must be known as well as the rela-
tionship between pressure and flow. This monolithic implementation of boundary
conditions was performed by and discussed in detail elsewhere [17, 18]. Briefly, the

discretized boundary condition term can be written as

R o =51 (R(1 = ay)Qn + RaySEvg i (2.26)
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and the total momentum residual is given as

R =R+ R, (2.28)
where S are the shape functions, k is the direction, and c is the node number. The
corresponding tangent matrix contribution is therefore

tn+af 1 t/ _ tn

K55 = AtyS{sy [Raf + / dt’] (2.29)
tn n

Cllysy —t

It should be noted that R is the resistance or is defined as “2. Also, we can

Q-
find velocity as
ti —t' t—t
vl () = v L”l—t] + v {ﬁ] (2.30)
+1 — U 41 — 1
and the flow rate is defined as
Q=> Y[ Nmdlxuvg,. (2.31)
c k I'p

In implementation of this RC boundary condition into the solver, the pres-

sure is taken at each time step and is defined as

Potd = »_ BiQ (2.32)
1=0
and thus the residual becomes
Ry = Sit# Z 5 (2.33)
1=0
= SA % R(1 — a)Q, (2.34)
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Ry =0 (2.35)
R;;ll,iold _ RA old - RA old (2.36)
where the [ coefficients are:
A R R (2.37)
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where R and C' are the resistance and compliance coefficients. The right hand

Bnt1 = Roy +/ dt',n>1 (2.40)
¢

n

formulation is the residuals and the left hand formulation is K,;:‘LSC.

Iterative BC Implementation

The iterative boundary conditions were implemented in the flow solver by
Moghadam et al. [11] and therefore is discussed only briefly here. The iterative
coupling scheme essentially solves a system of equations using the flow rate for
the 3D solution to find pressure. Then the resistance, or R = dQ, is put into
the LHS formulation of the stiffness matrix (see Figure 2.4) to solve the system
of equations. Due to the contribution of the lumped parameter network into the
LHS, the overall scheme is implicit. Figure 2.7 shows a schematic of the passing

of flow rate and pressure.

The following steps were employed to solve the couple system [11].

e The unknowns, ¢ and p are predicted at the time step n + 1 and at the kth

iteration



43

3D modecl

Tategrating and

[inding Q, for

inlet and P, for
oulet

P, 0,

Find P; for ; Deriving ODEs
inlet and O, AX=b c";m“:f:"g || and discretization ||
for outlet an in time

0D model

T I1 1 +

Figure 2.7: Schematic of the iterative scheme where flow rate is passed to the 0D
model and pressure is based back to the 3D solver to construct the LHS matrix.

Figure from [11].

k=0 (2.41)
o = ¥ (2.42)
pitt = P (2.43)

e The flow rate and pressure is then computed at the boundaries with

Qit) = / v+ fdl (2.44)
Z dI’
P(t) = % (2.45)

and passed to the 0D domain.

e The flow and pressure are received at time steps n and n+1 and the ODEs are
integrated using a 4th order Runge-Kutta scheme. Next, solve the linearized

flow equations to find Av?, and Ap}.

e The pressure and flow are passed back to the 3D scheme and the tractions

are calculated

h(0,p; T,t) = —Pi (2.46)
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e The stiffness matrix (see Figure 2.4) were constructed for the residuals (R;

and Rg;) and K.

e The velocity and pressure terms are corrected

Piin = 0+ apyAtAp) (2.47)
T = O+ yALAY) (2.48)
where oy and «y are from the generalized alpha formulation.

e [ is then back stepped to k£ + 1 to k if the residual is not small enough .

The resistance and compliance, for this dissertation, were broken into a

system of ODEs, given as

dp Qi
£ - x 2.4
Poffset - zQz (250)

2.2.4 Monolithic vs Iterative

The RC boundary condition was implemented using both the monolithic
and iterative approach using the model and boundary conditions described in
Chapter 6. Figure 2.8 show the flow rate at the trachea face for monolithic and
iterative implementation. There was less than 1 % difference between the two

implementations.

2.3 Particle Transport

For particle-laden respiratory airflows, it is typically assumed that particles are
spherical, inert and do not influence the surrounding flow field. Therefore, for most

cases, it is appropriate to to solve the particle transport equations de-coupled from
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Figure 2.8: Flow rate during inspiration for monolithic (black line) and iterative

(grey line) boundary conditions.

the flow equations. Whether an Eulerian coordinate or Lagrangian coordinate sys-
tem is used depends mainly on how dilute the system is and the size of the particles
being studied. For systems with high particle concentration or for small particles
that are likely to diffuse an Eulerian coordinate system is typically used. In these
cases the concentration of particles is solved over space and time. Otherwise, a La-
grangian coordinate system is employed, where each individual particle is tracked
over space and time. Lagrangian tracking was used in this current work because
the particles studied here had diameters greater than 1 pm and the system was
dilute enough that the particles equations were able to be solved at a reasonable

computational cost.

2.3.1 Particle Transport Equations

The motion of a particle for non-uniform, unsteady flow was defined by
Maxey and Riley [10] as:
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where V(t) is the particle velocity u(t,X) is the fluid velocity, m, is the particle
mass, mp is the mass of the fluid, a is the radius of the particle, and u is the
viscosity of the fluid. Starting from the right, the first term is the acceleration
due to gravity, the second term is the fluid force on the particle, the third term
is the added mass, the forth term is Stoke’s drag and the last term is the Basset
history term. For small particles, where the initial motion of the particle is not
important, the Basset history term and Faxen correction may be neglected. With

this, equation 6.5 becomes

(my + 3me) o = (my — mr)g + Grap(a(X(0), 1) - V() (252
+;mp% +mp(u+ %V) -Vu.

Additionally, if the Reynolds number of the particle, Re, is < 1 (Re, =
%) and the density of the fluid is much less than the density of the particle,

the particle transport equation reduces to

dv  6rap
d  m,

where u is the velocity of the fluid, v is the velocity of the particle, a is the radius

u—v|+g (2.53)

of the particle and p is the viscosity of the fluid. The particle mass is defined as
m, = ppVp, Where p, is the particle density and V), is the volume of the particle.
Substituting in the mass of the particle gives
dv  18u
— = u—v . 2.54

Non-dimensional variables may be defined as

tU
u*:%, V*:%, t*zj, g*_% (2.55)

where U is the mean velocity of the fluid and d is the diameter of the channel.

Subbing and re-arranging results in:
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ppdf,U dvx* gppdf,
_— = — ——gx. 2.56
18ud dtx o —va] + 18[LUg i ( )
Defining
d 2
V, = —p”1985 (2.57)
as the settling velocity and
dp*U
Stk = % (2.58)

as the Stokes number, the non-dimensional particle equation may be written as:

Stk% = [u*x —vx| + %g * . (2.59)

The relative importance of each term in equation 2.59 may be determined
based on Stk number and % The unsteady effects of the particle equation become
relevant if the Stk’s number is high and if the particle velocity is changing quickly
with time. Even though we show that Stk’s number is higher than the gravity term,
we do not expect unsteady effects to be very influential in a horizontal cylinder.
Unsteady effects do become important when the flow abruptly changes direction
and consequently the particle velocity abruptly changes, as can be seen at airway
bifurcations. However, particle velocity changes may become important if there is
a high shear rate (ie: the velocity changes are high normal to the channel wall).
Therefore, as the particle is falling it is experiencing velocity changes due to the

parabolic profile.

2.3.2 Particle Validation

In this section two idealized cases were studied. Particle tracking was per-
formed by using a Lagrangian code that solves equation 2.53 developed by Shawn
Shadden (see Chapter 5). The first case that was studied was a horizontal cylin-

drical channel and the second case to be studied was a double bifurcation.
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Horizontal Cylinder

A cylinder of length 40 mm and radius of 1 mm was created in in Simvas-
cular and the flow was solved for using the flow solver discussed previously. The
inlet boundary condition was a parabolic velocity profile based on a given flow
rate and the outlet boundary condition was zero pressure. Three flow rates were
tested, 5333, 2000 and 500 ";T”f 5333 mm?/sec is the flow rate at the inlet of the
rat trachea and would be the maximum velocity in the airway model. The fluid
density and viscosity were defined for air and the particle density defined as water.
For each flow rate several different particle sizes were used. The flow was solved
for using a delta time of 0.001 seconds for 40 time steps, with 5 integration steps
for each time step. The particles used for all simulations were seeded based on a
Cartesian mesh at the inlet, and resulted in 7639 particles. For each simulation
the particles were only seeded once and the simulation was ran until all particles
either deposited or exited the domain.

The particles were tagged in such a way that the starting position of each
particle was known. The distribution of particles on the inlet face were then
corrected based on this starting position using a parabolic mass density function.
The efficiency, E, of deposition was compared to analytical solution given by Pich

et al. [12]. The efficiency was given as

E = frac2n |:26\/ 1—e5 — E%\/ 1—e5 + arcsme:’l)} (2.60)

where

3V, L
8all
where Vj is the settling velocity of the particle (see Eq. 2.57), L is the length of the

€ (2.61)

cylinder, a is radius of the cylinder and U is the mean flow velocity in the cylinder.
Figure 2.9 shows the particle deposition percentage versus the €. Good agreement
was found between the simulated deposition and the analytical deposition given
by Pich et al [12].



49

1.0

0.8}

— Pich
[ 1Robinson et al.
® Q=5333 mmi/s
@ Q =2000 mm’/s
® Q=500 mm'ls

0.61

0.4¢

0.2f

Figure 2.9: Horizontal cylinder used for particle validation study. Good agree-

ment was shown between simulation and analytical solution given by Pich et al [13].

Simple Bifurcation

A simple bifurcation was created with inlet radius of 1 mm, daughter branch
radius of 0.75 mm and bifurcation angle of 30 °. Airflow was solved in the bifurca-
tion with mean flow rates of 5333, 2000 and 200 ";T”f Particles were then tracked
in the flow field with the same particle seeding employed for the horizontal cylin-
der. The percent of particles deposited were compared to analytical solution given
by Cai et al [4]. The deposition efficiency was given as

v =G(a, E)Stk (2.62)
Ry
where Stk is the Stokes number given in Eq. 2.58. The G function is given by:

R 8sinav f1(«a, Rﬂ)
Gla, —) = 0 (2.63)
RO %fO(aap%)
where
f(R)_11R24152R22 (2.64)
Oa,RO T 1\ & 3 | 16™ R cos” o )
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and

2 2 2
fi(a, E) =1- (E) + (7 — fracll3) (Rﬁ) cos®a — % (1%) sina(2.65)

1
3
+ (g — E) <£)4 cos’a + 1 (£>4 sina + (6 — Eﬂ') (5)4005404
3 8 Ro 5 Ro 8 RO
7 ™ R : .9 2
+ <E — §) (E) s acos o

where « is the bifurcation (30 ° in this case). The numerical solution compared to
to the analytical solution is shown in Figure 2.10. Even though some of the particles
in the numerical solution deposited on the artificial face of the bifurcation, there
was good agreement between the numerical and analytical prediction of particle

deposition.

—— Caietal.
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Figure 2.10: Idealized bifurcation and deposition of particles for steady flow at

flow rates of 200, 2000 and 5000 ’ZT”Z?’ Good agreement was shown when comparing

deposition to analytical solution given by Cai et al. [4].
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Chapter 3

Rat Airway Morphometry

3.1 Introduction

A comprehensive description of lung geometry is often required to accu-
rately model pulmonary airflow and aerosol particle deposition. Both flow and
particle transport are influenced by airway length, diameter, as well as bifurca-
tion, gravitational and rotational angles [2, 21]. Such geometric descriptions are
not only useful for studies of airflow and /or particle deposition in three-dimensional
(3D) numerical models, but are also applicable in multi-scale approaches. Recently,
Comerford et al. predicted airflow in a subject-specific model of the human large
airways by coupling a 3D airway model to a 1D model of small airways using an
impedance boundary condition [3]. Impedance was calculated based on airway
morphometric measurements [15]. In blood flow simulations, both simple 0D resis-
tance and Windkessel (resistance and capacitance) models as well as more sophis-
ticated closed loop lumped parameter networks [16] have been used in multiscale
models of the cardiovascular system [32]. Similar approaches could potentially
be applied to model functional parameters in the pulmonary airways. Knowledge
of airway resistance and impedance is essential in the study of lung mechanics in
both health and disease [1, 8]. Furthermore, accurate morphometric measurements
of the large and small airways can improve the precision of impedance and resis-
tance calculations and therefore improve multi-scale coupling in numerical models

and/or aid in characterization of disease states.

53
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Rats have been widely used in experimental deposition studies [1, 34] and
in studies aimed at understanding of the influence of particle composition on lung
pathology [7, 25] as well as aiding in the development of drugs delivered as aerosols
[14]. Therefore, an improved understanding of the rat three-dimensional airway
morphometry may establish links between aerosol deposition and airway geometry.
Previous studies of rat airway morphometry have used casting methods, or excised
lungs, and leaving some doubt as to whether the geometric angles of the airways
represented in these casting or ex vivo lungs represent a realistic in situ state.
Raabe et al. [23] performed a complete morphometric analysis of the rat lung using
silicone casts that were imaged by electron microscopy. Yeh et al. measured the
morphometric parameters from a single silicone rat lung cast to develop a typical
path lung model [35]. Rodriguez et al. [26] found that the number of generation of
conducting airways varies in the different lobes of the rat lung with the lower lobes
containing more airway generations than the upper lobes. For example, in the right
upper (apical) lobe, conducting airways branch over a range of 8 to 25 generations,
with an average of 15 generations while in the right lower (diaphragmatic) lobe,
airways ranged from 13 to 32 generations.

The use of high-resolution three-dimensional imaging techniques, such as
CT and MRI, has the advantage of obtaining three-dimensional data sets that
may be analyzed more efficiently than the tedious reconstruction of data collected
serially in two-dimensions. Using micro CT, de Backer et al. [4] imaged the upper
respiratory tract and thoracic cavity of Sprague-Dawley rats, and Sera et al. [28]
showed that for generations 8 - 16, airway diameter and length decrease exponen-
tially with each generation. Einstein et al. [6] used magnetic resonance imaging
and Lee et al. [12] used CT to obtain detailed images of rat lung silicone casts.
With these data Einstein et al. [6] performed self-similarity analysis of the behavior
of airway diameter and length as a function of path length, but did not extend this
analysis to obtain bifurcation and gravitational angles. Lee et al. [12] performed
a detailed analysis of morphometric data for six rats and argued that there was
little inter-subject variability between the animals. However, a large variability

was seen between airway generations in the intra-variability analysis.
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This paper presents the first comprehensive set of in situ three-dimensional
morphometric measurements of Wistar rat lungs obtained from MR images. The
goals of this study were 1) to compare this in situ morphometry to previous mea-
surements taken from excised airway casts, 2) determine the variability between
animals of the same strain and weight, and 3) to provide all the morphometric
measurements needed to fully describe the airways down to an image resolution

and to spatial organization that is physiologically relevant.

3.2 Methods

3.2.1 Animal Preparation

This study protocol was approved by the University of California San Diego
Institutional Animal Care and Use Committee (IACUC). Four healthy male Wis-
tar rats (268 4+ 14 g) were analyzed. The method for preparing and imaging of
the lungs in situ has previously been described for mice [27]. Animals were deeply
anesthetized with pentobarbital sodium (60 mg per kg of body weight, i.p.) and
tracheostomized with a 15 G plastic cannula. Animals were injected (i.p.) with
heparin (500 units) and 2 mL of gadolinium dimeglumine (Magnevist, Schering,
Germany) to ensure a high level of contrast between the lung tissues and blood, and
the airways during imaging. Animals were ventilated for 10 minutes with 100 % O,
at an airway pressure of 10 cm H50 and then euthanized with a second dose of pen-
tobarbital sodium (60 mg per kg of body weight, i.p.) and instilled at a 45-degree
angle. The lungs were first primed with a small amount of phosphate buffered
saline (PBS), then filled with perfluorocarbon (PFC; Fomblin Solvay Solexis, Tho-
rofare, New Jersey) to an airway pressure of 9 cm H20, and finally filled with
0.05 % low-melt agarose in PBS (NuSieve Agarose, Cambrex, Rockland, ME) to a
final airway pressure of 20 cm HyO. This resulted in an approximate 70:30 ratio of
PFC/PBS. The cannula was capped and the animals were immediately transferred

to the MR scanner for imaging.
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3.2.2 Magnetic Resonance (MR) Imaging

The lungs were imaged in situ in a 7T small animal MR scanner (Bruker
Biospin Corporation WI) using a custom built Quadrature volume MR imaging
coil. Ty-weighted coronal images were acquired using a Turbo-RARE 3D pulse
sequence with TR/TE = 1500/43 msec and F'A = 180°. The image matrix was
256 x 256 x 128, which generated a voxel dimension of 0.2 x 0.2 x 0.27 mm. Each
MR scan took approximately 1 hour and 40 minutes. The resulting images had a
high level of contrast between the airways (PFC filled: dark) and the surrounding
tissue (gadolinium: bright) [27].

3.2.3 3D Airway Construction

diameter

gravitational /b
angle TS
e \ segment

Figure 3.1: Airway models were constructed by (A) drawing lines through each
airway, (B) outlining the airway perpendicular to the centerlines and (C) lofting
the contours to create the 3D model. Panel D shows the measurements taken for

each airway model.

Three-dimensional airway models were created from the MR images using
a custom version of the open source software, SimVascular (simtk.org) [31], which
has been used extensively for cardiovascular model construction in previous stud-
ies [10, 32]. The procedure involved drawing centerline paths interpolated with
splines (Figure 1A), segmenting contours perpendicular to the path Figure 3.1B,
and lofting segmentations to create a 3D geometric model (Figure 3.1C).

Each centerline began at its initial bifurcation point and followed the im-
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ages through each major daughter bifurcation until the limits of image resolution
were reached. Centerlines for each minor branch were created similarly until the
entire 1D airway tree was defined. Segmentations spaced a few voxels apart were
drawn perpendicular to the centerlines for all airways with a diameter greater than
two pixels. Most airway segments contained at least three segmentations, except
for airways with a length of less than 6 pixels. All segmentations were lofted to-
gether to create the final 3D geometry. Creating the geometry manually removed
complications that arise in automated segmentation techniques, ie: extra faces,
holes, and undesired merging of pulmonary vasculature and airways.

All airways were named with a unique numeric string following the binary
numbering scheme rules given by Phalen et al. [20]. The string began at the trachea
with the number 1. At each bifurcation a number was added to the end of the
string; 1 for the major daughter and 2 for the minor daughter (Figure 3.1C). A few
triple bifurcations were encountered and in this case a 3 was added to the airway

with the smallest diameter.

3.2.4 Morphometry Measurements

Using custom software developed in Matlab, segment and path length, hy-
draulic diameter, minimum, mean and maximum radiuses, bifurcation, gravita-
tional and rotational angles were measured for each segment independently from
the centerlines and segmentations created in SimVascular (Figure 3.1C). Each seg-
mentation was discretized into 50 points and each centerline was discretized into

50 to 100 points, depending on its length

Length Measurements

Each segment length was calculated by summing the distance between
neighboring points on the centerline within the segment. Airway path length,
defined by the distance between the main carina and the end of the airway seg-
ment, was then calculated by summing the lengths of all the segments included in

the path. Consequently, the length measurements included the airway curvature.
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Cross-section Analysis

The hydraulic diameter D was measured for each segmentation and was
defined as

4A
D= — 1
C (3.1)

where A and C are the area and circumference of the segmentation, re-
spectively. The segmentation’s area A, i.e. the cross section of the segment, was

calculated by trapezoidal integration as follows

A= i(m — ) (%) (3.2)

where x; and y; are the local 2D coordinates of each point on the segmenta-
tion. The circumference C was calculated by summing the distance between each
point on the segmentation.

Minimum, mean and maximum radii were defined as the minimum, mean
and maximum distance between the centroid of the contour and its perimeter. The
deviation of the airway’s cross-section from a perfect circle was then characterized

by its eccentricity

e=/1— —nin (3.3)

where 7,,;, 18 the minimum radius and 7,,,, 1S the maximum radius. For a
circular cross-section, 7,in = "maz, and e = 0. The more the eccentricity increases

the more the cross-section diverges from a perfect circle.

Angles

The bifurcation angle between a parent and daughter segments was calcu-

lated by

(3.4)

-d
Opir = cos™! [p }

LyLq
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where p and d are the parent (p) and daughter (d) vectors and were defined
by the beginning and ending points of the segments, L is the length of the vectors,
and - denotes the dot product between the two vectors.

The gravitational angle was calculated for each segment by

-d
egnw = 008_1 |:gl/_d:| (35)

where g is the gravitational unit vector for a rat in the prone position and
d is the daughter vector being analyzed.

Finally, the rotational angle was defined as the angle between two successive
bifurcation planes. Using airway 11 as an example (Figure 3.1C), the rotational
angle was calculated from the normal vectors of the planes defined from airways 1,
11, 12 and airways 11, 111, 112. The rotational angle was specified to be between
0 and 90 degrees.

Morphometric measurements were calculated for all four animals for the first
four airway generations. The inter-animal variability was assessed by calculating
the relative standard deviation (RSD) between the four animals, where RSD was
defined as the standard deviation divided by the mean.

Because little inter-animal variability was found (see Results section), lung
images from a single animal were used to create a more extended 3D model that
included all airways identified in the images. Morphometric measurements from
the extended model were organized based on airway generation. RSD was used to

determine inter- and intra-generation variability.

3.2.5 Order Analysis

The morphometric data from the extended model were also organized using
an ordering scheme [11]. Such organization facilitates the calculation of physio-
logically relevant parameters such as airway resistance and impedance [29]. The
diameter-defined Strahler procedure outlined by Jiang et al. [11] was used because
it is applicable to monopodial airways. In this procedure we first define the airway
order using the Strahler ordering scheme and then correct each airway order based

on its diameter. The Strahler scheme was applied by starting from the terminal
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airways and working backwards to the trachea [30]. Each terminal airway was
assigned an order of 1. All other airways were assigned an order based on the
order of their respective daughter branches. If both daughter branches were of the
same order i, then the parent branch was assigned an order of i + 1; if the order of
the two daughter branches differed, then the parent branch was assigned the same
order as the highest ordered daughter.

An iterative process was then employed to adjust the Strahler order based
on each airway’s diameter following previous work [11]. First, the average and stan-
dard deviation of the diameter of all the segments within each order was calculated.
Next, an upper and lower limit for the diameters in each order was determined by

applying the following equations

Dy = [(Duor+SDys) + (Do — SD,)]/2 (3.6)
Dymy = [(Dn+ SDn)+ (Dnsr — SDni1)]/2 (3.7)

where n is the order number, D is the average diameter and SD is the
standard deviation of the diameter within that order [11]. Each segment was
assigned a new order based on these new limits. The correction procedure was
performed iteratively until the values of Di(n) and Dé(n) converged to within 1%.

Sequential airway segments of the same order were combined to create an
element [11]. The diameter of an element was calculated as the average of the
diameters of the segments making up the element, and the length was calculated
as the sum of the segment lengths. In an electrical analogy, each element represents
a single resistor. The combination of all the elements in the airway tree may be
used to calculate the tree’s total resistance and/or impedance. Following Jiang et
al. [11], we defined a connectivity matrix describing the organization of the airway
circuit. The columns and rows of the connectivity matrix contained the order of
the daughter and parent elements, respectively. A component in the mth row and
the nth column represents the average number of elements of order m that grow
out of the elements of order n. For example, the value in row 2 and column 3 was
calculated by summing the number of 2nd order branches that originated from 3rd

order branches and dividing by the total number of 3rd order branches.
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3.2.6 Lobar Volume

Finally, the image data set of each animal was analyzed with Amira software
(Template Graphic Software, San Diego, CA) to determine lobar volumes. Volumes
were calculated by multiplying the number of voxels within each lobe by the volume

of a voxel.

3.3 Results

3.3.1 Inter-animal Variability

The morphometric measurements made on the four rats used in this study
are displayed in Figure 3.2. Airway path length (Figure 3.2A), hydraulic diameter
(Figure 3.2B), bifurcation (Figure 3.2C) and gravitational angles (Figure 3.2D)
are shown for the first four generations of the respiratory tract and compared
to measurements made on a lung cast of a female Long-Evans rat by Raabe et
al. [23]. The cast was made of silicone rubber prepared by an in situ technique
to replicate the normal lobar orientation and conducting airway sizes at a volume
corresponding to end inspiration [23].

There was good agreement for both path lengths and gravitational angles
between the two studies (Figs. 3.2A and 3.2D), while hydraulic diameters from
this study were consistently smaller than Raabe’s data (Figure 3.2B). Finally, there
were large differences in bifurcation angles between the two studies (Figure 3.2C).

Figure 3 illustrates the inter-animal variability as characterized by RSD for
path length (Fig. 3.3A), hydraulic diameter (Fig. 3.3B), bifurcation (Fig. 3.3C)
and gravitational angles (Fig. 3.3D). There was little variability between animals
for path length (RSD = 0.18 4 0.07, mean + SD), hydraulic diameter (0.15 £ 0.15)
and gravitational angle (0.12 £+ 0.06). Measurements of bifurcation angles show
higher variability (0.32 £ 0.22), most likely because the curvature of the airways
makes angle measurements more challenging.

The minimum and maximum radius value for each contour was normalized

by its mean value. The normalized minimum radius ranged from 0.9 to 0.93 and
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Figure 3.2: Path length (A), hydraulic diameter (B), bifurcation angle (C) and
gravitational angle (D) averaged between the 4 airway models, with the error bars

being the standard deviation.

the normalized maximum radius ranged from 1.06 to 1.12. Average eccentricity
was calculated to be 0.54 4+ 0.04, indicating that the airways have a consistent
elliptical shape. Segments did become more elliptic as they reach a bifurcation,
however the elliptical shape appeared far from the bifurcation and throughout the

entire airway.

3.3.2 Lobar Volume

Lobar volumes are listed in Table 1 for the four rats. Data are shown in
absolute values (mean £+ SD, ml) and as a percentage of total lung volume to allow

for comparison with previous studies of Raabe et al. [24] and Yeh et al. [35].
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Figure 3.3: Inter-animal variability as characterized by RSD for path length (A),
hydraulic diameter (B), bifurcation angle (C) and gravitational angle (D) for the

four rats.

3.3.3 Extended Airway Model

The extended model built from MR images from a single animal is shown
in Figure 4 and includes up to 16 airway generations and 81 terminal branches.
The diameter of the minor daughter branches decreased below the limits of image
resolution more proximally than that of the major daughter branches. Therefore,
it was not possible to determine the airway diameter in the most distal generations
for all airways. As a result, the first five generations accounts for all airways in
the model.

Morphometric measurements (mean + SD) from the extended model are
shown in Figure 3.5 as a function of airway generation for hydraulic diameters
(Fig. 3.5A), segment length (Fig. 3.5B), gravitational angles (Fig. 3.5C) and
rotational angles (Fig. 5D). Bifurcation angles for both major and minor airways
are shown in Figure 3.6. These measurements were compared to available data from

previous studies [12, 23]. Raabe et al. [23] reported length, diameter, bifurcation
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Table 3.1: Lobar volume distribution, average + standard deviation for this study

and compared to Raabe et al. and Yeh et al.

Volume, ml Fraction of total lung volume, %
Current Study Current Study Raabe et al [23]  Yeh et al. [35]

Right Apical 1.27 £ 0.14 11.0 £ 1.16 10.4 9.2

Right Diaphragmatic 3.25 £ 0.14 28.0 4+ 1.02 28.8 9.2

Right Intermediate 1.56 £ 0.06 13.5 £ 0.36 13.9 13.3

Right Cardiac 1.35 £ 0.06 11.6 £ 0.51 12.1 12.5

Left Lung 4.15 + 0.25 359+ 1.3 34.8 33.3

Right Lung (all lobes)  7.42 + 0.25 64.1 + 1.3 65.2 66.8
Total Lung 11.57 + 0.16

A Intermediate

Diaphragmatic

Figure 3.4: Extended airway model with the main lobar bronchi identified.

and gravitational angles for each airway individually and only data from the same

airways as those identified in the present study are used in the comparison in
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Figures 5 and 6. Lee et al. [12] reported airway length diameter and rotational
angle averaged for each generation and mean values were used in the comparison.
Hydraulic diameters were systematically smaller than Raabe’s and Lee’s data,

while there was more variability between the datasets for segment length.
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Figure 3.5: Average hydraulic diameter (panel A), segment length (panel B),
gravitational angle (panel C) and rotational angle (panel D) for each generation
of the single extended airway model. Each airways diameter, length and gravita-
tional measurements were compared to data provided in Raabe et al. [23]. Only
the first five generations for diameter and length were compared to the average
values reported by Lee et al. [12]. Mean rotational angles for all generations were

compared to Lee et al.

The RSD within each generation’s diameter was on average 0.39; our mea-
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surements, 0.42; Raabe et al. [23] and the RSD for airway length was 0.67; our
measurements, 0.5; Raabe et al. [23]. The high RSD indicated that there was a

high variability in the diameter and length within each generation.
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Figure 3.6: Bifurcation angles for major and minor airways of the single extended

model compared to measurements by Raabe et al. [23]

Gravitational (Fig. 3.5C) and rotational angles (Fig. 3.5D) remained rela-
tively constant across generations and agreed well with previous studies. Averaged
over all airways, gravitational angle was 82.9 + 37.9 degrees compared to 85.1 £
35.6 degrees in Raabe et al.’s study [23], and rotational angle was 53.6 £+ 24.1 de-
grees compared to 50.6 + 20.4 degrees in Lee et al.’s study [12]. Figure 6 shows the
bifurcation angles for each airway generation with the major daughter bifurcating
at a smaller angle (19.3 £+ 14.6 degrees) than the minor daughter branch (60.5 +
19.4 degrees).

The diameter of the major and minor airways at each path length from the
main carina is shown in Figure 3.7 for each lobe in the right lung (panels A and D)
and for the left lung (panel E). Three diameter measurements at different locations
within the segment were taken for each airway segment, except for short airways
(less than a few pixels in length) for which only one or two measurements were
made. Unlike the other lobes, the apical lobe branches dichotomously, as shown

by similar major and minor branch diameters.
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Figure 3.7: Airway diameter as a function of path length from the main carina

for the four lobes in the right lung for the single expanded airway model. Major

and minor airways are shown separately.

3.3.4 Order Analysis

The extended model contains five diameter-defined Strahler orders [11].

The resulting segment and element diameter determined by the iterative process

is shown in Fig. 8A. Table 2 and Figure 3.2 give the average diameter and length

for the major and minor branches in each order. The average segment and element

diameter increases with order (Fig. 8A); a RSD of 0.12 £ 0.05 indicates low intra-

order variability for segment diameter. The major and minor segment had similar
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Table 3.2: Segment diameter and length for major and minor airways of each

order. SD: standard deviation, N,.4: number of segments

Major Airway Minor Airway
Diameter (mm) Length (mm) | Diameter (mm)  Length(mm)
Order | Average SD  Average SD Ny, | Average SD  Average SD Ny
1 0.45 0.06 024 054 44 0.44 0.06 0.25 0.55 34

0.72 0.10 1.22 1.08 39 0.75 0.12 1.32 111 24
1.29 0.20 2.68 1.87 17 1.23 0.25 1.77 1.09 9
2.22 0.07 1.44 131 5 2.08 0.15 5.36 3.68 4
2.50 0.16 1.08 1.02 5 2.70 0.00 2.01 0.00 1

U W N

lengths; except for order four segments (Fig. 3.8B). The RSD for length was 0.16
+ 0.16 and the order four segments have the highest intra-order variability. There
are order five segments in-between order four segments because the rat airways
increase in diameter in the first generations. The number of elements for each
order and their average diameter and length are given in Table 3. Depending on
their location in the airway tree, elements are either a series of multiple segments
or just one segment.

The connectivity matrix is given in Table 4; the values are the number of
daughter branches of each row order springing from parent elements of each column
order, divided by the total number of branches in the column order. For example,
the value 1.343 was calculated by dividing the total number or order one elements
coming from order two elements, 47, by the total number of order two elements,
35. As shown by the values in the matrix diagonal, some elements of the same
order may be connected in parallel if the minor and major branches have the same
order. The value 0.4 in the lower triangle of the matrix shows that there are order

five elements coming from order four elements.

3.4 Discussion

Despite numerous previous studies of conducting airway morphometry, none
of these studies have included all measurements needed to describe the airways

three-dimensionally. Most airway measurements were collected from excised sili-
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Table 3.3: Element diameter and length for each order. SD: standard deviation,

Nejemn: number of segments

| Diameter (mm)

Length (mm)

Order
1

= W N

ot

Average
0.45
0.72
1.26
2.15
2.54

SD | Average SD | Nyem
0.06 0.31 0.75 | 62
0.09 2.31 1.75 | 35
0.16 6.15 3.04 | 11
0.13 6.29 4.24 5
0.15 3.16 1.82 3

Table 3.4: Connectivity matrix of elements in airway tree. Values are number of

elements in order m splitting from number of elements in order n, divided by the

total number of elements in each order.

Parent Element Order

1] 2 3 4 5
_E[1]0016 1343 1273 0 0
g &l2] o 0171 2 08 0667
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Figure 3.8: Order analysis. Panel A shows the diameter as a function of order
number (diameter increases as order number increases) for both the segments and
the elements. Panel B shows segment lengths for major and minor airways as a

function of order.

cone lung casts imaged by electron microscopy [22] or from CT [12, 28, 35] MR [6].
Excellent contrast between the silicone airways and the background material re-
sulted in a high image resolution [Lee et al. = 43 microns [12] and Einstein et
al. = 125 microns [6]]. However, because imaging was performed ex vivo, there
is a danger that the casts may have deformed from their original physiologic in
situ shape. In-situ airway imaging in the Sprague-Dawley rat has been previ-
ously performed using micro-CT [4], however this study only captured the first
few airway generations. Ideally, a 3D airway atlas should include airway diameter,
length, gravitational, bifurcation and rotational angles taken from lungs in their

most natural state at the highest resolution possible. The present study provides
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all relevant geometric measurements taken from in-situ lungs of Wistar rats at a
greater resolution than previous in-situ studies. Airway variability between rats
of similar weight was first analyzed for the first four generations of conducting
airways. Next, measurements for up to 16 airway generations were compared to
morphometric data from previous studies [12, 23|. Lastly, the highly monopodial

airways were organized based on a diameter-defined Strahler ordering scheme [11].

Inter-animal Variability

Recently, patient or animal-specific 3D airway models have been used to
study lung mechanics, airflow and particle deposition using computational methods
3, 13, 33, 36]. Because the accurate description of airway morphometry is laborious
and time-intensive, subject-specific models need only be developed when inter-
subject variability is high. Using solid casts of eight human lungs, Nikiforov and
Schlesinger [18] previously measured the length, diameter and branching angle of
the first nine generations of conducting airways by measuring directly from the
cast, and showed high inter-subject variability in their measurements. The RSD of
length, diameter and branching angle was 0.42 + 0.11, 0.31 + 0.8 and 0.76 + 0.30,
respectively. These results strongly advocate for the use of subject-specific models
of the human lung. In contrast, the much lower inter-animal variability between
the Wistar rat lung shown by our and previous results suggests that generic airway
models may reliably be used in computational or lung mechanics studies of healthy
rats of similar size. These findings agree with previous studies which also showed

low inter-animal variability for same weight, strain and sex [15].

Sensitivity Analysis

An analysis was performed to assess user sensitivity of creating the morpho-
metric models. An independent operator created and measured the airway path
length and diameter of one of the rats used in the inter-animal variability study.
All diameter and path length measurements were within one standard deviation
measured between the four rats (see Fig. 3.2). Additionally, the average difference

between the mean values of Fig. 3.2, were 8.1 % and 8.8 % for the diameter and
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path length, respectively. The operator sensitivity was small and therefore was

assumed to be insignificant.

Extended Airway Model

Traditionally, airway tree dimensions have been organized based on gener-
ation number [15, 28]. Generation organization offers a straightforward technique
with which the morphometric data from several different studies may be easily
compared. Our results confirmed the expected finding that airway diameter and
length decreased with increasing generation number (Figs. 3.5A and B). However,
the variability of measurements within each generation was high and often larger
than the intergeneration variability (Figs. 3.5C and D). The large intra-generation
variability suggests that generation organization may not be the most appropriate
method to describe rat airways.

The rat airway tree exhibits both monopodial and dichotomous branching
characteristics depending on the branch location in the airway tree. The branches
springing from the lobar bronchus have a smaller diameter than their major sibling
(Fig. 3.4) for the left, diaphragmatic, cardiac and intermediate lobes. However, the
differences between daughter branches are smaller towards the periphery of the lobe
and as a consequence the branching pattern there becomes more dichotomous. In
contrast, the apical lobe exhibits a dichotomous branching pattern from the lobar

bronchus.

3.4.1 Comparison with Previous Studies

We observed relatively good agreement between our data and measure-
ments from Raabe et al. and Lee et al. (Figs. 3.2 and 3.5). The generation
average diameters for the extended model were 36.6 £ 11.4 % smaller than Raabe
et al.’s measurements and 22.1 4+ 6.7 % smaller than Lee et al. for the first seven
generations (Fig. 3.5A). Raabe et al. [23] used a silicone cast of a 330 g female
Long Evans rat at approximately TLC. This casting procedure caused the diam-
eters of the major bronchi to increase by ~15 % [23]. Lee et al.’s measurements

were taken on 302 g Sprague - Dawley rats at an airway pressure of 30 cm H>0.
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Trachea diameter has been previously shown to increase with airway pressure [27].
The different techniques, different airway pressure and larger animal weight likely
explain the higher values measured in these previous studies compared to data
from the present study. Segment lengths matched well with the previous studies
(Fig. 3.5B); however our measurements were slightly longer for most generations.
Our length measurements included airway curvature, while previous studies only
measured the linear length of the airway, and therefore this may have contributed
to the longer lengths measured. Gravitational and rotational angle measurements
agreed well with previous studies, while bifurcation angle did not. The average
gravitational angle was 2.6 % smaller than Raabe et al. and the average rotational
angle was 5.9 % larger than Lee et al. Since Lee et al. reported a possible error of 6
to 7 % in their angle measurements due to deformation of the cast while scanning,
this provides a possible explanation for this difference. Our measured bifurcation
angles (Fig. 3.6) were 36.7 % larger than those of Raabe et al. for the major
airway and 4.6 % smaller than those of Raabe et al. for the minor airways. Raabe
et al. reported a 0 bifurcation angle for many of the major bifurcations, however
a bifurcation angle was found for all airways in this study and therefore explains
the high difference between the numbers reported here and the number reported
by Raabe et al.

Our results for percent lobe volume agreed well with data of Raabe et
al [23] and Yeh et al. [35] (Table 1), with an average difference of 9.3 % compared
to values reported by Yeh et al. and an average difference of 3.7 % compared to

values reported by Raabe et al.

Order Organization

The diameter defined Strahler ordering scheme [11] was applied to the ex-
tended airway model to provide an alternate method for organizing the morpho-
metric data that better allows for high intra-generation variability and missing
airways due to the limitation in the image resolution. Incorporating both airway
diameter and location in the airway tree ordering system allows us to obtain lower

intra-order variability compared to ordering with diameter alone. Additionally, the
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increased variability found in the fourth-ordered segments (Fig. 3.8) is likely the
result of the non-monotonic decrease of airway diameter from the trachea to the
peripheral airways. Typically, in this type of order analysis, there would be only
one segment of the highest order (order 5 in this case). However, because the di-
ameter of the airways increases in the main bronchi before monotically decreasing
with increasing generation number [6], six order 5 segments were measured.

A connectivity matrix describes the branching of the airway tree based on
the number and order of the elements. The upper diagonal of Table 4 shows that
most of the elements of order n branch from parent elements order n + 1. When
daughter branches are of the same order as the parent branch, this appears as a
diagonal entry in the connectivity matrix. Typically, daughter elements do not
have a higher order than their parent element, however due to increasing diameter
in the major right and left bronchi, there were order 5 elements springing from

order 4 elements.

3.4.2 Physiological Relevance

An extended geometric description of the airways is highly desirable for
accurate predictions of airflow and particle deposition. Airway dimensions and
angle measurements are needed to solve equations that govern fluid dynamics or
particle physics. The inclusive dataset provided here can be used to construct
typical 3D rat airway trees for use in future computational studies.

Airway resistance, a physiological measure of pressure drop for a given
flow rate, may be used to aid in airway disease diagnostics [1, 8]. Also, airway
resistance may be used as a downstream boundary condition in numerical models
[30]. Assuming Poiseuille flow, airway resistance may be calculated for each airway

using

64l
R pr—
wd*

where 4 is the fluid viscosity, 1 is the length of the segment and d is the

(3.8)

diameter of the segment. The resistance for airways in series is additive. The

resistance for airways in parallel is the inverse of the sum of the inverse of the
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resistances. The total resistance in the rat airways for the bronchioles, that this
model represents, was calculated by summing the resistance of each airway. The
resistance calculated using the exact tree structure was compared to the an esti-
mated resistance computed using the average lengths and diameters and the airway
tree described by the connectivity matrix [29]. The total resistance was 0.0046 cm
H20-s/ml and the approximate resistance was 0.0039 cm %. The small dif-
ference (less than 15 %) demonstrates the usefulness of the connectivity matrix in
estimating relevant physiological parameters.

Airway resistance in Wistar [17] and Fischer [5] rats has been previously
measured using the alveolar capsule technique. Nagase et al. [17] found the air-
way resistance to be 0.066 = 0.010 cm H20-s/ml and Dolhnikoff et al. [5] found
the airway resistance to be 0.051 £ 0.012 %. Both of these studies found
the airway resistance to be larger than what was found using the morphometric
data. However, the resistance calculated with the morphometric data only includes
Poiseuille resistance, and not the additional resistance that occurs in the presence
of bifurcating airways. Pedley et al. [19] described the resistance for a bifurcating

system to be

Re— (3.9)

where R, is the Poiseuille resistance, C is a constant, 1.85, Re is the
Reynolds number, d is the diameter of the airway, and L is the length of the
airway. Using the experimental breathing conditions given by Nagase et al. [17]
(tidal volume of 9 %, breathing frequency of 60 %, the morphometric data of
our extended rat model and applying Pedley’s equation, the resistance was found
to be 0.0489 %. Decreasing and increasing the airway diameter throughout
the model by 5 % resulted in a calculated resistance of 0.060 % and 0.0402
%"’?_8, respectively. Assuming an isotropic expansion of the lung, a decrease in
airway diameter of 5 % would result in a decrease in lung volume of ~40 %. Our
airway model is based on images of lungs inflated at an airway pressure of 20 cm
H20, which is close to total lung capacity. Reducing the lung volume by 40 %

from total lung capacity would result in lung volumes similar to those occurring
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during tidal breathing, i.e to those encountered in Nagase et al. [17] and Dolhnikoff
et al. [5] studies. The calculated resistance for the model with decreased airway
diameter agrees well with those experimentally measured by the alveolar capsule

technique.

3.4.3 Limitations

The rat airways were measured inside the thoracic cavity from in-situ MR
images. While in-situ imaging offers the advantage of obtaining measurements
from lungs in their most natural state, such approach resulted in images with a
smaller resolution than previous studies have obtained with lung casts [6, 12]. The
voxel size (0.2 x 0.2 x 0.27 mm) was chosen such that there was sufficient tissue to
airway contrast. This resolution limited measurements to airways with a diameter
larger than 0.4 mm, with a potential measurement error of 33 %. To obtain the
in-situ images, the lungs were first filled with a contrasting fluid to avoid air /
tissue artifacts and to be able to identify the airways in the images. In most
cases the lung filled uniformly, except for the periphery of the diaphragmatic and
intermediate lobes. The uneven filling resulted in a limited amount of contrast,
which made it difficult to identify some of the peripheral airways in these lobes.
The liquid-filled lungs may have expanded the lungs more than air-filled lungs,
however this expansion is likely to be less than in silicone-filled lungs that are
traditionally used in morphometric studies. Silicone has a larger viscosity than
the PBS and agarose mixture used in this study and therefore requires a larger
pressure force to fill the lungs [6]. Silicone-filled lungs may thus be artificially more
over-expanded than liquid-filled lungs.

Errors in defining the bifurcation end point location may be present due to
the difficulty in determining the exact bifurcation location of the airways from the
MR images. In an attempt to decrease uncertainty, we also measured bifurcation
angles using end points at mid-lengths of the daughter branches, however this
did not reduce our variability as measured by RSD (Fig. 3.2). The 3D airway
trees were manually segmented from the MR images, and additional uncertainties

may arise from noise in image data. Despite these limitations, the airways were
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accurately described both geometrically and spatially, and findings agreed well
with previously reported data.

It should be noted that airway disease may alter the morphometry of the
lung and that these alterations are likely to be heterogeneously distributed among
airways. A previous study by Lee et al. [12] demonstrated the importance of
airway-to-airway comparison between animals in characterizing the influence of air
pollutants on lung development. It is also known that bronchial airway diameter
decreases with asthma and COPD [9], however the heterogeneous distribution has

not been fully investigated.

3.4.4 Summary

This paper is the first to present in-situ morphometric measurements from
MR for airway diameters greater than 0.4 mm in healthy Wistar rat lungs. The
little inter-animal variability found in the first four airway generations strongly
suggests that a generic model can adequately describe the airway morphometry
of rats of similar size. Measurements from this study matched previous studies
for airway length, gravitational, minor bifurcation and rotational angles. However
the major bifurcation angles were larger than the previous studies and the airway
diameters were smaller than in previous studies. The rat lungs proved to have both
dichotomous and monopodial characteristics, depending on the lobe and location
in the lung. Organizing the measurements using the diameter-defined Strahler
ordering scheme resulted in low intra-order variability for airway lengths and di-
ameters and proved to be a useful tool to calculate physiological parameters such

as lung resistance.
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Chapter 4

Deposition of Aerosol Particles:

Assessed with MRI

4.1 Introduction

Inhaled aerosolized particles are widely used for therapeutic drug deliv-
ery in patients with pulmonary diseases. Selective treatment of the lungs may
be achieved by delivering high drug concentrations to the airways. For example,
targeted deposition may improve the efficiency of therapeutics in asthmatic pa-
tients [24] or lead to the ability to deliver aerosolized chemotherapy to lung cancer
patients [27]. Additionally, the lung is increasingly being used as a portal of entry
for aerosolized drugs designed to act systemically [12, 18], e.g. insulin for diabetes
patients [28]. The success of inhalation therapy does not only depend upon the
pharmacological properties of the drugs being inhaled, but also upon the site, ex-
tent and distribution of deposition in the lung. As such, a better understanding
of regional particle deposition could enhance both the safety and the efficiency of

inhaled pharmaceuticals [30].

Several imaging methodologies have previously been developed to evalu-
ate aerosol deposition in both human and animal subjects. These include gamma

scintigraphy [3, 5, 24, 29], PET [7], SPECT, [8, 11] and more recently MRI [13, 19].

82
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Gamma cameras capture either 2D (gamma scintigraphy) or 3D (SPECT) images
of deposited particles labeled with a radionuclide (typically %™Tc) to measure
peripheral and central distribution of deposition [5] as well as lung clearance [3].
The advantages of 3D PET lie in the ability to achieve a better image quality
than SPECT [7], as well as the capability to attach the radionuclide label directly
to the drug molecule. Thus far, deposition quantification using MRI has only
been performed in animal studies, using either iron oxide particles [13] or gadolin-
ium [4, 9, 9, 14, 19, 21].

Historically rodents have been utilized to study particle deposition mainly
because they are inexpensive and commercially available, laboratory rodent strains
are genetically identical, their anatomy is similar to humans, and highly invasive
techniques may be used. Conventional slicing methods [16, 17, 22], MR imag-
ing [13] and CT/SPECT imaging [11] have been used previously to study de-
position in rodents. Raabe et al. [16] determined that there was an enhanced
nasal-pharyngeal deposition for particles with diameter greater than 3 um, com-
pared to particles with diameters of 1 and 0.3 ym. In a different study, Raabe et
al. [17] found that weight-normalized particle deposition was higher in the upper
right lobe (apical) [1] compared to the other four lobes for 1 um-diameter particles
in rats. Sweeney et al. [22] found that particle deposition was lower in emphyse-
matous hamsters, compared to healthy hamsters, for 0.45 pm-diameter particles.
In mouse lungs, Martin et al. [13] found central deposition to be higher than pe-
ripheral deposition, for particle diameters of 5.6 pm. Recently, Kuehl et al. [11]
characterized the deposition of several sizes of radioactive particles in both mice
and rat lungs using 3D CT/SPECT imaging methods and found higher overall
and peripheral deposition as the particle diameters were decreased from 5.0 to 0.5
ums. Fach of these previous studies advanced the knowledge of particle behavior
in the lung. However, these studies either exposed the rodent in an uncontrolled
manner, used polydisperse particles [11, 13|, required slicing of the lung [16, 22],
or used imaging techniques that introduced large artifacts in the images which was

caused by a large signal intensity in the vasculature [13].
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The goal of the current study was to use MRI to characterize the 3D regional
distribution of deposited particles in the lungs of healthy rats. To do so, super
paramagnetic iron oxide (SPIO) particles were delivered to rat lungs in a controlled
manner. The set of lungs were then excised, fixed at an airway pressure of 20
cm H50 and then imaged in a MR scanner. The iron particles created local
disturbances in the magnetic field, which resulted in an increased signal decay rate,
R;. compared to particle free lung tissue. Using data analysis methods similar to
those used in gamma scintigraphy [5], regional deposition was characterized by the
central to peripheral deposition ratio, 1%' This study is the first to quantify particle
deposition in lungs using the MR signal decay rate, Rj. This work also improved

on several previous MRI studies in animals that only reported global measures of

ventilation [4, 9, 14] or whole lung deposition [19, 21].

4.2 Materials and Methods

4.2.1 Aerosol Delivery and Animal Preparation

The study protocol was approved by the University of California San Diego
Institutional Animal Care and Use Committee (IACUC). Twelve adult male Wistar
rats with mean body weight of 250 + 14 grams were deeply anesthetized with an
intraperitoneal injection of 60 mg of pentobarbital sodium per kg of body weight.
Once the pain reflexes were abolished, a 15-gauge plastic catheter was inserted into
the trachea.

Rats were connected to a rodent ventilator (Harvard, model # 683) and

ventilated for 40 minutes at a tidal volume of 2 ml, a breathing frequency of
80 breaths

min

a positive expiratory pressure (Peep) of 1 cm H,0, and a maximum
pressure of 11.2 + 0.8 cm H50, measured at the trachea. Twenty minutes into
the delivery, and while the rats were still connected to the ventilator, 500 units of
heparin were delivered intraperitonally to inhibit intravascular blood coagulation.
Six control rats were ventilated with room air and six rats were ventilated with
room air containing aerosolized SPIO particles. The particle delivery system is

shown in Figure 4.1.
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Figure 4.1: Rat aerosol delivery experiment configuration. Aerosol was generated
with a nebulizer, dried by going through a heated diffusion dryer and then stored
in a rubber aerosol bag. The mechanical ventilator pushed the aerosol into the rat
lung during inhalation and then the rat passively exhaled into the P, jar during

exhalation.

The aerosol was made of mono-disperse magnetic polystyrene particles with
a geometric diameter of 0.95 um and a coefficient of variation of < 5% (Kisher

Biotechnologies). The particles were made by coating a layer of iron oxide and

polystyrene on polystyrene core particles and they had a density of 1.35 —4;, re-

cm3?
sulting in an aerodynamic diameter of 1.2 ym. The particles were supplied in

suspension (25 74 water), and the concentrate was diluted in a 1:4 ratio with

water and dispensed via an Acorn II nebulizer (Marquet Medical Products, Inc).
Before being stored in a bag, the aerosol flowed through a heated tube and a

diffusion dryer to remove water droplets. The aerosol concentration was ~ 5000

particles
ml

sizer (APS3321, TSI). The size analysis showed that the fraction of doublets and

of air. The aerosol generated by the nebulizer was checked with a particle

triplets in the aerosol was < 10 % with a mean geometric diameter of 1.04 pm.
When doublets and triplets were excluded from the calculation, mean geometric
diameter was 0.94 pum confirming the size provided by the manufacturer. MMAD
of the samples was 1.218 um.
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After the aerosol exposure, rats were given a lethal dose of pentobarbital
sodium intraperitonally. The blood was removed from the lungs by vascular per-
fusion with a mixture of heparin and saline (1mL heparin: 100 mL saline) through
the pulmonary artery at a pressure of 15 cm HO for 10 minutes. The lungs were
then perfusion fixed at an airway pressure of 20 cm H,O with fixative (3 percent
glutaraldehyde in 0.01 M phosphate buffer solution) for 20 minutes at a flow rate
of 10 - 15 n% The lungs were excised and stored in custom-made MR compatible
containers. Each container held three sets of lungs immersed in fixative and held
in place with gauze. Prior to imaging, each container was degassed under a light
vacuum for approximately two weeks until all air bubbles were removed from the
lungs. The container was then placed into the middle of a larger container of wa-
ter (see Field Homogeneity section). This process minimized air/tissue/container

interface artifacts during MR imaging.

4.2.2 Imaging

All MR imaging was performed on a 3T General Electric Signa HDX MR
scanner. A gradient echo sequence was used with a repetition time (TR) of 2 sec,
a flip angle of 20° and a field of view of 13 cm. The polyacrylate MR compatible
container was placed in the center of the GE 18 ¢m diameter transmit and receive
knee coil. Using the smallest diameter imaging coil that accommodated the sample
container, maximized available signal to noise ratio. Approximately 32 transaxial
images were obtained for four echo times (TE). The four TEs were chosen to fully
describe the decay of the signal intensity. The shortest TE was 8.2 msec, the
minimum prescribable by the scanner for the specified set of imaging parameters.
The longest TE was chosen such that the resulting signal intensity was at least
three times the standard deviation of the background noise. The resulting images
had an in-plane resolution of 500 um and a thickness of 1 mm. Three scan protocols
were performed: field homogeneity validation, particle concentration calibration,
and lung imaging. Each protocol required unique TEs and these are given in each

respective section.
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4.2.3 Calculation of R;

The signal intensity decay for increasing echo time is characterized by the
decay rate, Rj, where R} is the reciprocal of the signal decay time constant, 75

The rate of the signal decay can be approximated by

SI = Age”TE (4.1)

where ST is the signal intensity, Ay is an unknown parameter that represents the
signal intensity when TFE is zero, and R; is the rate of decay of the SI. An
example of the decay curves are shown on Figure 4.2. For each transaxial slice,
R; was calculated for each voxel by linear regression of the log of equation 4.1.
Only TEs for which the signal intensity was larger than three times the standard
deviation of the background noise were used for the linear fits. Therefore, in some
cases (less than 5 %), only three echo times were included in the linear regression.
The coefficient of determination, R?, was calculated for each fit and only voxels

with R? > 0.75 were used for the statistical analysis.

4.2.4 Field Homogeneity

Prior to imaging the rat lungs, a field homogeneity analysis was performed.
The container was filled with fixative and imaged with TEs of 8.2, 40, 100 and
300 msec. The measured signal decay rate, Rj, resulted from both the fluid being
imaged (Ry) and the inhomogeneities in the magnetic field (R}), Ry = Rs + R5.
The inhomogeneities in the magnetic field, R, may be impacted by the RF coil,
air /tissue interfaces and objects that induce magnetic susceptibility.

Large inhomogeneities were found when the polyacrylate container was filled
with only fixative. Imaging was repeated with the container secured into the center
of a cylinder of water with a diameter approximately 4 cm larger and 10 cm longer
than the container. The signal decay rate, R;, was calculated for each voxel and

ROIs were drawn for each transaxial slice to calculate the mean and SD of R5.
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Figure 4.2: Example of the decay of the signal intensity for increasing TE for a
voxel from a particle-free and exposed lung, respectively. In this example, signal
intensity was the same for both voxels at the echo time of 100 msec. Exponential
fits were found by linear regression of the log of the signal intensity. The R} is

higher (signal decay rate is more rapid) in the voxel containing the SPIO particles.

4.2.5 Particle Concentration Calibration

A calibration curve relating R} and concentration of deposited particles
was obtained by imaging known particle concentrations. Two containers were filled
with a gel mixture (0.75 percent agarose with fixative) and punched with six evenly
spaced cylindrical holes of 5 mm in diameter. The holes were filled with known
particle concentrations of 0, 1.56, 3.13, 6.25, 12.5, 25.0 £4 suspended in the agarose
gel mixture (Figure 4.3, left panel). The containers were imaged with TEs of 8.2,
20, 40 and 80 msec. R; was calculated for each voxel. ROIs were drawn around
each particle concentration mixture for ~ 12 transaxial slices. Linear regression
with 95 % confidence intervals was performed to find the relationship between R}
and the known particle concentrations. An additional phantom experiment was
performed where phosphate buffer solution (PBS) and agarose were used to create

the phantom in order to test the sensitivity of the resulting slope on the medium
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in which the particles were embedded.
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Figure 4.3: Left Panel: MR image of the particle concentration phantom with
known particle concentrations. Brightest circle has the largest particle concen-
tration and darkest circle (non detectable on this image) does not contain any
particles. Right Panel: The linear relationship between Rj and the particle concen-
tration. Data are shown as mean with error bars corresponding to the inter-voxel

variability (SD) of particle concentration.

4.2.6 Lung Particle Deposition

Each container of three sets of rat lungs were imaged at TEs of 8.2, 40, 100
and 200 msec, with an imaging time of approximately 3.5 hours. Imaging time was
determined by several factors including 1) the repetition time (TR = 2 sec), so that
longitudinal effects on the MR signal could be minimized, 2) the number of echo
times (four in this sequence), 3) the number of phase encoding steps (i.e. 256 steps),
4) the number of slices (~32), and 5) the fact that data was collected in duplicate,
to reduce the signal to noise ratio. Mean and standard deviation of R} values were
computed from each slice by drawing ROIs around the left lung. ROIs were defined
for each rat individually and the main bronchioles were used as an anatomical
reference. The left lung was selected to be analyzed because it comprises of only
one lobe, whereas the right lung consists of four lobes. Sub ROIs delimiting the

central and peripheral regions were defined as follows: for the transaxial slices
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located in the mid-portion of the lung (i.e. for the slices encompassing the region
surrounding the main bronchus), both a central and peripheral region was defined
on each slice as shown in Figure 4.4, while the transaxial slices located at the apex
and the base of the lung only included peripheral tissue. The central region was
then summed together to form a 3D central region. Similarly, all peripheral regions
were added together to form a 3D peripheral region. In this manner the central
region made up about 25% of the lung with the remaining 75% consisted of the
peripheral region. With this definition, both the central and peripheral regions

contained small airways and parenchyma, whereas the central region also included

SD
mean

large and medium sized airways. Relative dispersion (RD = ) was computed
for each ROI. The higher the RD, the more heterogeneous the R} measurement
within the ROL.

On average, the left lung spanned 23 £ 3 slices of the 32 images within
the MR data set. The distribution of R; along the apex to base of the left lung
was assessed by grouping slices in ten bins uniformly distributed along the apex-
base axis. Each bin contained R} values for two or three images (ie: covering
approximately 3 mm in the superior inferior direction).

Particle concentration (Cpa,¢) was computed by

R; — R;

2control (42)

Cart -
P m

where R;  is the mean R for all of the control lungs and m is the

ol
slope calculated from the particle concentration calibration experiment (Figure
4.3). The implicit assumption made by using the same slope (m) to calculate the
concentration of deposited particles in the lung is that the presence of particles
affect R; independently of the medium in which the particles were embedded in
(lung tissue in fixative or agarose-fixative solution). A similar assumption was
made in a previous particle concentration MR study by Martin et al. [13] who
used a linear relationship between particle concentration and 7} measurements to
quantify particle deposition in mice.

Particle concentration was calculated for each voxel within each ROI for all

control and exposed lungs. For each rat, normalized regional C,,+ was obtained
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Figure 4.4: Top Panel: An example MR image of the polyacrylate container
housing three sets of rat lungs. A control lung is shown in the top left position and
two exposed lungs in the bottom and right positions of the container. The lung
outlined in blue is an example of an ROI drawn for the left lung. Bottom Panel:
The two regions analyzed; the outer (purple) ROI represents the periphery of the
lung and the inner (green) ROI represents the central region, which contains large

and small airways as well as peripheral tissue.

by dividing each voxel in the central and peripheral regions by the mean C,q, for
the entire left lung. Mean and SD of central and peripheral particle concentration
(£%) was computed from all the voxels spanning each 3D region for each exposed
rat. the mean particle concentration of the central (c¢) and peripheral (p) regions
was used to calculate the central to peripheral ratio, i.

Finally, to check for gravitational dependence on particle deposition re-
sulting from any gravitationally-induced differences in ventilation, two additional
ROIs were drawn. The ROIs were defined such that approximately half of the lung

was outlined as the dependent (dorsal) and half the lung was the non-dependent
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(ventral) regions of the exposed lung. The ratio of dependent to non-dependent

region of the lung was then calculated.

4.2.7 Statistical Analysis

Data for R3, RD and C),,; were grouped on the basis of three categorical
variables: (i) percent axial distance from the apex of the lung (10 levels), (ii) ROI
(2 levels: central and peripheral), and (iii) exposure condition (2 levels: control
and exposed lungs). A two-way ANOVA for correlated samples was used to test
for differences in R} across the lung depth for the control and exposed lungs (Fig-
ure 5.11), and to test for differences in Rj, RD, and C,,, for each ROI for the
control and exposed lungs (Table 4.1). Post-ANOVA, pair-wise comparisons using
Bonferroni adjustments were performed for tests showing significant F ratios. To
compare each region within each category (i.e.: control and exposed separately) a
one-way ANOVA test was used with the Tukey Multiple Comparison post-hoc test
(Table 4.1). The paired t-test was used to compare overall central to peripheral
concentrations. Significant differences were accepted at the p < 0.05 level. Outliers
were determined using the Grubbs test and removed from the data analyses. All
statistical analyses were performed with Prism (GraphPad, San Diego, CA). One
set of lungs from the exposed group was removed from the data shown in Figure
5.11 as it was determined to be a statistical outlier and its 1?5 values were similar

to the control lungs, suggesting that this rat did not receive any particles.

4.3 Results

4.3.1 Field Homogeneity

Figure 4.5 shows the axial-averaged R; and the respective SD within slices
for the field homogeneity tests. When the polyacrylate container was imaged on
its own, R} varied considerably both between slices and within an image slice, as
demonstrated by the large SD bars. The signal decay rate was greatest at both ends

of the container and least in the center slices. In contrast, when the container was
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submerged in a larger cylinder filled with water, R} did not vary either in the axial
direction or within each slice. These results suggest that the field inhomogeneities
in the container arise predominately from the air/container interface and these field
inhomogeneities were removed when the polyacrylate container was submerged in
the large cylinder of water. Therefore, for all subsequent imaging sessions the

container was submerged and secured in the center of the water-filled cylinder.
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Figure 4.5: Rj measurements from field homogeneity experiments. The circles
represent the measurements when the polyacrylate container was imaged on its
own and the squares represent data from the polyacrylate container submerged in
a larger container filled with water, with error bars representing the inter-voxel
variation (SD) within an image (SD for the data with the submerged container
is smaller than the symbols). The submerged container showed no R} variation

along the axis as well as a small standard deviation within the image.

4.3.2 Particle Concentration Calibration

The left panel of Figure 4.3 shows the R map of the particle concentration
phantom. Particle concentration was highest for the brightest circle and decreases
counterclockwise around the image. The right panel of Figure 4.3 shows the mea-
sured R; for the two experiments performed with the phantom made of a solution

of agarose in fixative and the linear relationship between the measured Rj and
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the known particle concentration. The slope of the calibration curve was 0.00107

ng
mLxsec

three lowest particle concentrations (0, 1.56, 3.13 £%) and was 0.00105 —#—

mL—sec”’

with a R? of 0.98. The slope was re-calculated using only the data for the

This small change (1.7 %) suggests that the particle slope was not highly influ-

enced by the higher concentrations. The slope of the calibration curve from the

phantom made with PBS was 0.00126 —*¢— and was not statistically different

from that obtained with the fixative-agarose phantom (p = 0.876).

4.3.3 R; in the Control and Exposed Lungs

An example of the increased signal decay rate in a voxel containing particles
and lung tissue, compared to a particle-free voxel with only lung tissue, is shown
in Figure 4.2. One set of lungs from the exposed group was removed from the data
shown in Figure 5.11, as it was determined to be a statistical outlier, and the R}
values were similar to the control lungs, suggesting that there likely was an error in
the particle exposure for this rat. The R} values are plotted in Figure 5.11 based
on their apex to base location in the lung for both the control (open squares) and
exposed lungs (black circles). Data are shown as means + SD, averaged over all
animals in each group. Overall, R} in the exposed lungs was significantly higher
than in the control lungs (p< 0.001) for the entire left lung. In each group, R was
not affected by the slice’s superior-inferior position, except at the base and apex
of the lung of the exposed animals, where R} was significantly higher than in the
other slices (see Figure 5.11). As there was little variance in Rj in the superior-
inferior direction of the lung, the bin averaged R} did not depend on the number
of image slices within a bin. Rj and its relative dispersion are listed in Table
4.1 for the entire left lung and for the central and peripheral regions, respectively.
Statistical comparison between the control and exposed groups is also shown along
with the statistical analysis within each group. The relative regional volume of the
central and peripheral regions were 26.6 & 1.6 % and 73.3 & 2.3 % for the control
lungs and 25.8 4+ 3.9 % and 74.1 + 4.4 % for the exposed lungs, respectively. For
all regions, R; was significantly higher in the exposed lungs than in the control

lung. As expected, there was no significant difference in R} between regions for the
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control lungs. In the exposed lungs, R; was significantly lower in the central region
when compared to the entire lung and was significantly higher in the peripheral
region compared to the central region. However, R; in the peripheral region did

not significantly differ from R; in the entire lung.
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Figure 4.6: Average R; measurements from the apex to the base of the left lung
for the control and exposed rats. Error bars represents the inter-rat variability
(SD). The R; measurements did not change significantly in the axial direction for
the control regions. The base Rj was significantly different (p<0.05) from slices
marked with x and the apex R} was significantly (p<0.05) different from slices
marked with $. * p < 0.001

Compared to controls, RD was significantly higher for all regions of the exposed
lungs (Table 4.1). Within each group, there was a significantly higher RD in the
central region when compared to the entire lung with a relative increase of 27.8 4+

20.0 % and 17.9 £ 13.2 % for the control and exposed lungs, respectively.

4.3.4 Particle Concentration

The particle concentration in the exposed lung was 1.42 £ 0.60 £% (mean
+ SD) with a 95 % confidence interval ranging from 1.34 to 1.49 £%. Using the
slope derived from the PBS phantom, the particle concentration was 1.19 L4 i.e:

16 % lower than the particle concentration calculated from the calibration curve
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Table 4.1: R, Relative Dispersion (RD) and Particle Concentration for the En-
tire, Central and Peripheral regions of the left lung with statistical comparison
between group (E vs. C) and within each group (C, E). 1 ({) indicate an increase
(decrease) for p < 0.05, p < 0.01, p < 0.001, with 1, 2 or 3 arrows, respectively.

R; msec™!
Control (C) Exposed (E) Evs. C C E
Entire Lung 0.0050 4+ 0.0003 0.0065 £ 0.0006 ™1 Central vs. Entire N.S. 4
Central 0.0051 £ 0.0003 0.0061 + 0.0004 ™ Peripheral vs. Entire N.S. N.S.
Peripheral ~ 0.0050 + 0.0003 0.0067 % 0.0004 T Peripheral vs. Central N.S. 11
RD of R}
Control Exposed Evs. C C E
Entire Lung  0.192 £ 0.032 0.258 + 0.026 T Central vs. Entire T 0
Central 0.240 + 0.049 0.309 4+ 0.043 T Peripheral vs. Entire  N.S. N.S.
Peripheral 0.169 £ 0.030 0.234 4+ 0.025 1 Peripheral vs. Central ||}  J{
Particle Concentration £4
Control Exposed E vs. C C E
Entire Lung 0.00 £+ 0.30 1.42 + 0.60 N.A. Central vs. Entire N.A. |
Central 0.03 £ 0.31 1.00 = 0.39 N.A. Peripheral vs. Entire N.A. N.S.
Peripheral -0.02 £ 0.30 1.54 + 0.70 N.A. | Peripheral vs. Central N.A. 11

obtained from the phantom made with fixative. The central to peripheral ratio, ]%,
was 0.65 + 0.12. The § ratio was independent of the slope used, as the relationship
between R} and particle concentration was linear. To eliminate any differences in
exposure concentrations, the regional particle concentration was normalized by the
total particle concentration for each rat. The peripheral normalized concentration
(1.10 £ 0.04) was significantly higher (p < 0.003) than the central normalized
concentration (0.68 £ 0.11). This normalized particle concentration was similar
between rats, with a RD of 0.15 and 0.03 for the central and peripheral regions,
respectively, However, there was a high variability in particle concentration within
each rat, for both the central (RD = 2.45 + 1.53) and peripheral regions (RD =
1.18 4+ 0.51).

In the gravitational analysis, the ratio of the concentration of deposited
particles in the non-dependent to the dependent region of the lung was 1.45 +
0.77. This gravitational ratio was not statistically different than 1, suggesting that

there was no relationship between particle deposition and gravity.
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4.4 Discussion

The principal objective of this study was to use magnetic resonance imaging
to determine the regional distribution of aerosol deposition in the lungs of small
animals. Few studies have used aerosolized MR contrast agents to evaluate pul-
monary drug delivery [13, 19] and the majority of these previous studies have used
MR contrast agents to study regional lung ventilation [4, 9, 14, 21]. Sood et al. [19]
ventilated piglets with aerosolized Gd-DTPA and imaged them in a 4T MR scanner
using a 77 weighted spin-echo sequence. Pulmonary aerosol deposition was then
assessed by increases in signal intensity on the MR images of exposed animals com-
pared to baseline conditions in the same animals. Martin et al. [13] exposed mice
to iron oxide particles and used an inversion-recovery fast spin echo pulse sequence
to quantify longitudinal relaxation time (77) of the lungs. Regional concentration
of deposited particles was then assessed by differences in T} values between a group
of exposed mice and a group of controls. In this study, we focused on the decay
rate, R3, to quantify aerosol deposition in the lungs of ventilated Wistar rats. We
showed that lungs exposed to SPIO particles had a significantly higher R; than
particle-free lungs. Additionally, we found that for these particles, the deposition
in the peripheral region was significantly higher than in the central region, with a

127 of 0.65 £ 0.12.

4.4.1 R; in the Control and Exposed Lungs

R} was significantly higher in the exposed lungs (Figure 5.11) because of
the increase in magnetic field inhomogeneities resulting from the presence of SPIO
particles in the lung tissues. While R; was also relatively constant over most of the
lung slices of the exposed animals, R} was higher at the base and apex of the lungs
when compared to the other slices (Figure 5.11). While the central slices contained
both lung parenchyma (peripheral region) and conducting airways (central region),
the base and the apex of the lung mainly included lung parenchyma for which R;
was significantly higher than in the central region (Table 4.1). Therefore, the
higher R} at the apex and base of the lung likely resulted because these regions
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only contained peripheral tissue where concentration of the deposited particles
was higher than in the central region. Other factors such as variability in the
lung thickness or in the MR measurements are unlikely to explain the higher R}
measured at the apex and the base of the lung. Indeed, variability in lung thickness
from apex to base of the lung had little effect on Rj, as there was no change in R;
along the depth of the control lungs. Measurement variability also appeared to be
minimal based on data obtained from two different imaging sessions of the same
exposed lung, where averaged R} varied by about 0.08 %.

The impact of lung structure on the relative dispersion (RD) of Rj was
characterized by RD values measured in the control lungs. The increase in RD
between the control and exposed lungs reflected the dispersion which resulted
from the presence of particles that were deposited in the lungs of exposed animals.
RD was highest in the central region in both the control and exposed lungs (Table
4.1). This is likely the result of more heterogeneity in lung density in this region
as some of the large airways had diameters comparable or even larger than the
in-plane voxel size of 0.5 mm. As a result, some of the voxels of the central region
only contained fixative (low R3) while other contained a combination of airway
wall, lung parenchyma, deposited particles and fixative (high Rj). Comparing the
central region to the entire lung, there was a higher percent change in RD for
the exposed lungs compared to the control lungs, indicating that some particles
deposited on the large airways. There was no difference in the percent change in
RD from peripheral to entire lung region between the control and exposed lungs.
However, R} was higher in the peripheral region of the exposed lungs than in the
control lungs. This suggests that deposition in the lung periphery was uniform
between voxels, however it is unknown if this uniformity still exists at the sub-
voxel level. It should also be noted that the increase in RD between control and
exposed lungs most likely reflects the presence of deposited particles and is not the
result of signal noise. When up to five times the standard deviation of the noise
was added to the signal intensity of one exposed lung, RD increased by 3.4 %
above that calculated from the original dataset (no added noise). Such an increase

is much smaller than the increase in RD seen between the exposed and control
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rats.

4.4.2 Particle Concentration

Using the linear relationship found between Rj and particle concentration
in the phantom experiment (Figure 4.3), the concentration of particles was deter-
mined in both the control and exposed lungs (see Table 4.1). As expected, particle
concentration (Cpqet) averaged zero in the control lungs. The standard deviation
of Cpere in the control rats (Table 4.1) represents the variability in the measure-
ments due to the presence of residual blood and tissue density unevenness, both
of which affect Rj. However, this variability was small compared to the concen-
tration of particles found in the exposed rats (Table 4.1). The uncertainty in the
slope derived from the phantom calibration had a minimal impact on the particle
concentration in the exposed lungs as the 95 % confidence interval of Cp, was
less than the standard deviation of Cp,+ between rats. The variability in Cpgre
between rats was most likely due to differences in exposure concentrations, as the
variability in morphometry between rats of the same strain, weight, sex and health
is minimal [15].

The concentration of particles in the periphery was 54 % higher than in
the central region of the left lung. These results agree with a previous study by
Raabe et al. [16], where Fisher rats were exposed to radiolabeled particles ranging
between 0.3 and 10 pum through nose-only breathing. Deposition in the bronchial
and pulmonary regions was quantified based on estimation of total inhaled activity
and on activity measured from the deposited particles in the two regions of the
lung. For 1 pm-diameter particles the study found that more particles deposited
in the lung periphery than in the bronchioles. However, a z_i ratio could not be
calculated from this data as the bronchial and peripheral regions were defined
differently. More recently, Kuehl et al. [11] investigated aerosol deposition patterns
of radiolabeled polydisperse particles with MMAD of 0.5, 1, 3 and 5 um using
SPECT/CT techniques both in rats and mice. Regional deposition was quantified
using an onion model [11]. Similar to this study, Kuehl et al [11] found that, for

1 pum particles, deposition was higher in the lung periphery than in the central
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airways, however a central to peripheral ratio was not provided.

While the actual number of particles was not measured during each animal
exposure, deposition efficiency was estimated based on average concentration of
aerosol generated by the nebulizer (5000 %, see Methods section) and on
the calculated concentration of deposited particles in the lung. For a breathing

breaths

frequency of 80 *=%=%  a tidal volume of 2 ml, an exposure time of 40 min and
assuming the aerosol delivery was distributed in proportion to regional volume (left
lung is 36 % of total lung volume [15]), a total of 11.5 % 10° particles was delivered
to the left lung. Based on the concentration of deposited particles calculated in
this study, 2.67 * 10° particles (i.e. 23 %) of particles delivered to the left lung
deposited. Assuming that aerosol deposition is proportional to the lung volume,
23 % of particles delivered to the rat deposited in the whole lung. Raabe et al. [16]
reported particle deposition as a percentage of total deposition in the pulmonary
(11 %), bronchial (8.2 %), larynx (1.3 %), trachea (0.14 %), skull (1.1 %) and
GI tract (7.6 %) for 1.03 pm diameter particles. Using this data, the estimated
deposition percentage for particles only delivered to the lung (as is the case for
mechanical ventilation) would be % = 21%, a value close to that found in the
present study.

In a modeling study, Darquenne et al. [6] showed that the delivery of inhaled
aerosols into the lung segments was dominated by convective processes for specific
particle sizes and breathing flow rates characterized by the Stokes” number. The
Stokes’” number is a non-dimensional parameter that denotes the importance of

inertial forces acting on the particle and is defined as:

ppdiu
18ud
where p, is the density of the particle, d, is the diameter of the particle,

Stk =

(4.3)

u is the velocity of the fluid, p is the viscosity of air and d is the diameter of the
airway. The study of Darquenne et al. [6] suggested that when the Stokes’ number
within the trachea was less than 0.01, particles and gas flow were proportionally
distributed to the lung segments with minimal deposition in the central airways.

For a tracheal diameter of 0.23 ¢cm [15] and the experimental conditions used in
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this study, the Stokes number in the trachea was 0.0068, supporting the findings of
enhanced particle deposition in the lung periphery compared to the central region.

Finally, no differences was found in particle deposition in the gravitational
dependent and non-dependent regions of the lung. The lack of gravitational de-
pendence is most likely because the gravitational height of the lung was small.
Verbanck et al. [25] also showed there was no gravitational influence on ventilation

in the rat lung.

4.4.3 Comparison with other MR Techniques: Advantages

and Limitations

Most of the previous MR studies of aerosol inhalation in small animals were
based on the longitudinal relaxation time T1 [13, 19, 20]. Using ventilated newborn
pigs, Sood et al. [19] acquired serial T}-weighted images of the lungs, kidneys, liver,
skeletal muscle and heart before and during a 90-minute exposure to aerosolized
Gd-DTPA. All images were taken at the same anatomical location and showed a
significant increase in signal intensity in the lungs and kidneys during aerosoliza-
tion. The significant increase in signal intensity in the kidneys but not in the other
organs suggested extensive alveolar absorption in the interstitial compartment, i.e
the extravascular and extracellular water spaces of the lungs. They also observed
higher increase in signal intensity in the kidneys compared to the lungs, which may
have been due to a combination of rapid clearance from the lungs, prompt elim-
ination and concentration by the kidneys and better MR visualization of a solid
organ free of air/tissues interfaces. While images were acquired in-vivo, no quan-
tification of aerosol deposition or assessment of regional distribution of deposited
particles was performed. In a follow-up study, the same group [20] acquired 3D
images of piglets ventilated with aerosolized Gd-DPTA, however aerosol delivery
to the lungs was indirectly measured through increase in signal intensity in the
kidneys and again no quantification of aerosol deposition was reported.

Aerosolized iron oxide particles have also been previously used as a contrast
agent to measure aerosol delivery to the lungs. Martin et al. [13] determined

the concentration of deposited particles delivered to mice in nose-only inhalation
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chambers. Imaging was performed post-mortem. They used a calibration of the

1 _ 1
70 = 7,0 T ac), where

changes of T7 values to the concentration ¢ of iron particles (
Ty is the baseline relaxation time constant of the tissue (i.e baseline T3 prior
to particle inhalation) and « is a constant determined based on experiments in
agar phantoms over the same concentration range as in the present study (i.e. 0
to 20 £%). While performed in-situ, the lung vasculature had a large effect on
T values. This effect was minimized by eliminating all voxels in the lung ROI
that had a signal intensity greater than a threshold value. Such post-processing
resulted in the removal of a significant number of voxels mainly in the central
region of the lungs. Further, the average 77 relaxation times in control animals
decreased with time after death, most likely because of redistribution of water
between the airway surface liquid, interstitial, and vascular spaces of the lung.
This required a correction to be applied to the data so that any decrease in Tj
was directly correlated to the presence of deposited particles. Even though it had
some limitations, this study was the first attempt at quantifying the number of
deposited particles in lung tissues using MRI.

The present study focuses on Rj decay rates rather than 77 relaxation times
to quantify distribution of deposited particles within the lungs. It also has the ad-
vantage of avoiding any effect of the vasculature on the measured signals. Indeed,
blood (that also contains iron) was removed from the lung vasculature before the
lung was perfusion-fixed at a controlled lung volume. Lungs were fixed though the
vasculature rather then by instillation in order to minimize any potential disloca-
tion of deposited particles during the fixation process. Once fixed, the lungs were
submerged in fixative under gentle vacuum to remove air from the lungs. Doing so
minimized potential air/tissue artifacts that could alter the measurements. Unlike
in the Martin et al. study [13], all voxels in the selected ROI could be used, as there
was no interference between the signal from the vasculature and from the presence
of iron particles. As such, regional distribution of deposited particles could be
performed for various ROIs. However, the technique did not allow for absolute
quantification of lung deposition as no in-line monitoring of inhaled concentration

was available in the exposure system. Finally, it should be noted that both the



103

technique presented here and that used by Martin et al. [13] allow for detecting
1g

similar levels of particle concentration (~ 1 £4).

While the resolution (0.5 x 0.5 x 1 mm) of the MR data presented here
was sufficient to determine regional deposition, individual airways were not clearly
distinguishable on the images except for the large airways. An increased resolution
may allow for detecting particles deposited on medium-sized airways. Such higher
resolution may be obtained in MR scanner with stronger magnetic field (i.e.: 7T
or 11.7T) than that used in this study (3T) without sacrificing signal intensity.
However, the larger magnetic field may cause an increase in air-tissue interface
signal decay and therefore making the imaging more susceptible to trapped air
bubbles, blood and other causes of susceptibility artifacts.

While all these studies performed in animals with Gd-DTPA or iron par-
ticles showed the feasibility of using MRI to measure aerosol delivery, only one
preliminary study [10] has been performed in humans to date. To apply these MR
techniques to human studies, one has to consider the sensitivity of the techniques,
i.e. their ability to detect changes in relaxation times induced by the presence of
particles. Based on studies in animals, Thompson and Finlay [23] estimated that
using Gd-DTPA, a relatively large amount of contrast agent (~ 0.5 mg) per voxel
would be needed while much smaller amount of iron oxide would be required. Fi-
nally, it should be noted that while techniques used by Sood et al [20] and Martin
et al [13] have the potential to be applied to humans, because of its invasiveness,
the technique described in this paper is not intended for use in humans but rather

in animals where detailed maps of deposited particles can be obtained both in

health and disease models.

4.4.4 Comparison with Radionuclide Imaging Techniques:

Advantages and Limitations

Other imaging methods, such as gamma scintigraphy [3, 5, 24, 29], PET [7]
and SPECT [8, 11], are also used to study aerosol deposition and clearance.
Gamma scintigraphy and SPECT both image ™T'c radiolabeled particles, whereas
PET uses positron-emitting radionuclides that may be attached directly to the drug
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molecule. Gamma scintigraphy is likely the most widely used technique, however,
data can only be viewed in two dimensions, which limits regional deposition anal-
ysis. Also, the 2D nature of the images complicates the analysis of the left lung
because of overlapping activity from the stomach. These limitations disappear with
SPECT, as it provides 3D images of aerosol deposition but analysis of deposition
data is more complex than that for data obtained by gamma scintigraphy. PET
provides greater image resolution than gamma scintigraphy or SPECT, however
PET scanners are currently not widely available. Furthermore, attaching the ra-
dionuclides to the drug molecule is expensive and half-lives of the radiotracers are
rather short. In order to relate the deposition maps to anatomy, all three imaging
modalities require additional CT imaging.

Several studies have used radionuclide imaging to study aerosol deposition
in healthy [2, 11] and diseased rodents [22, 26]. Using scintillation counting on
small lung sections, Asgharian et al. [2] measured total deposition in rats following
nose-only exposure to °® FeCls particles with aerodynamic diameters ranging from
0.9 to 4.2 um. They found that total lung deposition was less than 10 % for most
particles sizes except for the 3.5 pm diameter particles, where deposition was about
15 %. Sweeney et al. [22] exposed healthy and elastase-induced emphysematous
hamsters to ?"Tc-sulfer colloid aerosol with a MMAD of 0.45 um and found that
total particle deposition was lower and heterogeneity of particle deposition higher
in elastase-treated animals than in controls. Additionally, Sweeney et al. [22] found
that deposition was higher in the large airways and lower in the lung parenchymal
in the elastase-treated hamsters, compared to the healthy hamsters. Wu et al. [26]
used SPECT/CT imaging to determine clearance rates in a guinea pig model of
COPD. They exposed [*™Tc]DTPA particles (particle size not given) to control
and cigarette-exposed guinea pigs and found that the clearance rate was higher
in cigarette-exposed animals than in controls. Also using SPECT/CT imaging,
Kuehl et al. [11] determined regional deposition in healthy rats and mice exposed
to four sets of polydispersed particles with MMAD of 0.5, 1.0 3.0 and 5.0 um.
Particle deposition in the lung increased with decreasing particle sizes, whereas the

deposition in the oral/nasal area increased with increasing particle sizes. Using an
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in-house onion model, Kuehl et al. [11] also showed that deposition increased as
the distance from the center of mass of the lung increased.

The SPECT/CT study performed by Kuehl et al. [11] is probably the most
comparable to this MRI dataset. As similar image resolution was used in Kuehl
et al’s study (0.4 x 0.4 x 0.4 mm compared to 0.5 x 0.5 x 1.0 mm in this current
study), no resolution advantage is shown with either SPECT or MRI in animal
imaging. However, compared to the current study, advantages in SPECT lay 1) in
the ability to image the lungs in-vivo therefore requiring less sample preparation
and 2) in the ability to quantify particle burden in other organs such as stomach
and liver. As with the MRI method presented here, the deposition quantified by
Kuehl et al. [11] needs to be validated.

4.4.5 Conclusion

This study demonstrated the feasibility of using MRI to detect and quantify
regional aerosol particle deposition in the lung. While previous MR studies [13, 19|
have utilized the reduction in 7} relaxation times to quantify regional delivery of
inhaled aerosol, this study evaluated the potential use of R} measurements to assess
aerosol deposition, as R} is sensitive to the local field inhomogeneities caused by
the SPIO particles. We showed that, compared to control animals, 3 was higher in
rats exposed to 0.95 pum particles and that R; was proportional to the concentration
of deposited particles. In agreement with previous studies [11, 16], we also showed
that particle deposition was higher in the lung periphery than in the central region
ﬁ ratio of 0.65. These data strongly support the use of MRI
techniques to assess aerosol deposition in small animals by measuring signal decay

as evidenced by a

rate R;. The methods described in this paper can readily be applied to various

exposures with different aerosol sizes and/or in animal with various disease models.
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Chapter 5

MRI Assessment of Particle
Deposition in Emphysematous

Rats

5.1 Introduction

Emphysema is a chronic obstructive pulmonary disease (COPD) and is pri-
marily characterized by alveolar wall destruction [25], alveolar space enlargement,
decrease in small airway diameter [16], and increase in tissue compliance. In the
United States, 3.7 million people [1] have been diagnosed with emphysema. How-
ever, it is not well understood how emphysema influences the deposition of inhaled
aerosols in the lung. For example, Brand et al. [4] found no difference in particle
deposition between healthy, emphysematous and cystic fibrosis patients for 4 +
1.6 pm diameter particles. In a different study, Sweeney et al. [24] found total
less deposition and higher non-uniformity of deposition of 0.45 pm diameter par-
ticles in elastase-treated hamsters compared to healthy hamsters. The disease has
been shown to cause an increase in exhaled aerosol bolus dispersion in emphysema
subjects compared to healthy patients [4, 13] or dogs [22], suggesting that particle
distribution in the lung is more heterogeneous in emphysematous when compared

to healthy patients.
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It has been well documented that rodents treated with elastase develop
panacinar type emphysema [3, 15]. Panacinar emphysema is associated with
alphal-antitrypsin deficiency and typically is found in elderly patients. Unlike
centriacinar emphysema, which is commonly caused by cigarette smoking and
primarily destroys the respiratory bronchioles, panacinar emphysema causes en-
largement of the respiratory bronchioles, alveolar ducts and alveolar sacs [15].
Elastase-treated rodents have larger linear mean intercepts [12], tidal and total
lung volume [6], and tissue compliance [8, 11] compared to healthy rodents. In
mice, it has been shown that elastase-treated mice have an increase in the hetero-
geneous distribution of tissue compliance, compared to healthy mice [11]. Recently,
MRI studies have shown decreased fractional ventilation and increased apparent
diffusion coefficients in elastase-treated rats, compared to healthy rats [6, 7].

The goal of this current study was to determine the differences in total de-
position and in the distribution of deposited particles in both healthy and elastase-
treated rats. To do this, healthy and emphysematous rats were mechanically
ventilated to either particle-laden air (MMAD of 1.218 um) or particle-free air.
Following the procedure outlined by Oakes et al. [19], the lungs were fixed in-situ,
excised and imaged in a 3T magnetic resonance (MR) scanner. The signal decay
rate, R; was quantified in both the non-exposed and exposed healthy and em-
physematous rats. Concentration of deposited particles was estimated based on
calibration curves between particle concentration and Rj [19]. Differences in depo-
sition between the healthy and emphysematous rat lungs was assessed for the five
rat lobes, central and peripheral regions of each lobe and at several axial intervals
from the apex to base of the lung. This study is the first to determine changes in

deposition in mechanically ventilated healthy and emphysematous rat lungs.

5.2 Methods

5.2.1 Animal Preparation

This study protocol was approved by the University of California San Diego
Institutional Animal Care and Use Committee (IACUC). Healthy six week old
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male Wistar rats (n = 13) were orotracheally instilled with with porcine pancreatic
elastase (Sigma Aldrich) (125 units per kg of body weight) diluted in 0.5 mL of
saline. After instillation, the rats were gently rocked to ensure homogenous enyzme
exposure. After instillation the rats were returned to their cages and provided food
and water ad libitum and were on a 12 hour lights on and 12 hour lights off cycle.
Rats were studied six weeks later.

Eleven healthy (H) weight-matched rats (body weight = 402 + 23 grams
) were added to the group of elastase treated (E) rats (body weight = 420 +
39 grams). All rats were connected to a mechanical ventilator and exposed to
either particle-free air (H: n = 5: E n = 6) or particle - laden air (H: n = 6,
E: n = 7) for 40 minutes. Details of the particle exposure system is given in
Oakes et al. [19]. The breathing frequency and tidal volume were controlled by
the pump; breathing frequency = 80 % and tidal volume = 2.2 mL. The pump
controlled the inhalation part of the breath and the rat passively exhaled into a 1
cm Peep reservoir during the exhalation part of the breath. Pressure was measured
with a catheter at the trachea. The aerosol was made of monodisperse magnetic
polystyrene particles with a geometric diameter of 0.95 ym and a density of 1.35
—I; suspended in water at a 1:4 ratio [19]. The MMAD of the particles was 1.218
.

After the exposure rats were given a lethal dose of pentobarbital sodium
intraperitonally. Details of the lung preparation are given in Oakes et al. [19] and
in Chapter 4. Briefly, the lungs were vascular perfused to remove all of the blood
and then fixed at an airway pressure of 20 cm H,O with 3 % glutaraldehyde mixed
in 0.01 M phosphate buffer solution. After preparation the lungs were stored in
MR compatible containers (three lungs per container) for three months and then
degassed under a light vacuum for approximately 2 weeks. Before imaging the MR
compatible container was placed in a large cylindrical vessel [19] and filled with

water to avoid air/container interfaces.
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5.2.2 MR Imaging and Image Processing

The imaging protocol is described in detail in Chapter 4 and in Oakes et
al. [19]. Briefly, the MR compatible container was imaged with a 3T General
Electric Signa HDX MR scanner. A gradient echo sequence was employed with a
flip angle of 20°, a TR of 2 seconds, a field of view of 13 cm and echo times of 8.2,
40, 100 and 200 msecs. A GE 18 cm diameter transmit and receive knee coil was
used. The resulting images had a in-plane resolution of 500 pum and thickness of 1
mm.

The signal decay rate, R} was calculated at a per-voxel basis [19] for each
axial slice. Regions of interest (ROI) were hand drawn around each lobe of the
lung. The five rat lobes (left lung: left lobe, right lung: apical, intermediate,
diaphragmatic and cardiac lobes [18]) were identified from the images. Addition-
ally, ROIs were drawn around the central and peripheral regions of each lobe, as

described previously [19].

non-exposed lungs

diaphragmatic

intermediate
intermediate

diaphragmatic

cardiac
left

bronchioles

diaphragmatic exposed lungs

intermediate *  apical

Figure 5.1: Representative MR image of control and exposed lungs with lobes

identified.
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5.2.3 Particle Concentration

As described previously [19], the particle concentration was calculated on
a per voxel basis by employing a linear relationship determined from a calibration
phantom
Iy

- R;,control (5 1)

Cart:
b m

*

where R is the voxel’s signal decay rate, R . ..o

, is the mean R; for the
control non-exposed lungs and m is the slope derived from the particle concentra-
tion calibration experiment, m = 0.00107-—2%—. The mean R; ., varied based
on lobe as well as region of the lung, i.e. central and peripheral regions had dif-
ferent R ... (see Results section). Therefore, the Rj .., of each region of the
healthy or emphysema control lungs, was used for each corresponding region of the
exposed lungs. In addition, any particle concentration values that were negative
were set to a zero particle concentration.

The distribution of particle concentration along the apex to base of each
lobe was assessed by grouping slices in bins uniformly distributed along the apex to
base axis. The left and diaphragmatic lobes had 10 bins each, the intermediate and
apical lobes had 5 bins each and the cardiac lobe had 4 bins. Each bin contained

two to three images.

5.2.4 Alveolar Morphometry

After MR imaging, 7 healthy and 7 emphysema lungs were randomly chosen
for the alveolar morphometry analysis. Before being prepared each lobe’s volume
was measured. Once the volumes were measured, each lobe was placed in phos-
phate buffer solution (PBS) for 30 minutes on a mixing table to remove some of
the fixative. Then approximately 3 mm slices were taken from the middle of each
lobe and the rest of the lobe was stored away. Each 3 mm slice was mixed with
increasing amounts of ethanol until the lungs were in 100 % ethanol. Then the
lungs were placed in melted paraffin mixed with citrosolve. After 4 hours, the lungs

were placed in 100 % melted paraffin and stored in a hot water bath for 12 hours.
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Next, the 3 mm slices were placed in a wax holder until the paraffin solidified.
Once ready, the 3 mm slices were sliced into 7 pm thick slices with a manual slicer
and put on a glass slide. Afterwards each slide was mixed with increasing amount
of water until the slides were in 100 % water. The slides were stained for 3 mins
in Haris Modified Hematoylin (Fisher Scientific) and then brought back to 100 %
ethanol by immersing the slides in water-ethanol solution with increasing amounts
of ethanol. Once prepared, the slides were imaged on Hamamatsu NanoZoomer
2.0 HT Slide Scanning System at a 20 times magnification.

Linear mean intercepts were calculated from the NanoZoomer images. Tra-
ditionally, linear mean intercepts are calculated by drawing a line on the image
and then calculating the number of times the alveolar septa crosses the line. Here,
a MATLAB code was developed to determine the linear mean intercept. First, the
images were turned into a binary images such that black is 0 and white is 1. With
this definition, the black areas are tissue and the white areas are the airspaces.
Then, for every 10 vertical lines, the number of times that white turned to black
was counted. The length of time images was divided by the number of times the
alveolar septa crossed. The code was validated against traditional linear mean

intercept methods for accuracy.

5.2.5 Statistical Analysis

All data are presented as the mean =+ the standard deviation. Two way
ANOVA was used to compared emphysema versus healthy rats. If the two way
ANOVA passed, standard t-tests were employed to test the difference between in-
dividual lobes or areas of the lung. Bonferonni correction was then implemented
to determine if the p-value passed the significance level. A repeated measures
ANOVA was applied to test differences within each subset of animals. To test if
values were different than expected values a standard t-test was used with val-
ues compared to the expected value of 1. All p-values are presented. Statistical

significance was applied at the p < 0.05 level.
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5.3.1 Alveolar Space Morphometry

Figure 5.2 shows a representative image of the left lung of a healthy (panel
A) and emphysematous (panel B) rats. The emphysematous image not only has
larger airspaces but also collapsed airway spaces between the larger airspaces, com-
pared to the healthy image. The linear mean intercepts (Ljs) for the healthy and
emphysema rats are shown in Figure 5.3. As expected, the L), was on average
larger in the emphysematous rats compared to the healthy rats, however the in-
crease was not statistically significant. The greatest change was found for the left,

diaphragmatic and cardiac lobes.

A Healthy

Figure 5.2: Representative images that were used for the linear mean intercept
analysis. Examples are from the diaphragmatic lobe for a healthy (left panel) and
emphysematous (right panel) rat. The red arrow is pointing to an area where

collapsed airways were present.
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Figure 5.3: Linear mean intercepts found from healthy and emphysematous rat
lungs. No statistical significance was found when comparing the emphysema values
to the healthy values. The smallest p-value was for the diaphragmatic lobe, p =
0.068.

5.3.2 Signal Decay Rate in Healthy and Emphysematous
Lungs

Non-Exposed Rats

As shown in Figure 5.4A, R; was significantly higher in the emphysema
non-exposed rats (p = 0.048) compared to the healthy non-exposed rats. The
left and cardiac lobes of the emphysema rat had a significantly higher (without
Bonferonni correction) R} compared to the corresponding healthy lobes. While
not statistically significant, the diaphragmatic lobe of the emphysema rat also
had higher R} compared to the healthy rat. The relative percent increase of the
emphysema compared to the healthy non-exposed rats and the corresponding p-
values are given in Table 5.1.

In the healthy non-exposed rats there was no different in R; among lobes (see
Figure 5.4 and Table 5.2). However, there was a significant difference between
lobes (p = 0.023) for the emphysematous non-exposed rats.

There was no change in R; between the central and peripheral regions for the
healthy non-exposed lungs. In contrast the emphysematous lungs, the peripheral
region had a lower Rj than the central region, as shown in Table 5.3. R} was

significantly less in the central regions for the left and intermediate lobes compared
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to the healthy central regions.
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Figure 5.4: Comparison of R} in healthy and emphysematous rat lungs for rats
not exposed to particles (left panel) and for rats exposed to particles (right panel).
There was a statistically significant higher R} in emphysema compared to healthy
for the control rats (p = 0.042) and for the exposed rats (p = 0.036). Black starts
indicate the statistics pass a significance level of p < 0.05 and red starts pass the
Bonferonni correction of p < 0.01. Statistics comparing intra-disease and between

diseases for each lobe are shown in Tables 5.1 and 5.2

Relative dispersion (RD) is a measure of the heterogeneity of the distribu-
tion of R% in the ROI. In the lungs not exposed to particles, RD is essentially a
representation of the heterogeneous distribution of tissue or airways. As shown
in Figure 5.5, there was no difference in RD between lobes for the healthy rat.
However, not only was RD higher in the left, diaphragmatic and cardiac lobes of
the emphysematous rat, compared to the healthy rat, but there was a difference in
RD between lobes. The relative change in RD for each lobe and it’s corresponding

p-value is given in Table 5.4.
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Table 5.1: Comparison of R; Between Healthy and Emphysematous Rats. P
values for comparing R5 between healthy and emphysema lobes for control and
exposed lungs. Bonferonni correction would indicate significance for p < 0.01.
Red values would pass statistical level of p < 0.05. No values passed Bonferonni

criteria for multiple comparisons.

Non-Exposed Rats Exposed Rats
Relative Change % p-value ‘ Relative Change % p-value
Left 11.1 0.021 21.1 0.042
Apical -0.60 0.322 19.3 0.075
Intermediate 0.095 0.735 25.6 0.062
Diaphragmatic 7.62 0.092 22.2 0.027
Cardiac 10.16 0.042 33.0 0.049

Exposed Rats

As the iron oxide particles create local field inhomogeneities in the magnetic
field, it is expected that the presence of the particles would cause a increase in the
signal decay rate, R5 [19]. Additionally, as we have shown that the signal decay
rate is linearly proportional to the concentration of the iron particles [19], it is
expected that a larger R would result in a larger particle concentration. As Figure
5.4B shows, there was a statistically significant higher R} in the emphysematous
exposed rats compared to the healthy rats (p = 0.036). The left, diaphragmatic
and cardiac lobes all had a significantly higher R; compared to their corresponding
healthy exposed lobes (see Table 5.1).

While there was no significant change in R} between lobes of the healthy
non-exposed rats, there was a difference between lobes in the healthy exposed
rats (see Table 5.2). Differences in inter-lobe deposition was also found for the
emphysematous cases. In both the healthy and emphysematous case the apical
lobe had the highest R} values (see Figure 5.4). With Bonferonni correction,
the Apical lobe had a statistically significant higher R} compared to the cardiac
and intermediate lobes (Table 5.2). On the other hand, none of the lobes had
Bonferonni statistically higher R} in the emphysema cases, which may mainly be

due to the high inter-rat variability.
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Table 5.2: P-Values Found for Comparison of Rj Between Lobes. P values for
comparing I3 between lobes for healthy and emphysema control and exposed cases.
Lobe comparisons should be compared to the Bonferonni correction of p < 0.005.
Blue values passed Anova test for p < 0.05, blue values passed statistical test for

p < 0.05 and bold values based Bonferonni correction for multiple comparisons, p
< 0.005.

Non-Exposed Rats Exposed Rats

Healthy Emphysematous ‘ Healthy Emphysematous
Anova 0.112 0.023 0.001 0.021
Left Vs. Apical 0.219 0.117 0.022 0.008
Left vs. Intermediate 0.797 0.036 0.178 0.121
Left vs. Diaphragmatic | 0.642 0.097 0.973 0.892
Left VS. Cardiac 0.109 0.022 0.058 0.757
Apical vs. Intermediate 0.149 0.215 0.011 0.329
Apical vs. Diaphragmatic | 0.128 0.899 0.026 0.013
Apical Vs. Cardiac 0.070 0.049 0.001 0.013
Intermediate | vs. Diaphragmatic | 0.487 0.198 0.128 0.096
Intermediate | vs. Cardiac 0.121 0.984 0.002 0.096
Diaphragmatic | vs. Cardiac 0.347 0.032 0.027 0.634

As shown in Table 5.3, for all lobes except the Diaphragmatic, there was
a higher percent change in comparing peripheral to central region R} in the em-
physematous rats compared to the healthy rats. Additionally, both the apical and
the cardiac lobes in the emphysematous rats had a statistical significantly higher,
with Bonferonni correction, peripheral deposition than central deposition. The
same was found for the cardiac lobe of the healthy exposed rats.

In the control lungs, relative dispersion (RD) was a measure of the het-
erogeneity of the tissue in the lobe. In the exposed lungs in addition to the het-
erogeneity of the tissue, RD is a gauge of the disperse distribution of particles in
the lobe. For the exposed rats, RD was higher in the emphysematous rats, for all
lobes, as shown in Figure 5.5. However, there was no difference between lobes, for
both the healthy and emphysematous exposed rats. The percent change in RD in

emphysema compared to healthy rats is shown in Table 5.4.
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Table 5.3: Comparison of Rj Between Peripheral and Central Region for All
Rats. Red values indicate statistical significance at the p < 0.05 level and bold
values indicate the values pass the Bonferonni comparison for p < 0.005. Lobe
comparisons should be compared to the Bonferonni correction of p < 0.005. Blue
values passed Anova test for p < 0.05, blue values passed statistical test for p <
0.05 and bold values based Bonferonni correction for multiple comparisons, p <

0.005.

Non-Exposed Rats Exposed Rats
Lobe Healthy Emphysematous Healthy Emphysematous
Relative  p-value Relative  p-value | Relative p-value Relative p-value
Change % Change % Change % Change %

Left -1.55 0.078 -5.76 0.030 9.08 0.065 21.89 0.010
Apical -1.37 0.644 -4.44 0.075 13.75 0.028 23.51 0.004
Inter. -1.82 0.314 -3.00 0.049 5.70 0.220 10.75 0.033

Dia. -3.23 0.336 -3.90 0.101 8.73 0.121 5.87 0.315
Card. -1.42 0.531 -0.91 0.787 11.58 0.003 15.84 0.004

Table 5.4: Comparison of RD Between Healthy and Emphysematous Rats. Aver-
age + standard deviation between rats of relative dispersion of particle deposition
within a lobe. P-values are for t-test. Values should be compared to the Berforonni

correction of significance for p = 0.01.

Non-Exposed Rats Exposed Rats
Relative  p-value | Relative  p-value
Lobe % Change % Change
Left 27.9 0.050 18.5 0.031
Apical 2.64 0.754 20.6 0.171
Intermediate -3.1 0.735 274 0.042
Diaphragmatic 11.9 0.349 26.2 0.045
Cardiac 23.0 0.088 35.9 0.030
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Figure 5.5: Relative dispersion in each lobe for rats not exposed to particles
(left panel) and rats exposed to particles (right panel). RD in the emphysematous
rats was significantly higher than in healthy rats for both the non-exposed rats (p
=0.048) and the exposed rats (p = 0.032).

5.3.3 Particle Concentration

Figure 5.6 shows representative maps of particle concentration (Eq. 5.1) for
each voxel in a healthy and a emphysematous left lobe. As can be seen from Figure
5.6, there were areas of zero particle concentration. These areas were mainly the
large airways, as can be clearly seen from Figure 5.6B. These areas would mainly
include fixative, and therefore it is expected that these areas would have no particle
in them. In addition, it can be clearly seen from Figure 5.6 that there was more
areas of high particle concentration (> 7 £%) in the emphysematous lobe than
in the healthy lobe. The particle concentration was also quite heterogeneously
distributed.

While not statistically significant (p = 0.069), particle concentration tended
to be higher in the emphysematous rats compared to the healthy rats. The emphy-
sematous rats had a 80.87 % higher in deposition in the intermediate lobes and 98
% higher deposition in the cardiac lobes, compared to the healthy rats (see Table
5.5). In the healthy exposed rats, the apical lobe had a higher concentration than
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Figure 5.6: Representative particle concentration maps for healthy (panel A) and

emphysematous (panel B) exposed rats.

the other lobes and was significantly higher for the cardiac lobe. The same trend
was shown for the emphysematous lungs, where particle concentration was higher

in both the apical and intermediate lobes, compared to the other three lobes.
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Figure 5.7: Average particle concentration in each lobe of the healthy and emphy-
sematous exposed rat lungs. Error bars represent the standard deviation between
rats and * denotes statistically significant difference between lobes. The particle
concentration tended to be higher in the emphysema rats compared to the healthy

rats (p = 0.069)

Figure 5.8 shows the central and peripheral particle concentration for each
lobe in the healthy and exposed rats. Particle concentration always tended to be

higher in the peripheral region, compared to the central region (Figure 5.8 and
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Table 5.5: Comparison of Emphysematous to Healthy Particle Concentration.
Relative percent difference in total particle concentration of emphysema rats com-
pared to healthy rats. P values are for uncorrected t-test, i.e. Bonferonni correction

would indicate significance at 0.005 level.

Entire Lobe Central Region Peripheral Region

Relative Relative Relative

Lobe % Change % Change % Change
Left 47.9 7.7 59.3
Apical 56.54 36.2 61.6
Intermediate 80.97 71.2 83.4
Diaphragmatic 57.2 71.3 49.7
Cardiac 98.7 126 93.1

Table 5.5). However, there was no statistical difference in particle concentration
between regions for the healthy rat, except for the cardiac lobe. In contrast, particle
concentration was significantly higher in the peripheral region than in the central
region for the left, apical, intermediate and cardiac lobes of the emphysematous
rats (Figure 5.8). The relative change of peripheral deposition compared to central
deposition and their corresponding p-values are given in Table 5.8.

The i ratio for each lobe is given in Figure 5.9. While there wasn’t a sta-
tistically different ;‘f between the emphysematous and healthy rats, there was some
difference between lobes for the emphysematous rats. As shown in Figure 5.9 the
diaphragmatic emphysematous lobe had a i of 0.86, while the left emphysematous
lobe ;% of 0.53.

The particle concentration in each lobe was normalized by the total particle
concentration in the two lungs and is shown in Figure 5.10A. There was no dif-
ference between the healthy and emphysematous rats. This normalized deposition
fraction was normalized by the lobe volume and is shown in Figure 5.10B. While
there was relatively no difference between healthy and emphysematous rats in the
particle concentration normalized by volume (Figure 5.10B), there was difference
in comparing these values to 1. A value of 1 would indicate that number of par-
ticles depositing in a lobe is directly proportional to the lobe’s volume. However,

for the emphysematous rats, the deposition in the left lobe was lower than 1 and
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Figure 5.8: Particle concentration in the central and peripheral regions of each
of the lobes. Left panel is for the healthy exposed rats and the right panel is the
emphysema exposed rats. * denotes statistical significance without correction and

* denotes statistical significance with Bonferonni correction of (p < 0.005).
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Figure 5.9: The 190 ratio for healthy and emphysematous exposed rats. No signif-

icant difference was found between healthy and emphysematous rats.
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the apical and intermediate lobes was greater than 1.
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Figure 5.10: Particle deposition in lobe normalized by the total deposition in the
lung (panel A) and normalized deposition divided by the lobe volume (panel B).

There was no difference between healthy and emphysema rats.

The particle concentration along the trans-axial axis is shown in Figure
5.11. For most cases, the emphysematous lungs varied most from the healthy

lungs at either the very base or apex of the lung.
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Figure 5.11: Particle deposition at 4 depth levels for healthy and emphysema ex-
posed rats. No statistical significance was found between the healthy and emphy-
sema rats for each lobe. However, at 50 % depth there was a statistical significance

between emphysema and healthy rats (p = 0.004) and at 75 % (p = 0.039).
5.4 Discussion

5.4.1 Disease Presence

In this study two independent measures were taken to quantify the presence
of emphysema in the elastase treated rats. The linear mean intercept is a measure
of the alveolar space and is expected to be larger in the presence of emphysema
[20, 26]. Therefore, typically Ly, is employed to quantify the degree of emphysema.
However, as discussed by Parameswaran et al. [20], Ly; is not a reliable measure

of heterogeneous emphysema. In the initial stages of emphysema, the disease is
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heterogeneously distributed in the lung. It has been shown by Borzone et al. [3]
that elastase-treated rats only develop a mild case of emphysema. Therefore, as
mild cases of emphysema are heterogeneously distributed in the lung, it is assumed
that in this case the rat’s disease is heterogeneously distributed. Nonetheless, the
Ljy; was measured in 7 healthy and 7 emphysematous rats and compared. While
not significant, the L), was higher in the emphysematous rats compared to the
healthy rats, as shown in Figure 5.3. In particular, the L), was higher in the left,
diaphragmatic and cardiac lobes.

In addition to the L,,, the R; was measured in the healthy and emphysema
non-exposed rats. As Rj is a measure of the heterogeneity of the local MR field
inhomogeneities, it is reasonable to assume that an increase in R} is a result in
heterogeneity of the tissue within a voxel. On the other hand, RD is a measure
of the heterogeneity of R} for the entire lobe. Therefore, as both RD (see Figure
5.5A) and Rj (see Figure 5.4A) suggests, the left, diaphragmatic and cardiac lobes
all had increased heterogeneity in the magnetic field on both a voxel basis (R3)
and on a whole lobe basis (RD). This increase in Rj is consistent with a previous
study performed by Quintana et al. [21]. The group found that the signal intensity
was less in elastase-treated spontaneously breathing rats imaged with a gradient

echo sequence compared to healthy rats imaged at the same echo time.
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Figure 5.12: Relationship between percent increase in Rj and percent increase

in linear mean intercept of emphysema rats compared to healthy rats.
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The higher values of L,, and R} in the left, diaphragmatic and cardiac lobes
suggest that the disease mainly developed in the lobes rather than the intermediate
and apical lobes with lower values of L,, and Rj. The relationship between the
change in R} f and L,, for the emphysematous rats with respect to the healthy rats
is shown in Figure 5.12. As the coefficient of determination, R* indicates, there
is a linear relationship between R} and L,,. Therefore, as this data suggests, R}
may be employed to determine the level of emphysema presence in the lung.

It is very possible that our method of intertracheal induction of elastase
caused the elastase to only go in the left, diaphragmatic and cardiac lobes. The
apical and intermediate lobes branch at a larger bifurcation angle than the other
three lobes [18], and therefore the elastase may not have spread as readily in these
lobes. Additionally, the intermediate lobe is a triple bifurcation and flow is more
likely to go to the cardiac and diaphragmatic lobes (see Chapter 5). The relative
change in R} in the emphysematous rats compared to the healthy rats along the
trans-axial axis is shown in Figure 5.13. As can be seen from Figure 5.13 the

emphysema seems to be contained to the base of the three diseased lobes.
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Figure 5.13: Relative change in emphysematous non-exposed rats to healthy

non-exposed rats. Cardiac, intermediate and left lobes are the diseased lobes.
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5.4.2 Effect of Particles on the MR Signal Decay Rate

Iron oxide particles create local disturbances in the magnetic field and there-
fore cause an increase in the signal decay rate, R;. As shown in Figure 5.2, there
was a statistically significantly higher Rj in the emphysematous rat lobes com-
pared to the healthy rat lobes. The emphysematous rats had a ~ 24% higher R
compared to the healthy rats. It is unlikely that differences in Rj were due to the
disease alone (i.e. not particles), as the relative change in non-exposed rats was
R3 was ~ 5.7% higher in the emphysematous rats compared to the healthy rats,
which is much less than the change found in the exposed rats. The relationship
of R} between lobes was quite similar between the healthy and diseased rats, as
shown Figure 5.2. Both the healthy and emphysematous rats had the highest 23
in the apical and intermediate lobes, and the lowest Rj in the cardiac lobes.

R} was almost always higher in the peripheral region of the lung compared
to the central region (see Table 5.3 and Figure 5.14). Figure 5.14 shows the rela-
tionship between the percent change in R} for the exposed rats compared to the
non-exposed rats. As can be seen, the emphysematous rats had about 1.61 times

greater relative change in Rj than the healthy rats.
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Figure 5.14: Relative change in R} in exposed rats compared to non-exposed
rats. The relative change in the emphysema rats was 1.6 times greater than the

relative change in healthy rats

It is expected that the elastase-treated rats have areas of low ventilation
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and gas trapping [7]. As R} is greatly influenced by air bubbles, i.e. air causes a
rapid decay in MR signal, it is possible that the higher Rj in the emphysematous
rats is caused by micro-bubbles. However, this is highly unlikely as the lungs
were stored in fixative for at least three months and were degassed under a light
vacuum for two weeks prior to imaging [19]. Additionally, bubbles are clearly
distinguishable on the MR image, as bubbles create a rapid decay in the signal
as and bubbles influence the surrounding voxels. The ROIs were drawn to avoid
any bubbles present. As discussed previously, [19] the coefficient of determination,
R?, was determined for each voxel’s Rj fit and any voxel with a R? < 0.75 was
removed from the analysis. Areas with bubbles did not pass this R? criteria.

The relative dispersion, a measure of heterogeneity, was significantly higher
(p = 0.032) in the emphysematous rats, compared to the healthy rats (Figure
5.5). Additionally, the RD was highest in the three lobes that contain most of the
disease; left, diaphragmatic and cardiac lobes. Not only does emphysema cause
a heterogeneous distribution of alveolar space, but it also causes a heterogeneous
distribution of tissue compliance [11]. Therefore the higher RD in the emphysema-
tous rats is likely due to both morphophonemic and tissue compliance differences
in the lung. Differences in tissue compliance between all areas of the lung may
result in the lung expanding and contracting in a non-uniform fashion. Due to this
heterogeneity, it is likely that areas of the lung are emptying at different times (see

Chapter 6) and this may cause an increase in RD in particle deposition.

5.4.3 Particle Concentration

As particle concentration is directly proportional to Rj [19], particle con-
centration was higher in the emphysematous rats compared to the healthy rats,
as shown in Figure 5.7. However this increase in deposition was not statistically
significant (p = 0.069). This is likely because of how the particle concentration was
calculated. The average Rj for each lobe and region for the non-exposed healthy or
emphysematous rats was used in equation 5.1. However, as shown in Figure 5.13,
the R} varied along axial depth in the emphysematous rats (i.e. most emphyse-

matous tissues seemed to be located at the base of each lobe). Therefore, future
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analysis should include these changes when calculating the particle concentration.

For three lobes (left, apical and intermediate) the 5 ratio was higher in
healthy rats than in the emphysematous rats (see Figure 5.9). This essentially
means that there was more central deposition, compared to peripheral deposition in
these regions of the healthy lungs compared to the emphysematous lungs. However,
]—2 remained relatively constant across the 5 healthy lobes. In contrast, the i ratio
was not constant in the emphysematous lungs (Figure 5.9).

Surprisingly, there was no difference in normalized particle deposition be-
tween the healthy and emphysematous rats (see Figure 5.10A). Therefore, even
though there was higher particle concentration in the emphysematous lungs, there
was no difference in the distribution of particles, at least at the lobar level. Dif-
ferences in the distribution of particles may be found if normalized deposition was
investigated within regions inside a lobe. Certainly, as the RD suggests (see Figure
5.5), there is an increased heterogeneous distribution of particles in the emphyse-
matous lung. Figure 5.10B shows the normalized lobar deposition divided by the
lobe volume. While there was no significant difference in the volume normalized
deposition, there were differences in comparing these values to 1. A value of 1
would indicate that the particle deposition in a given lobe is directly proportional
to its lobe volume. For all healthy lobes, except the cardiac lobe, this was statisti-
cally the case. However, in the emphysematous rats volume normalized deposition
was less than 1 in the left lung and greater than 1 in the apical and intermedi-
ate lobes. Therefore, these data suggest in emphysema the number of particles

depositing in a given lobe is not directly proportional to the lobe’s volume.

5.4.4 Comparison with Previous Studies

There have been relatively few studies of particle deposition in emphyse-
matous lungs. However, the studies that have been done have generally found
particle deposition to be less in emphysematous rodents compared to healthy ro-
dents [5, 24]. In hamsters, Sweeney et al. [24] found less deposition for 0.45 um
diameter particles in spontaneously breathing emphysematous hamsters than in

healthy control hamsters. However, it is likely that the hamsters had severe em-
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physema while the rats in this current study had only mild emphysema. As dis-
cussed by Borzone et al. [3], rats that received more elastase than hamsters (rats
received 3 doses, 7 days apart, of 55 U / 100 g of body weight and the hamsters
had one dose of 55 U / 100 grams of body weight) [3], had a less severe emphysema
compared to the hamsters. Emphysema was characterized based on alveolar space
enlargement and the pressure/volume curve relationship. These differences, as well
as exposure difference between Sweeney et al. [24] may contribute to the different
deposition findings. In a different study, Damon et al. [5] found less deposition in
emphysematous rats compared to healthy rats. However, these rats were exposed
nose only (free breathing) to 2 + 1.84um MMAD particles. As the rats were able
to breathe on their own, there may be differences in deposition due to breathing
rates as well as differences due to particle size. As the emphysematous rats tend
to breathe at higher tidal volumes and breathing frequencies [6], it is more likely
for particles to deposit due to impaction in the nose of the emphysematous rats
compared to the healthy rats.

Several studies [10, 14] have looked at the influence of harmful particles
in both healthy and emphysematous mice. For example, Inoue et al. [10] con-
cluded that there was no difference in morphological changes between the mice
treated with just elastase with the group treated with a combination of elastase
and a single dose of diesel exhaust. In a different study Lopes et al. [14] found
that elastase treated mice exposed to disease particles for two months had statisti-
cally significant higher linear mean intercepts, collagen fibers in the alveolar septa
and expression of 8-isoprostane than elastase treated mice exposed to particle-free
air. Interestingly, the group [14] also found that there was no differences between
healthy mice exposed to disease exhaust or to particle free air. This data suggests
that emphysema increases the susceptibility to inhaled harmful particulates when
exposed over a long period of time.

In addition to animal and human experiments, in-vitro models [2, 17], em-
pirical models [23] and numerical CFD models [9] have been developed to study
particle deposition in healthy and emphysematous lungs. In a replica in-vitro

alveolar sac model, Oakes et al. [17] and Berg et al. [2] hypothesized that parti-
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cle deposition would be less in emphysematous alveolar sacs compared to healthy
alveolar sacs. However, even though it is true that particles would have further
distance to travel to reach the alveolar wall, it is possible that particles become
trapped in the emphysematous regions of the lung and therefore would eventually
deposit after several breathing cycles. None of these model were able to simulate
the heterogeneous distribution of emphysema in the whole lung and its influence

on particle deposition.

5.4.5 Study Limitations and Future Work

This work examined the relative change in particle concentration between
the healthy and emphysematous rats. Therefore, the percentage of inhaled particles
depositing in the lung was not assessed. Future studies should determine the
particle concentration in respect to the amount of particles inhaled. Despite this,
particle concentrations between healthy and emphysematous rats was able to be
determined as well as differences in lobar, region (central versus peripheral) and
along the axial depth.

As shown in Figure 5.13, the emphysematous rats had differences in R;
along the apex to base axis. Therefore, when particle concentration is calculated,
these differences should be taken into account, especially for the left, diaphrag-
matic and cardiac lobes. Doing this may change the particle concentration results
and show statistical significance between the emphysematous and healthy particle

concentrations, as currently the p-value is only marginally significant (p = 0.069).

5.4.6 Conclusion

This work is the first to study the differences in particle deposition be-
tween healthy and emphysematous rats that were mechanically ventilated to mono-
disperse particles with MMAD of 1.22 um. As the rats were mechanically venti-
lated, deposition changes between emphysematous and healthy rats was only due
to morphological or tissue compliance changes, not breathing parameters. As ev-

ident by Rj and L), in the control rats, the left diaphragmatic and cardiac lobes
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contained most of the disease with the disease being localized at the bottom of the

lung. In both the healthy and emphysematous rats, the apical and intermediate

lobes had higher particles concentrations compared to the other three lobes. There

was on average ~ 68% higher deposition in the emphysematous rats compared to

the healthy rats (p = 0.069). The 190 ratio in the healthy rats was on average 0.74
=+ 0.12 in the healthy lobes and was 0.67 4= 0.14 in the emphysematous rats. How-

ever, unlike the healthy rats, there was statistical differences in the ]—C) ratio between

lobes in the emphysematous rats.
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Chapter 6

In-Silico Modeling of Airflow and

Particle Deposition

6.1 Introduction

Simulations of airflow in the lung are useful for augmenting experimen-
tal knowledge and understanding physiology only if they can accurately model
in vivo respiratory conditions. Computational fluid dynamics (CFD) can comple-
ment experimental efforts by providing information that cannot be easily measured
experimentally, or motivating new targeted experiments. To be physiologically
meaningful, these in-silico simulations must accurately model respiratory anatomy
and physiology. Due to the vast range of length scales in the lung, complex geom-
etry and pulmonary tissue mechanics, it is currently impossible to model the lung
in full because of the extensive computational costs and lack of data. Therefore,
multi-scale methods must be employed that incorporate realistic 3D CFD geom-
etry of the upper structures coupled to lower-dimensional models that represent
the rest of the respiratory system.

Currently there are no CFD models that study how emphysema alters parti-
cle deposition in the conducting airways of the lung. Deposition in emphysematous
lungs has been previously studied in human patients [7], animal models [58], in

vitro models [44], and empirical models [57], however several questions remain
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unanswered. For example, Sweeney et al. [58] found a decrease in particle depo-
sition in a emphysematous hamster model compared to healthy hamsters, while
Brand et al. [7] found no changes in deposition in emphysematous human patients
compared to healthy patients. Empirical [54, 57] and experimental in-vitro mod-
els [44] have supported the findings of decreased deposition in emphysema. In
human studies, it has been found that deposition increased 50 percent in COPD
patients compared to healthy subjects [5], however the authors hypothesized that
this was due to increased airway resistance in bronchitis, rather than the changes
that occur in emphysema.

While there have been many numerical studies that have investigated air-
flow (e.g. [3, 29, 41]) and particle deposition (e.g. [11, 36, 43, 65, 68]) and distri-
bution [17] in the lung, relatively few studies have incorporated patient or animal
specific geometry and breathing parameters. Fortunately, recent advances in med-
ical imaging have made it possible to create 3D airway geometries of the upper
airways [19] and tracheobronchial regions of the lung [23, 46]. As shown by several
groups, the airflow [18, 20, 40, 64, 67] and particle deposition [12, 28, 43| in the
lung is highly dependent on the geometry. Boundary conditions that describe the
upstream and downstream mechanics outside of the 3D domain must be defined
on the inlets and outlets for all CFD simulations. Traditionally, constant pres-
sure [18] or flow rate [10, 29] boundary conditions have been applied at the mouth
or trachea. Additionally, constant pressure [14, 18, 29, 56] or flow rate [10, 40]
boundary conditions are typically implemented at the distal airway outlets. How-
ever, as the flow structures in the lung change in time, CFD simulations should
model the unsteady nature of breathing, to determine airflow [37] and particle [12]
deposition patterns in the lung. Consequently, appropriate boundary conditions
must be devised.

In recent years, multi-scale modeling techniques have been developed to
study the cardiovascular system (e.g. [27, 33, 35, 39, 60, 62, 63]). However, not
until recently have these multi-scale methods been applied to the respiratory sys-
tem [3, 30, 34, 37]. Typically, a multi-scale numerical model includes a 3D CFD

description of the large airways and a 1D [37] or 0D [3, 34] lower-dimensional model
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that represents the smaller airways and peripheral tissue. With such multi-scale
models, it is possible to perform unsteady simulations, where both the airflow and
pressure may accurately be solved for [30]. However, if proper care is not taken to
accurately model lung physiology, the flow and pressure will not be accurately cap-
tured. For example, imposing constant flow or pressure boundary conditions may
result in the flow and pressure being in phase and / or unrealistically low mean
pressure values. Employing impedance distal boundary conditions on a human
3D lung CFD model, Comerford et al. [13] demonstrated that the downstream
impedance significantly influences the overall pressure field, but has little effect
on the flow velocity. Additionally, while several groups [3, 30, 34, 37] have made
significant advances in multi-scale respiratory modeling, none of these works di-
rectly parameterized their lower dimensional models from animal or patient in-vivo
specific data.

Despite being used extensively for toxicology [31, 66] and therapeutic stud-
ies [1] there have been relatively few airflow [14, 40, 53] and particle deposition [32]
numerical simulations in the rat lung. In recent work, Minard et al. [40] showed
good agreement between airflow in the conducting airways from both CFD and
MRI flow measurements under steady state conditions. Unsteady CFD simula-
tions were performed by Schroeter et al. [53] and Jiang et al. [32] including only
the rat’s nose. Some groups have developed empirical models to predict particle
deposition in the rat [2, 51|, however there currently are no 3D simulations of
particle transport and deposition in rat airways.

The goal of the current work was to develop a multi-scale respiratory model
to simulate airflow and particle deposition to replicate animal aerosol exposure ex-
periments [47] in both healthy and emphysematous rats. In the first section of
this paper, the global respiratory resistance and compliance were inferred by solv-
ing a well-known two-component lumped parameter model (0D global model) [4]
from aerodynamics measurements taken during the exposure experiments. The
multi-scale airflow simulations were performed by coupling MRI-derived 3D rat
conducting airways [46] to the lower dimensional 0D global model in the second

section of the manuscript. Finally, once the airflow was solved for, particles were
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tracked in the 3D domain during inspiration and their deposition sites within the
3D model and delivery distribution of particles into the five rat lobes were deter-
mined. Simulations were performed for a healthy rat lung, a lung with homoge-
neously distributed emphysema, and five different cases of heterogeneous emphy-
sema. Furthermore, the influence of particle size and rat position were investigated.
This study is the first to (1) solve a multi-scale airflow model parameterized di-
rectly from in-vivo experimental data, (2) solve for airflow and particle deposition
in the rat airways under unsteady breathing conditions, and (3) to predict the
influence of emphysema on deposition and distribution of particles in the upper

airways of the lung.

6.2 Materials and Methods

The computational models developed herein were based on breathing pa-
rameters from aerosol exposure experiments previously performed on rats [45, 47].
The global respiratory values, i.e. resistance and compliance, were estimated from
airway pressure and the breathing parameters measured during the experiments.
Based on this 0D global respiratory model, a multi-scale 3D-0D airflow CFD
scheme was then devised to simulate the experiments and study other configu-
rations. Particle deposition was then simulated throughout inspiration, matching
as closely as possible the experimental conditions.

The rat aerosol exposure protocol is described in detail elsewhere. [45, 47]
Five healthy and five elastase induced emphysematous [45] anesthetized rats (body
weight of 409 + 25.6 grams and 432 + 46.1 grams, respectively) were mechanically
ventilated to particle-laden air. The experimental setup is shown in Figure 6.1A.

During inhalation, the piston pump pushed 2.2 mL of particle-laden air (particle

5000
mLair

(BF) of 80 % The particles had a geometric diameter of 0.95 pum, with a
s [47]. At the end

_9_
cm

concentration of approximately [47]) into the lung at a breathing frequency
coefficient of variance of < 0.5 %, and a density of 1.35
of inhalation, the pump switched from the rat to the aerosol bag and drew fresh

particle-laden air into the pump. At this time, the rat passively exhaled through a
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tube into a jar filled with water. This tube was immersed into water at a depth of
1 cm, subjecting the rat to a constant end expiratory pressure (Ppeep) of 1 emH,0.
The time varying pressure was measured with a catheter throughout the breathing

cycle near the rat’s trachea (see Figure 6.1A).

6.2.1 Estimation of Global Respiratory Parameters from

Experimental Data

Each rat’s global respiratory parameters were estimated based on the avail-
able experimental data. The pressure at the trachea (P(t)), total inhaled volume,
breathing frequency (BF) and the inhalation time were either measured or im-
posed by the pump. The time varying flow rate and volume were not measured
during the experiments. Therefore, a two component lumped parameter model
(linear compartment model) was chosen [4] to model the overall resistance (R) and

compliance (C) of the respiratory system:

AVyotar (1) N Viotar(t)
dt C

where Viyqi(t) is the total volume of air in the lungs,

R

— P(t) - P, (6.1)

dViotal (t)

i is the flow

rate, P(t) is the pressure at the trachea, and F is the pleural pressure. As the rats
were ventilated at a breathing frequency and tidal volume representative of normal
breathing, it was appropriate to assume linear resistance and compliance [22]. At
the end of expiration, the flow rate was zero and the volume and pressure satisfied
Vinin = (Ppeep — Po)C, and therefore by defining the tidal volume (inhaled volume)
as V' = Viptai(t) — Vinin, the global respiratory model can also be written as:

vV (t)

R% + _C = P<t> - Ppeep (62)

where P, is the constant end expiratory pressure, 1 cm H,O. The equa-
tion was solved with an implicit Euler time stepping scheme. Pressure was imposed
after filtering out the high frequency experimental noise. The pressure curves for
representative healthy and emphysematous rats are shown in Figure 6.2A. As the

R and C parameters were unknown, equation 6.2 was solved using a large range
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of R and C values. A unique R and C pair was found for each rat satisfying the
following constraints from the experimental data: a) the maximum volume was
the one imposed by the pump (i.e. 2.2 mL) and b) inspiration ended as set by
the pump (i.e. time of maximum volume was ﬁ) It has previously been shown
that respiratory resistance increases during exhalation [50], therefore the resistance
during exhalation was set to 1.5 times the resistance during inhalation.

Once the R and C parameters were found for each rat, the volume and flow
rate throughout the full breathing cycle were numerically calculated by solving
equation 6.2. The average and standard deviation between rats in each category
were calculated for the maximum pressure, resistance, compliance, maximum flow
rate during inhalation and maximum flow rate during exhalation. An unpaired

two-tailed t-test was used to determine if the global respiratory parameters were

significantly different between the healthy and emphysema rats.

6.2.2 Coupled Multi-scale Simulation and Analysis

The 3D geometric model was previously created from MR images [46] with
the open source software, Simvascular (simtk.org) [52] and is shown in Figure
6.1B. The airway geometry did not include the upper respiratory passages as they
were bypassed during the exposure experiments (animals were tracheotomized).
Therefore, the geometry started at the trachea and ended at the five distal airways,
each corresponding to one of the five rat lobes. As the conducting airways were not
influenced by emphysema, as confirmed by measuring the airway diameter from the
MR images, the same geometric model was used for the healthy and emphysema
simulations.

A custom stabilized finite element Navier-Stokes solver was employed to

simulate airflow in the 3D model, assuming rigid walls and Newtonian flow with

a density of 1.2 % 107°—245 and viscosity of 1.81 x 107°—£—_ A custom linear
solver with resistance based preconditioning and a combination of GMRES and
conjugate gradient methods was used for the linear system of equations in the flow
solver [25]. Anisotropic mesh adaptation based on the Hessian of the velocity field

was performed for the airway model, to ensure mesh convergence of the solution
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Figure 6.1: Panel A: Schematic of the aerosol exposure system used for the rat
experiments. [47] The mechanically driven piston pump delivered particle-laden air
to the rats during inspiration. Rats passively exhaled to a positive end expiratory
pressure (Ppce,) container during expiration. Panel B: Illustration of the 3D rat
CFEFD airway geometry [46] connected to Neumann boundary conditions. Time
varying pressure was imposed at the trachea and RC models were connected to

the distal airways.

[42]. Mesh independence of the solution was determined by computing the root
mean squared error of the flow rate at the trachea face. For each 3D simulation a
time step of 107 seconds was employed, with 8 nonlinear iterations per time step.
Simulations were run for 3 respiratory cycles to insure convergence to a periodic
solution.

The 3D Navier-Stokes domain was coupled to the pressure (at the trachea
face) and the 0D model (at the distal faces) through an implicit two-way coupling
algorithm with Neumann boundary conditions [27] (i.e. at each 3D nonlinear
iteration flow rate was passed to the 0D model and pressure was passed back to
the 3D model). A time step of 107% seconds was used to solve the 0D model at
each 3D nonlinear iteration. The pressure applied at the trachea face was the same

experimental pressure from which the global parameters were estimated (see Figure



145

6.2A). To prevent numerical divergence, backflow stabilization [26] was employed at
the trachea and distal faces. The 0D models represented the respiratory networks
not included in the 3D model (i.e. downstream airways and tissue). With this
type of multi-scale coupling, the dynamics of the entire respiratory system can
be modeled in a coupled fashion. The distal 0D models were the two-component
lumped parameter models described by Eq. 6.2. While there have been a few recent
studies that measure ventilation in rat lungs [16, 24|, none of these have measured
the ventilation distribution to each lobe. However, Raabe et al. [49] measured the
lobar distribution of 0.52 pm particles in spontaneously breathing rat lungs and
found the distribution of deposited particles to be mainly proportional to lung
volume. Particles of this size have minimal intrinsic properties and consequently
they closely trace the convective flow in the lung. Therefore, for each lobe, the
parameters Rysiqr; and Cgisiar,; Wwere computed assuming that the flow distribution

to each lobe was proportional to its volume:

Caistat; = ouC (6.3)
R

Rdistal,i = (64)
o

where «; is the volume of each lobe, divided by the total lobe volume [46].

One healthy and one emphysema rat were chosen for the simulation. Their
global R and C values are given in Table 6.1 and their pressure curves are shown
in Figure 6.2. Six cases of emphysema were simulated, homogeneously distributed
emphysema and five cases representing heterogeneous emphysema, assuming that
the emphysema was contained in only one lobe. In these heterogeneous emphy-
sema cases the emphysema pressure (see Figure 6.2) was applied to the trachea
and the healthy resistance values Rg;sia1; Were applied to each distal face. The
healthy resistance values were used because there was no difference in emphysema
and healthy resistances (see Results). The healthy compliance values Cy;gtq,; Were
applied to four of the distal faces. The compliance at the remaining face Cyjstar
was defined such that the sum of all other Cyjsq1; Was equal to the total emphy-
sema compliance. With this definition, 4 lobes would be considered healthy and

1 lobe would be considered diseased. Each of the five heterogeneous emphysema
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simulations represented a different diseased lobe. For all simulations, the Rg;star
during exhalation was 1.5 times greater than the Rgjstq; during inhalation.
Airflow postprocessing of the results and particle tracking were based on the
last respiratory cycle. Airway resistance of the 3D model was calculated by dividing
the pressure drop at maximum flow rate (Ppyqchea, max. inspiration - Pdistal, max. inspiration
Plistal, max. expiration = Pirachea, max. expirations Fdistat being the most extreme pressure
among the distal airways compared to the trachea pressure) in the 3D model by
the flow rate at the trachea (Qmax. inspiration, @max. expiration). Lobar distribution of
flow was determined by normalizing the total volume of air delivered to each lobe

by the total inhaled volume.

6.2.3 Lagrangian Particle Tracking

Once the airflow simulations were completed, rigid spherical particles were
tracked in the 3D model by solving the Maxey-Riley equation [38]. For small
particles the Faxen correction and Basset/Boussinesq memory terms may be ne-

glected [38]. Therefore, the Maxey-Riley equation reduces to

(00 30) T2 = o=+ Gor 2 - S - (@), (69

where ¥ is the particle velocity, a is the particle radius, p is the viscosity of
air, p, is the particle density, py is the fluid density, @ is the flow velocity, and Z is
the position of the particle. The derivative d/dt = /0t + v - V is evaluated along
the particle path whereas the derivative D/Dt = 0/0t+u-V is evaluated following
a fluid element. The aerosol particles were assumed to be inert and monodisperse
with a diameter of 0.95 pm and density of 1.35 g cm™3, to match the exposure
experiment [47]. Equation (6.5) was solved analytically for v(z;(t;)), the velocity
of the particle j at arbitrary time ¢; as a function of the other variables (namely
ii(t;) as obtained from interpolation and 2Z(¢;) as obtained by linear interpolation
of the velocity field data and second order accurate central difference formula for
the spatial and temporal derivatives). Once the velocity of the particle at time

t; was obtained, the position at time t;,; was updated. This last time step was
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performed by employing an explicit Euler discretization scheme with a time step
(dt = tiy1 — ;) of 107° sec [9, 55]. Flow velocity, @, was found for each particle
position using linear space-time interpolation from the velocity field mesh. The
gravitational vector, g, was positioned to represent a rat in the supine position,
similar to that of the experiments [47].

Particle seed locations were uniformly defined over the trachea face. As the
particle deposition in the model is highly dependent on their starting location [36],
the number of particles released was proportional to the local flow velocity. With
this definition, more particles were released at the center of the model and at times
of high flow velocity. The particles were seeded at the inlet throughout inhalation.
Once the particles came in contact with the 3D wall boundary they were assumed
to be deposited. Particle distribution to each lobe was determined by counting the
number of particles exiting from each distal face. To ensure there was no other
dependence on the particle starting location, the spatial density of the particles
was increased until there was no change in deposition or distribution of particles.
The number of particles deposited, suspended in the 3D domain, and delivered to
each lobe was summed at the end of inhalation.

In addition, massless particles were tracked in the 3D velocity field by solv-
ing ‘fl—f = 4(Z,t). A forth order Runge-Kutta time stepping scheme was employed
to track the particle’s position over time. Pathlines were created by tracking the

massless particles in the 3D domain.

6.3 Results

6.3.1 Global 0D Parameters

The maximum pressure measured at the trachea was lower (p = 0.012) in
the emphysematous rats compared to the healthy rats (Table 6.1 and Figure 6.2A).
While only marginally significant (p = 0.085), the compliances in the emphysema
rats tended to be higher than in the healthy rats. The respiratory resistances were
not significantly different (p = 0.53). As expected, the inhalation flow rates and

volumes were the same between all rats, as this was controlled by the ventilator
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Figure 6.2: Global 0D model solution for one healthy and emphysematous rep-
resentative rat. Panel A: Experimental pressure tracing used to solve Eq. 6.2 and
applied to the trachea face for the multi-scale CFD simulations. Panels B and C:
The 0D volume and flow rate solution. Panels D, E and F: The pressure and flow
rate loop, flow rate and volume loop and pressure volume loops. Arrows show the

direction of the breathing cycle, beginning with inspiration.

pump and the same settings were used for all experiments. The maximum exhala-
tion flow rate tended to be larger in the healthy rats, than in the emphysematous
rats (see Table 6.1), however there was no statistical significance (p = 0.4) between
the groups. As shown in Figure 6.2, the decay rate of the expiration volume was
less for the emphysema rats. The pressure versus flow curve and the flow ver-
sus volume curve were more restrictive for the emphysema rat, compared to the
healthy rat (Figure 6.2D and E). The pressure peaked slightly before the volume
in both groups, as shown in Figure 6.2A, B and F.

6.3.2 Multi-Scale CFD Simulations

The finite element mesh of the 0D-3D CFD simulation was adapted until
there was less than 2 % difference in the inlet flow rate between successive adap-
tation steps. The final mesh resulted in ~ 3.5 % 10* elements. Figure 6.3 shows the

flow rate and pressure for the healthy rat (Figure 6.3A and C) and the homoge-
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Table 6.1: Global 0D model parameters. Simulation model parameters were
used for the determination of the 0D distal parameters according to equations 6.3
and 6.4. Average values were between all healthy and emphysema rats. Values
are labeled based on whether they were measured during the experiment (black),

estimated from solving Eq. 6.2 (bold), or predicted from model (gray)

Maximum Inhale Exhale Compliance Maximum Maximum
Pressure Resistance, R;, Resistance R, Inhale Flow  Exhale Flow
b= A‘fﬁagzti"r 1060 £1.19  0.22+0.12  0.33+018 0.25+0.04 11.3 + 1.39 -31.5 +19.23
£ Representative | o 0.098 0.147 0.236 12.63 -55.61
Case
2 Average For )
3 790 £ 143 0.18 £0.05 027+ 008 0.37 £ 0.14 11.2 & 1.41 -22.8+ 8.41
g All Rats
g} .
£ Representative | g 0.135 0.167 0.330 10.47 -20.85
g, Case
g
=

nous emphysema rat (Figure 6.3B and D). In both cases the flow rate measured
at the trachea was similar to the flow rate found with the global 0D model, except
at peak expiration. At this time, the flow rate at the trachea was slightly less
than the global 0D prediction. This decrease was caused by the pressure drop
between the trachea and the distal airways (Figure 6.3C and D) and the resulting
resistance in the 3D airways. Indeed, the predicted pressure drop to each lobe, as
shown in Table 6.2, was over 30 times greater during maximum exhalation than
during maximum inhalation for the healthy rat. The same trend was found for the
homogeneous emphysema case, as the pressure drop was very small for both.
Figures 6.3E and F show the resulting flow rates for the apical heterogeneous
emphysema case. The increased compliance in the apical lobe, due to the disease
localization, caused the lobe to fill and empty more slowly than in the healthy
lobes. Additionally, as shown in Figure 6.3F, the time for the flow to change from
inspiration to expiration was the same for all the healthy lobes. However the apical
flow changed direction 0.014 seconds after the healthy lobes. Therefore during this
short time, air was both exiting and entering from the lobes into the 3D model.
Similar behavior was observed for the other four heterogeneous emphysema cases.

As expected, the airflow delivery to each lobe for the healthy and homoge-
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Figure 6.3: Computed flow rate and average pressure at each face for healthy
(panels A and C), homogeneous emphysema (panels B and D) and heterogeneous
emphysema (apical lobe) (panels E and F). The simulated flow rate at the trachea
was similar to the 0D model solution, except during maximum exhalation where
the 3D pressure drop was the greatest (shown in panels C and D). Panel F shows

the delay in the flow direction change and slower emptying in the diseased lobe.

neous emphysema cases was the same as the applied flow distribution (Table 6.2).
In each of the heterogeneous emphysema cases flow increased in the lobe that con-
tained the disease and decreased in the healthy lobes. This resulted in a higher

pressure drop for the diseased lobe and a lower pressure drop for the healthy lobes.

Flow Profiles in the 3D Model

Velocity profiles were plotted i) at the trachea, ii) at the first main bifurcation
and iii) at the triple bifurcation (Figure 6.4) at six time points in the respiratory

cycle. Figure 6.5 shows the flow profiles for multiple locations in the 3D model at
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Table 6.2: Airflow Delivery to Each Lobe Normalized by the Inhaled Volume, %.

Multi-scale CFD results for each of the seven simulations preformed.

\ Left  Apical Intermediate Diaphragmatic Cardiac

Alpha [46] 0.359 0.110 0.135 0.280 0.116
Healthy 0.358 0.110 0.135 0.279 0.116
Homo. Emphysema | 0.359  0.110 0.135 0.280 0.116
Left Diseased 0.529 0.0801 0.0983 0.204 0.0844
Apical Diseased 0.279 0.306 0.105 0.218 0.090
Inter. Diseased 0.274 0.0840 0.339 0.214 0.0884
Dia. Diseased 0.263 0.0806 0.0988 0.469 0.0848
Card. Diseased 0.278 0.0852 0.104 0.217 0.315

Pressure Drop From Trachea Face During Maximum Inhalation, ecm H,O
\ Left  Apical Intermediate Diaphragmatic Cardiac

Healthy 0.037  0.048 0.052 0.016 0.034
Homo. Emphysema | 0.036  0.043 0.044 0.022 0.034
Left Diseased 0.057 0.037 0.032 0.016 0.023
Apical Diseased 0.027 0.063 0.028 0.009 0.022
Inter. Diseased 0.029  0.038 0.069 0.019 0.036
Dia. Diseased 0.028  0.041 0.058 0.038 0.045
Card. Diseased 0.030  0.038 0.048 0.027 0.048

Pressure Drop From Trachea Face During Maximum Exhalation, emH5O
\ Left ~ Apical Intermediate Diaphragmatic Cardiac

Healthy 1.38 1.25 1.87 1.82 1.86
Homo. Emphysema | 0.464  0.431 0.626 0.616 0.627
Left Diseased 0.718 0.632 0.909 0.894 0.907
Apical Diseased 0.676 0.636 0.926 0.912 0.926
Inter. Diseased 0.682 0.654 0.944 0.927 0.939
Dia. Diseased 0.711  0.683 0.991 0.989 0.998
Card. Diseased 0.664 0.616 0.911 0.897 0.914
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Figure 6.4: Velocity magnitude for three locations (1-3) at six time points (A-F)

for the healthy case. Time points at A and C are at the same flow rate with A
being before maximum inspiration (B) and C being after maximum inspiration. D
and F are at the same flow rate, with D being before the maximum expiration (E)

and F being after the maximum expiration.

the same time points. Even though the flow rate magnitude was the same at time
points A and C (Figure 6.4), before and after maximum inhalation, respectively,
the flow structures were quite different. At maximum inhalation the flow changed
from being nearly parabolic in every airway (Figure 6.4 iiA and Figure 6.5A) to
being skewed towards the inside of the bifurcations (Figure 6.4 iiB and Figure
6.5B). These flow structures remained during the deceleration phase of inspiration
(Figure 6.4 iiC and Figure 6.5C). At position iii Figure 6.4), the flow began to
recirculate from the diaphragmatic lobe to the intermediate lobe at maximum
inspiration (Figure 6.4 iiiB and Figure 6.5B). During expiration, even though the
flow magnitude varied much more than during inspiration, the flow structures
remained quite similar throughout the expiration phase at both position ii and iii
(Figure 6.4 and Figure 6.5). Velocity profiles in the lobe airways were shaped by
the airways’ curvature, merging upwards in the trachea. There, flow was initially

almost flat but developed complex structures at maximum expiration (Figure 6.4
iE).
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Figure 6.5: 3D rendering of the velocity magnitude for the healthy simulation
at six time points (A-F). Flow profiles’ shapes were normalized by the maximum

velocity in the 3D domain at each time point.

The fluid velocity and massless fluid particle pathlines for homogeneous emphy-
sema and apical heterogeneous emphysema are shown in Figure 6.6 for the same
three time points during inspiration. The velocity magnitude was not only different
in the diseased lobe airways, but also in other parts of the domain. For example,
the transient flow was higher in the trachea at time point A for the apical diseased
case. In the homogeneous emphysema case (Figure 6.6 1A-1C) there was more
recirculation between the diaphragmatic and intermediate lobes than in the apical
diseased case (Figure 6.6 2A-2C). Figure 6.6 2A-2C also shows that the increased
airflow delivery to the diseased lobe (apical lobe) occurred only after maximum

inspiration (panel C).
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Figure 6.6: 3D rendering of the velocity magnitude and massless fluid particle
pathlines for homogeneous emphysema (panels 1A - 1C) and for heterogeneous
emphysema (apical lobe diseased) (panels 2A - 2C). Time points are the same as

shown in Figure 6.4. The color scale is the same for each time point.

6.3.3 Particle Deposition and Distribution

Convergence in the number of deposited particles was reached when there
was less than 1 % difference in particle deposition with increasing particle seeding
densities. Convergence was achieved with a 2000 particle seed density was used,
which resulted in ~ 1.7 107 total particles released during inspiration. Figure 6.7A
shows the number of particles delivered to each lobe normalized by the total num-
ber of particles simulated, while Figure 6.7B shows the total number of particles
exiting the 3D domain to each lobe normalized by the number of particles exiting,
divided by the flow fraction values given in Table 6.2. There was no difference
in the normalized distribution of particles between the healthy and homogeneous

emphysema cases. However, there was an increase in delivery of particles to the
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diseased lobe and consequently a decrease in delivery of particles to the healthy
lobes, for the heterogeneous emphysema cases. The increase in delivery of par-
ticles to the diseased lobe was mainly due to the increased flow to this lobe, as
shown in Figure 6.7B. Additionally, it should be noted, that while the delivery of
particles delivered to the apical and diaphragmatic lobes was proportional to the
flow fraction, this was not the case for the left, intermediate and cardiac lobes.
Using the healthy case as an example, the particle delivery to the left lobe was 4%
higher than the flow delivered and 7 and 8 % less than the flow delivered for the
intermediate and cardiac lobes, respectively.

Only 0.64 and 0.61% particles were deposited in the 3D geometric model for
the healthy and homogeneous emphysema cases, respectively. There was no dif-
ference in the particle deposition locations between the healthy and homogeneous
emphysema cases. As shown in Figure 6.8, there were common areas of deposition
for all emphysema cases simulated. In particular, particles deposited mainly at the
first and second bifurcations. Additionally, particles deposited at the back wall of
the airway after the second bifurcation, as flow velocity decreased in this area, as
shown in Figure 6.6. In the cases of apical, cardiac and intermediate heterogeneous
emphysema, there was an increase in particle deposition on the wall of the airway

leading to the diseased lobe.

6.4 Discussion

6.4.1 Global Respiratory Parameter Estimation

The global respiratory parameters were estimated from the breathing ma-
neuvers taken during the aerosol exposure experiments. These global resistances
and compliances agreed well with previously published data, [24, 50, 59] despite
the limited by available experimental data, as neither flow rate nor volume curves
were collected during the experiments. For example, Rubini et al. [50] reported the
total respiratory resistance to be 0.25 4 0.05 Cmgﬂ# during inspiration and 0.33
+0.15 % during expiration for 300 gram healthy Wistar rats ventilated with

a tidal volume of 1 ml and a constant flow rate of 4 mTl These values are similar to
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those reported here for healthy rats; 0.22 + 0.12 %2?_5 and 0.33 £ 0.18 %

for inspiration and expiration, respectively. In a different study, Tolnai et al. [59]

cm?
cmH>O

(C =0.744 075220) Sprague-Dawley rats with body weight of 470 grams. Similar

compliances were found in a study by Emami et al. [24] for healthy (C = 0.61 £

0.12 cniﬂl}zo) and elastase-treated (C = 0.92 £ 0.16 chTIr}zo) Sprague-Dawley rats

with mean body weight of 531 grams. While both of these studies reported higher

reported respiratory compliance in healthy (C = 0.459 ) and elastase-treated

cm3

compliance values than those reported here (healthy: C = 0.25 + 0.04 0"

emphysema: C = 0.37 £ 0.14 cni"[}z 5), the relative increase in compliance between
emphysema and healthy rats was similar; Tolnai et al: 1.6 times larger, Emami
et al: 1.5 times larger, and this study: 1.4 times larger in emphysema compared
to healthy. Variances between these studies may be attributed to differences in
strain, body weight, and pulmonary function test measurement techniques. In-
deed, Tolnai et al [59] estimated parameters by fitting a constant-phase model to
impedance data. In contrast, both of these studies [24, 59] measured airway re-
sistance and found no difference between the healthy and emphysematous rats. It
should be noted that it is most likely that a mild to moderate case of emphysema
was induced [6] and it is likely that respiratory resistance would increase with the
severity of emphysema. In addition, if the resistance in emphysema is markedly
different from the normal case during expiration only, then additional experimental
measurements would be necessary to infer this information from the data. This
would however not change the particle simulation results, as they were performed
during inspiration.

To test the robustness of the parameter estimation method, the same pro-

cedure was repeated on two additional pressure curves collected for the same rat.

The average resistance between the three curves was 0.338 4+ 0.044 % and
the average compliance was 0.233 £ 0.006 Cmfm#, resulting in a relative dis-

persion (RD = standard deviation normalized by the mean) of 0.13 and 0.03 for
resistance and compliance, respectively. This intra-animal RD was less than the
inter-animal RD for the healthy rats: 0.54 and 0.16 for resistance and compliance,

respectively. In an additional test, a linear least squares fitting method was em-
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ployed to estimate the global parameters to compare to the integration method
used to solve Eq. 6.2. To do this, inhaled volume was estimated by recording and
measuring the linear displacement of the ventilator pump. This method resulted
in similar resistance, 0.296 versus 0.240 %2?*5, and compliance, 0.304 versus

0.302 crs’}}z 5-as the original method for a single rat, respectively. While the least

squares method may be more robust, as it uses the entire volume curve to esti-
mate the parameters, there was potential for experimental error in estimating the
pump volume displacement. Additionally, there was sensitivity in matching the
start time of the volume and pressure curves, resulting in the inability to estimate
parameters for several rats. Therefore, to employ such a method in future work,
the pressure and volume curves should be measured simultaneously using a more
reliable method to obtain the volume or flow rate.

The global volume and flow rate curves are highly dependent on the global
respiratory resistance and compliance. To demonstrate this, Eq. 6.2 was solved

cm3

by applying varying compliances (C = 2, 3.3, 4 and 5 oy 5) and using the em-

physema pressure curve (Figure 6.2A) and resistance (R;, = 0.135<%29=% anq
R, = 0.203%2?*5). As shown in Figure 6.9A-B, for the same pressure curve,
the maximum volume and flow rate during inspiration increased with increasing
compliance. Additionally, the volume and flow rate decay time during exhalation
increased as the compliance increased. As the compliance decreased, the flow rate
versus volume curve (Figure 6.9C) became more restrictive. Therefore, as the tis-
sue compliance increases, the lung becomes floppy and unable to recoil, as in the
case of emphysema. Additionally, higher compliances result in larger functional
residual capacity (FRC), or volume of the lung at its relaxed state. As the tissue
compliance decreases the lung becomes stiff and unable to expand, as in the case

of lung fibrosis.

6.4.2 Multi-scale CFD Simulations

Multi-scale numerical simulations were performed by coupling the 3D Navier-
Stokes equations to a 0D global lumped parameter model. This enabled cou-

pling between the downstream respiratory dynamics and the conducting trachea-
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bronchial region. Without this model, or with simpler boundary conditions, the
pressure and flow would be in phase. To demonstrate this, an additional simula-
tion was performed. Here, the healthy flow rate curve (see Figure 6.2) was applied
at the trachea and a zero pressure boundary condition was applied at the distal
faces. With this definition, the pressure drop from the trachea to each distal air-
way was the same. As a result the inhaled air would travel on the path of least
resistance. For this case, the volume of air exiting the model, normalized by the
total volume, was 0.289, 0.129, 0.007, 0.493, and 0.082 for the left, apical, interme-
diate, diaphragmatic and cardiac lobe, respectively. This led to as much as 95%
difference in the flow distribution using the RC model (Table 6.2) compared to
the multi-scale simulations. This significant difference highlights the importance
of performing respiratory CFD with realistic boundary conditions if unsteady sim-
ulations are performed. Boundary condition choices would have less influence in
steady flow simulations, as the primary difference was in the compliances between
the healthy and emphysematous cases.

t would be necessary to tune the downstream 0D resistances [61] so that the
total resistance (the resistance in 3D domain - computed as explained in Section
”Coupled Multi-scale Simulation and Analysis” - plus the downstream 0D resis-
tances) match the 0D global resistance if the airway resistance of the 3D model
was the same order of magnitude as the total airway resistance. However, since
the resistance in 3D airways was very small, i.e during inspiration the airway re-
sistance on average was 3.51 % 10_5% in the healthy rat (compared to the
0D global resistance of 0.098 ‘””Zn#), it was unnecessary to tune the distal re-
sistances. The resistance in the 3D domain during maximum exhalation flow rate
was 3.54 * 10_4%, which was 10 times greater than during inhalation. This
indicates that resistance is non-constant, at least during these short periods of high

flow rates. Using the airway geometric dimensions given in Oakes et al. [46], the

8uL

airway resistance was estimated by the relationship for Poiseuille flow, R = 753,

where L is the length of the airway and r is the airway radius. This resulted in an

HsO—s

airway resistance of 9.93 10~* cr25=", which was in-between the resistance found

during inhalation and exhalation. Therefore Poiseuille resistance approximation is
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appropriate if the resistance in the first couple of airway generations of the rat was

needed.

Comparison to Previous Airflow Studies

The velocity field in the 3D domain was qualitatively compared to results
given in Minard et al. [40]. In this study, Minard et al. [40] performed steady CFD
simulations and compared flow profiles to those measured directly from a rat with
MRI. The velocity field from our simulations was selected at the time points during
inhalation with similar flow rates (2 %) than in the Minard et al. study. For the
time point before maximum inspiration, the velocity field qualitatively compared
well with Minard et al. [40]. However at the time point following maximum inspi-
ration the velocity fields were different due to the unsteady effects of deceleration
(see Figure 6.5C). This comparison underlines the importance of performing un-

steady simulations, as the flow dynamically changes throughout inspiration. The

3D geometry of Minard et al. [40] was more extensive than this current study,

however there was little qualitative difference in flow profiles at 2 CS’ZCB In addition
to the flow profiles, the flow distribution to each lobe was compared to data mea-
sured with MRI. The normalized flow distribution in the present study was 0.359,
0.116, 0.135, 0.28, 0.11, which compares well to Minard et al.’s values of 0.351,
0.119, 0.101, 0.333, 0.095 for the left, apical, intermediate, diaphragmatic, and
cardiac lobes, respectively. Differences between the two studies may be attributed
to differences in strain (Sprague-Dawley [40] versus Wistar), animal weight (267

grams [40] versus 531 grams) and breathing patterns (unsteady [40] versus steady).

6.4.3 Particle Deposition and Distribution

In this study, the deposition and distribution of particles in the lung were
shown to be dependent not only on the flow distribution between lobes, but also
on the airways 3D geometry. The decrease in delivery of particles relative to the
lobar flow in both the cardiac and intermediate lobes (Figure 6.7, compared to the
other three lobes, was most likely due to the triple bifurcation and its influence on

the flow field in these regions (see Figure 6.6). In regions dominated by convective
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transport the likelihood of a particle to follow the flow depends on the Stoke’s
number [17, 21], defined as:
d*u
Stk = % (6.6)
where p, is the particle density, d, is the particle diameter, u is the mean
flow velocity and d is the airway diameter. In a previous modeling study performed
on idealized human geometry, Darquenne et al. [17] concluded that convective flow
was the main determinant of particle distribution in the lung at least down to
the level of the lung segment when Stk in the trachea was less than 0.01. At
the trachea, Stk was 0.0028 for the current study. The particles did deviate from
the flow, as shown in Figure 6.7B, however by no more than 8% (similar to the
variation discussed in Darquenne et al. [17]) The distribution of particles may be
explained by the flow patterns. Indeed, the velocity profile at peak inspiration
(see Figure 6.5B and C) was slightly pointing towards the left lobe. Not only will
particles at these peak flow areas have greater inertia, there will be more particles
released at this location, as the particle release density was proportional to the
local velocity at its starting location. Both of these factors may bias the particles
towards the left lobe. The recirculation area (see Figure 6.5B and C and Figure
6.6) also influenced the distribution of particles to the diaphragmatic, intermediate
and cardiac lobes.

Less than 1 % of the 0.95 um particles deposited in the 3D model for all
healthy and diseased cases considered (see Figure 6.8). Particles mainly deposited
at the first and second bifurcations for all diseased cases considered. However,
in the case of heterogeneous emphysema, more particles deposited on the walls
of the branches leading to the diseased lobe. Deposition in the 3D airways was
also predicted by solving empirical models for gravitational sedimentation [8] and

cm3

. For 0.95 pm diameter

inertial impaction [48] using an average flow rate of 9
particles, it was estimated that 0.89 % of particles deposited due to inertia and
0.23 % of particles deposited due to gravitational sedimentation. Considering that
these calculations did not take unsteadiness into account, the deposition prediction

was close to that found with the numerical simulations.
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Table 6.3: Percentage of particles deposited in the 3D geometry for rats in the

supine and standing position for particle diameters of 1, 3 and 5 um.

Position: supine standing
Particle Diameter: lpum 3pm Hpm 1um 3 um
Healthy 0.64 268 981 095 297
Homogenous Emphysema | 0.61 2.54 856 1.31 3.11
Apical Diseased 0.76 235 924 148 2.25

The influence of rat position and particle size was investigated by tracking
0.95, 3 and 5 wm diameter particles with the rat in both the supine and standing
positions (see Table 6.3 and Figure 6.10). As expected, the number of deposited
particles in the 3D model increased with increasing particle size (Table 6.3). Addi-
tionally, for most cases, the deposition increased when the rat was in the standing
position and there were more particles depositing on the front face of the diaphrag-
matic airway (see Figure 6.10B and D). This is mainly because flow and gravity are
in the same direction and therefore particles are more likely to impact the curved
airway faces (due to bifurcations or longitudinal curvature). As shown in Figure
6.10 the deposition patterns for 3 um diameter particles were remarkably different
between the homogeneous emphysema and the apical diseased cases. This was
mainly because when the apical lobe was diseased, the flow slowed down in the
other airways (see Figure 6.6), leading to increased particle deposition. Finally, the
number of 3 ym particles deposited in a rat in the supine position was estimated by
solving the empirical formulas given by Cai et al. [8] and Pich et al. [48]. Unlike for
the 0.95 pum diameter particles, the empirical formulas overestimated deposition;
8.86 % of particles deposited due to impaction and 2.31 % of particles deposited
due to sedimentation. The total deposition of 11.17 % was significantly higher
than the 2.68 % found during the current unsteady numerical simulations. This is
an example where numerical simulations may be used to study the hypotheses on

which empirical formulas are based.
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Comparison with Aerosol Experimental Data

In healthy black and white hooded rats of body weight of approximately 300
grams in free breathing exposure, Raabe et al. [49] found that particles deposition,
normalized by lung volume, was 1.01, 1.12, 0.95, 0.96, 1.00 for the left, apical,
intermediate, diaphragmatic and cardiac lobes, respectively. Assuming that the
number of particles deposited in each lobe is proportional to the number delivered
to the lobe, we would predict that normalized deposition of 1.04, 0.982, 0.928,
1.03, 0.923 for the left, apical, intermediate, diaphragmatic and cardiac lobes,
respectively, a difference of less than 10%. One exception was in the apical lobe,
in which Raabe et al. [49] found a 12 % higher normalized deposition than the
current study would suggest.

Exposing free breathing hamsters to 0.45 um aerosol, Sweeney et al. [58]
found significantly less deposition of 0.45 um in emphysematous hamsters than in
age-matched healthy hamsters. Additionally, the authors found that the particle
deposition was more heterogeneously distributed in the emphysema hamsters than
in the healthy animals. While the deposition downstream of the 3D model in the
current study was not determined, the increased delivery of particles to the diseased
lobe suggests that more particles would be available to deposit in emphysematous
regions of the lung, in disagreement with Sweeney et al’s findings [58]. It should
be noted that while the diseased lobe in our model of heterogeneous emphysema
had a larger compliance than the healthy lobes, resistance in the diseased lobe was
kept similar to that of the healthy ones, as the resistance between the healthy and
emphysematous rats was found to be the same. However, the loss of elastic recoil
in the emphysematous lobe may increase the resistance of the small airways [15].
Such increase in resistance would be expected to limit ventilation in the subtended
parenchymal region, hence limiting the delivery of aerosols in the diseased lobe
and subsequent deposition. Finally, while reasonable in a homogeneous lung, our
assumption of deposition being proportional to aerosol delivery may not be as
suitable in a lung with heterogeneous compliance. These differences between our
model predictions and experimental observations will help refining our approach

in future studies.
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6.4.4 Study Limitations and Future Work

Global resistance and compliance were estimated by solving a two-component
lumped parameter RC model with pressure tracings collected during the experi-
ments. As the flow and volume curves were not measured during the aerosol ex-
posure experiments, it was impossible to determine a time varying resistance and
compliance. However, as the rats were ventilated at tidal breathing, it is appropri-
ate to assume a constant resistance and compliance [22]. Despite this limitation,
the global resistance and compliance agreed favorably with previous studies [?, 24].
Moreover, if other data enable to describe how resistance and compliances change
dynamically (e.g. with the flow rate), this information can be readily integrated
in the current framework.

Our multi-scale approach enabled realistic unsteady simulations, and more
accurately predicted flow distribution in each lobe compared to the constant pres-
sure boundary conditions. However, the distal resistance and compliance were
partitioned based on the sub-tending lobar volume. Pulmonary ventilation may
not be directly proportional to the lobe volume; only a few experimental stud-
ies [24, 40] have investigated ventilation in the rat lung. Despite this, the flow
distribution to each lobe matched well with flow measured with MRI [40]. Addi-
tionally, in this work, emphysema was modeled as homogeneous or only contained
in one lobe. However, it is likely that the disease affects the whole lung in a het-
erogeneous fashion rather than being restricted to one specific lobe. Nonetheless,
our simulations, can be used to offer insights into the relation between the disease,
airflow and particle delivery.

While particle transport was simulated throughout unsteady inspiration,
particles were not tracked once they left the 3D domain or during exhalation.
Determining particle deposition downstream of the 3D model would require either
a more extensive 3D model, a mean multiple path deposition model [2], or a 1D
description of airflow and particle deposition. In spite of this, the model was able

to match both experimental [49] and empirical models [8, 48] reasonably well.
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6.5 Conclusion

This study was the first to (1) model airflow in the rat airways by solving
a 0D global model and then a multi-scale 3D-0D model that were parameterized
from experimental data, (2) determine particle deposition in the large airways and
particle distribution in the rat lobes under unsteady breathing conditions, and (3)
understand the influence of emphysema on the deposition and distribution of 0.95
pm diameter particles. As the 3D-0D multi-scale respiratory model showed, there
was an increase in delivery of air and particles to the diseased lobe, because of the
lobe’s increased compliance. This finding suggests that, while emphysema reduces
area for gas exchange to occur, airflow may be increased to the diseased regions,
resulting in reduction of airflow to the healthy regions. Even though more particles
are delivered to the diseased regions, it is unknown how they deposit once they leave
the 3D domain. However, if the air becomes trapped, there may be an increase
in deposition in emphysema due to gravitational sedimentation. In addition to
the increase in particle delivery to the diseased lobe, there was a greater number
of particles depositing in the 3D domain in the localized diseased cases compared
to the healthy or homogeneously distributed emphysema case. This was mainly
because there was more particle-laden air traveling through these airways. While
this increase in deposition was small (0.76 % in apical diseased versus 0.61 % in
homogeneous emphysema), the influence of disease on deposition may become more
significant in a model that includes more airway generations. Both the particle
size and the position of the rat changed the percent deposition in the 3D model;
deposition was higher for increasing particle diameter, and deposition was higher
for the rat in the standing position, compared to the supine position. Finally,
the particle deposition empirical models studied here [8, 48] predicted a higher
deposition compared to the 3D numerical simulations. This is probably because
the 3D numerical simulations were unsteady, whereas the empirical models do not

account for the influence of unsteady flow.
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Figure 6.7: Panel A: Normalized number of particles exiting to each lobe. Panel
B: Normalized number of particles delivered to each lobe (number of particles
exiting to lobe divided by total number of particles exiting) divided by the flow

split values given in Table 6.2.
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Figure 6.8: Particle deposition in the 3D model for 0.95 pm diameter particles
with the different colors representing the 6 different cases of emphysema simu-
lated. The percentage of total deposition in the 3D domain is also given for each

emphysema case.
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0.202%) with varying compliances. C = 3.3 was the compliance found for

the representative emphysema rat.
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Figure 6.10: Particle deposition in homogeneous emphysema for rat in supine
and standing position (panels A and B, respectively) and for heterogeneous em-
physema (apical diseased) for rat in supine and standing position (panels C and
D, respectively). Red particles are 1 micron in diameter and blue particles are 3

microns in diameter.



Chapter 7

Extended Airway Model and
Comparison of Experimental and

Simulated Deposition Data

7.1 Introduction

The main challenge in modeling airflow and particle deposition in the lung
lies in the ability to directly validate models with either human or animal in-vivo
experimental data. Only a few computational fluid dynamics (CFD) studies have
validated their respiratory models with either replica experimental models [3, 5, 6]
or in-vivo animal models [7]. Currently, no CFD prediction of particle deposi-
tion have been compared to in-vivo human deposition data. Recently, Minard et
al. [7] compared CFD and magnetic resonance imaging (MRI) velocity fields in the
airways of rats. However, no work has been done to directly validate numerical
particle deposition predictions with experimental data. To move towards perform-
ing in-vivo particle deposition validation, respiratory CFD models must accurately
mimic the experiments that they are being compared to. Due to the vast length
scales of the lung, complex geometry and pulmonary tissue mechanics, it is cur-
rently impossible to model the lung in full because of the extensive computational

costs and lack of data. Therefore, multi-scale methods must be employed that
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incorporate realistic 3D CFD geometry coupled to lower-dimensional downstream
models.

In this study, multi-scale CFD simulations were performed on rat airway
geometry derived from MR-images [8]. Particles with diameters of 0.95 pum were
tracked in the flow field during inspiration. Airflow and particle deposition sites
were compared for healthy, homogeneous and localized emphysema cases. The
disease locations were defined based on the emphysematous rat experiments (see
Chapter 5). Therefore, emphysematous regions of the lung were located at the base
of the left, diaphragmatic and cardiac lobes. The normalized delivery of particles
to each lobe were compared to the normalized MRI deposition data for both the

the healthy and emphysematous rat lungs.

7.2 Methods

This work extends on the multi-scale airflow simulations presented in Chap-
ter 6. Previously, the global respiratory resistance (R) and compliance (C) were
determined by numerically solving
av. V(t)

— + == = P() = Preoy (7.1)

where V' (t) was the inhaled volume P(t) was the pressure measured at the trachea

R

and P, was 1 cm HyO. The global resistance and compliance values found

for a representative healthy (Ru giobar = 0.098%#, ChH.global = 0.23665}}20)

and emphysematous (Rg giobar = 0.135%2?*3, CE. giobal = 0.330672220) rat (see

Chapter 6) were employed in these simulations.

7.2.1 Numerical Simulations

The 3D Navier-Stokes equations were solved in a rat airway geometry de-
rived from MR images (see Chapter 3 [8]). The airway geometry consisted of up
to 14 airway generations and 79 terminal branches (see Figure 7.1). Throughout
the rest of the text the 14 generation model is called the ”extended airway model”

and the model presented previously in Chapter 6 is called the 75 airway model”.
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Neumann boundary conditions were employed at the trachea face and at each of
the distal airway faces using methods described elsewhere (see Chapter 2, Chapter
6). The distal resistance (R; ;) and compliance (C; ;) used to solve each lumped
parameter model Eq. 7.1 at each distal face for the healthy and homogeneous em-
physema cases were determined assuming that (1) the airflow delivered each lobe
is proportional to the lobe’s volume and (2) that the mean flow rate exiting the
3D domain is directly proportional to the airways cross-sectional area. Therefore,
defining a; volume fraction for each lobe, the resistance and compliance for each

lobe is defined as

Cj = oszglobal (72)
]
= 7.3
! Rglobal ( )

where j is the subscript denoting each lobe. The resistance and compliance for

each airway were found by solving

A; :C
Cij = —=—— (7.4)
Zi:l Ai,j
RSN A
RZ‘J’ - —]2141:1 J (75)
1]

where the subscript ¢ denotes the airway number, N is the total number of airways
in a lobe and A, ; is the cross-sectional of each airway face. With these definitions,
the summation of the distal resistances and compliances equal the global resistance
and compliance. However, the 3D airways do not have negligible resistance and
compliance as they did for the 5 airway model (see Chapter 6), as there are many
more airways included in this extended model. Therefore, the distal resistance
values must be tuned such that the volume of air exiting out each airway is as
expected (V;; = %VT, where Vr is the total volume inhaled, and that the
total simulated resistance equals the expected global resistance. To save on com-
putational cost, the resistance values were first tuned with steady simulations and

then tuned further for the unsteady case.
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Two steady simulations were performed by prescribing a constant flow rate
equal to the mean flow rate during inhalation at the average flow rate (Quuy =

74?;2) or at the maximum flow rate (Qmaz = 13'02205725) at the trachea and

resistance values found from Eq. 7.5 at each of the outlets. Tuning was performed
by updating the the distal resistances by solving
Q. R
Ricj—l Y Y | (76)
’ Quavg,i.j
3D,k

where k + 1 denotes the updated resistance value and Q);

;i s the flow rate exiting

each airway. Tuning for the steady simulations were performed until there was
less than 5 % difference between the expected flow and the simulated flow. Once
the correct resistance values for the steady case were determined, the unsteady

simulations were performed. The resistance was then tuned by solving

53Dk pdk
P‘?j Pz?]

k+1 i
Rij" = o (7.7)
i?j
ATk - 53D,k -
where @); ;" is the average expected flow rate, F;;”" is the mean pressure at each

distal value found from the simulation and Rd]k is defined as

5d.k _ A3Dk pk 53D,k

PLF = QI RE + P (7.9
where Q??k is mean flow rate found from the simulation. This tuning was per-

formed until there was less than 5 % from the expected and simulated average flow

rate. In addition to the mean steady case a steady simulation was performed at

cm? )

maximum flow rate (Qauy = 13.0<).

One simulation representing localized emphysema was performed. The lo-
cation of the diseased regions were determined based off of information found from
the experimental data (see Chapter 5). The experimental data suggested that the
elastase created emphysema-like damage to the base of the cardiac, diaphragmatic
and left lobes (see Figure 7.1). As the resistance remained unchanged between the
healthy and emphysematous rats (see Chapter 5), the resistances for all airways of
the localized emphysema cases were the same as those used for the homogeneous

emphysema simulations. The localized emphysema case’s healthy lobes (apical and
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intermediate) C;; were defined as the same as the healthy simulations. The dis-
eased lobes total compliance (diaphragmatic, cardiac and left lobes) were defined
such that the total compliances of all the lobes equaled Cg gjopar- The lobes indi-
vidual compliance was then divided based off of the lobe’s volume. The diseased

airways were defined with Eq. 7.4.

A

@ Healthy

Apical
© AP @ Diseased

@ Intermediate
@® Diaphragmatic
@ Cardiac
® Left

Figure 7.1: Airways leading to the left, apical, intermediate, diaphragmatic and
cardiac lobes are outlined (panel A) and the healthy and diseased regions are

outlined for the localized emphysema case (panel B).

Once the airflow in the 3D domain was found, inert, mono-disperse particles

with a diameter of 0.95 pum and a density of 1.35 -3 were tracked throughout
inspiration as described in Chapter 6. Total deposition, number of particles exiting
each lobe and number of particles depositing on the walls airways within a lobe

were determined from the simulation results.

7.2.2 Comparison of Simulated and Experimental Data

The number of particles exiting to each lobe, including the particles de-
positing on the airways within a lobe, were counted and normalized by the total
number of particles simulated and was denoted the ”delivery fraction.” Doing this

assumes that the number of particles depositing downstream of the 3D domain is
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Table 7.1: Airflow Delivery to Each Lobe normalized by the Inhaled Volume, %.
Percentage of flow exiting to each lobe for two steady cases at mean and maximum
flow rate and unsteady case averaged over the entire cycle. For the mean and
maximum flow steady cases the same resistances values were used for the distal

airway boundary conditions.

Expected Steady Steady Unsteady
Mean Max
Left 35.9 36.0 35.46 35.7
Apical 11.0 10.89  10.74 10.9
Intermediate 13.5 13.42 13.51 13.4
Diaphragmatic 28.0 28.0 28.55 27.8
Cardiac 11.6 11.67  14.60 11.5

proportional to the number of particles delivered to the lobe. This delivery fraction
was compared to the deposition fraction found experimentally. The ”deposition
fraction” is defined as the number of particles depositing in each lobe, normalized
by the total number of particles deposition in the rat lung.

The delivery and deposition fraction were normalized by the lobe volume
percentage to determine the volume normalized delivery/deposition fraction. The
delivery and deposition fraction comparison as well as the volume normalized deliv-
ery/deposition fractions were performed for both the healthy and emphysematous

rat lungs.

7.3 Results

7.3.1 Healthy Airflow

The airflow delivery to each lobe for the mean steady flow case was less than
1% different from the expected flow division (see Table 7.1. For the maximum
steady flow case, where the same resistances values as the steady flow case was
employed, there was a 25% difference in the simulated flow versus the expected
flow for the cardiac lobe. There was less than 1 % between the simulated and

expected flow for the unsteady case.
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The velocity and corresponding streamlines for the unsteady and steady
simulation are shown in Figure 7.2 for maximum flow rate and Figure 7.3 for mean
flow rate. As Figure 7.2 shows, flow structures developed in the unsteady case
that did not occur in the steady case. These flow structures developed during
the acceleration phase of the cycle and continue to be present throughout the
rest of inspiration (see Figure 7.3. The flow in the steady cases (see Figure 7.3C
and Figure 7.2B) slowed in the areas of the model where the cross-sectional area
increased, as outlined by the red arrows on the Figures.

A B

Unsteady Simulation Steady Simulation velocity
' cm/sec

Ko

Figure 7.2: Comparison between unsteady (panel A) and steady (panel B) sim-

ulations at maximum flow rate, 1.3 * 10%.

The average velocity and streamlines for the extended airway model is com-
pared to the 5 airway model in Figure 7.4. The flow structures in the extended
airway model are more complex than the 5 airway model, as shown by the red
arrows.

The airway resistance at maximum inspiration is shown in Figure 7.5. The
airway resistance was calculated by dividing the pressure drop at the time of max-
imum inhalation flow rate in the 3D model by the maximum inhalation flow rate.
Airway resistance tended to be higher for the small airways, as the pressure drop

was highest for these airways.
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Figure 7.3: Comparison between unsteady (panels A and B) and steady (panel
C) at the mean flow rate of 7.4 * 10%. The unsteady simulation velocity plots are
at the same flow rate as the steady simulation, but panel is is before maximum

inspiration and panel B is after maximum inspiration.

7.3.2 Healthy Deposition
Simulated Deposition

Deposition locations for the unsteady and mean and maximum steady cases
are shown in Figure 7.6. The percentage of particles that deposited in the 3D
domain was 6.06%, 3.79%, and 6.28% for the unsteady, steady simulation at mean
flow rate and steady simulation at maximum flow rate, respectively. Particles
deposited at the bifurcation areas, areas where the flow slowed down (see Figure
7.3 for the unsteady case. In contrast, the deposition sites were much smaller and
more compiled in the steady simulations (see Figure 7.6B and C).

Deposition hot spots for the extended model and the 5 airway model are
shown in Figure 7.7. Both the extended and 5 airway model predicted deposition
at the bifurcation areas (green arrows). However, the 5 airway model predicted
deposition at the triple bifurcation area (red arrow), which was not a predicted
spot for the extended model.

The number of particles depositing on the wall of the airways in each lobe is
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velocity
cm/s

J

Figure 7.4: Comparison of the 5 airway model (panels A and B) to the extended
airway model (panels C and D). Panels B and D are zoomed into backside of the

regions outlined for the 5 airway model and extended airway model, respectively.

shown in Figure 7.8. The left lobe had the highest number of deposited particles,
as this lobe contained more airways than any of the other lobes, i.e. 31 terminal

airways.

Comparison of Simulated and Experimental Results

Figure 7.9 shows the normalized delivery of particles to each lobe and com-
pared to the normalized experimental deposition data. Assuming that deposition
of particles downstream of the 3D domain is directly proportional to the delivery of
particles, there was good agreement between the simulated and experimental data.
For all the lobes, the extended airway model was closer to the average experimental

values than the 5 airway.
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Figure 7.5: Airway resistance at maximum inspiration for healthy, homogeneous

emphysema and localized emphysema simulations.

Unsteady Steady: Mean Flow Steady: Max Flow
=6.06 % =3.79% =6.28%

Figure 7.6: Comparison between unsteady simulation and steady simulations at

mean and maximum flow rate.

Figure 7.10 shows the delivery/deposition fraction values shown in Figure

7.9 normalized by the lobe volume percentage. A value of 1 would indicate that
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=0.64 %

Figure 7.7: Comparison of deposition hot spots and total deposition with the 5

airway model and the full model.

particle delivery/deposition was directly proportional to the lobe volume percent-
age. For all cases the extended lobe matched slightly better to the experimental
data than the 5 airway model. Both the simulated normalized particle delivery
and experimental normalized deposition data was almost 1, therefore indicating

that particle delivery to each lobe was proportional the the lobe volume.

7.3.3 Emphysema Airflow

Table 7.2 gives the flow division to each lobe for the homogeneous and
localized emphysema cases with the extended and 5 airway model. The localized
models both had a decrease in airflow delivery to the apical and intermediate lobes,
compared to the homogeneous emphysema cases. However, the extended localized
emphysema case also had a slight decrease in airflow delivery to the cardiac and

diaphragmatic lobes and and a 30 % increase in delivery to the left lobe versus
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Figure 7.9: Deposited particles in each lobe found from MRI experiments nor-
malized by the total deposition and the number of particles delivered to each lobe

normalized by the total number of particles exiting 3D model.
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Figure 7.10: Particles deposited (experimental) or delivered (numerical) to each
lobe, normalized by the lobe volume. A value of 1 would indicate that the deposi-

tion/delivery was proportional to the lobe volume.

only 8.9 % increase found in the 5 airway model. There was no changes in airflow
delivery to the diaphragmatic and cardiac lobes.

Figure 7.11 shows the time averaged airflow in the localized emphysema
cases for the 5 airway model and for the extended model. The velocity was greater
in the trachea in the extended airway model compared to the 5 airway model.
Panels B and D show the backside of the zoomed in regions outlined in Figure

7.11. The flow structures were more complex in the extended airway model (shown

Table 7.2: Airflow Delivery to Each Lobe Normalized by the Inhaled Volume, %
for Emphysema Cases. Percent of flow leaving each lobe for the healthy, homoge-

neous and localized emphysema cases.

Full Lung Model 5 Airway Model
Homogeneous Localized Homogeneous Localized
Left 36.9 46.8 35.8 39.0
Apical 11.4 7.3 11.0 8.0
Intermediate 13.1 8.7 13.5 9.8
Diaphragmatic 26.3 25.2 27.9 30.5
Cardiac 12.0 11.6 11.6 12.7
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with the purple arrow) than in the 5 airway model. However, flow structures were
more complex in the 5 airway model at the triple bifurcation (shown with the red

arrow).
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Figure 7.11: Time -averaged velocity for the 5 airway model (panels A and B)
and full lung model (panels C and D) for localized emphysema cases. Panels B
and D are zoomed into the backside of the outlined regions for the 5 airway and

extended airway models, respectively.

The flow rate at the trachea throughout the breathing cycle is shown in
Figure 7.12 for the homogeneous and localized emphysema cases. The flow rate
during inspiration matched well to the 0D model solution for the homogeneous
case. However, the flow rate was slightly faster for the localized emphysema case,
especially at the deceleration areas. Figure 7.13 shows the mean flow rate (averaged

for all the distal faces) of the healthy and diseased airways of the left lung. The
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diseased airways flow rate is not only larger than the healthy regions, but the shape

and maximum flow rate time is different.
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Figure 7.12: Velocity comparison between 5 airway model (panel A) and full lung

model (panel B) for localized emphysema case

— Healthy Airways --- Diseased Airways
0.4r

flow rate, cm3/sec

0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
time, sec

Figure 7.13: Mean flow rate in healthy and diseased regions of the left lobe for

the localized emphysema case.

Figure 7.14 compares the time averaged velocity in the homogeneous (panel
A) and localized emphysema (panel B) cases. The flow speed was higher in the

left airways in the localized emphysema case (shown by red arrows) compared to
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the homogeneous emphysema case. However, the flow was slower in the apical and
intermediate lobes. These findings agree with the flow split percentages given in

Table 7.2.

A B
Homogeneous Localized
Emphysema Emphysema
velocity
cm/sec
35

30(

Figure 7.14: Average velocity with streamlines in 3D domain of homogeneous

emphysema (panel A) and localized emphysema (panel B).

The pressure drop from the trachea to each of the airways at the time of
maximum inspiration is shown in Figure 7.15. In general, the pressure drop was
higher in the localized emphysema case compared to the homogeneous emphysema
case. Additionally, the pressure drop was highest for the small airways in the left
lobe and in the cardiac lobe. The resistance at the time of maximum inspiration
in the homogeneous and localized emphysema cases are shown in Figure 7.5. Like
the pressure drop, the airway resistance was higher in the localized emphysema
case and was highest for the small airways.

The vorticity at maximum inspiration for the homogeneous and localized
emphysema cases is shown in Figure 7.16. Areas of large vorticity were found for
the small airways and at the bifurcation areas. The localized emphysematous lung

had larger regions of high vorticity, as shown by the white arrows.
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Figure 7.15: Average pressure drop in homogeneous (panel A) and localized

(panel B) emphysema.

7.3.4 Emphysema Deposition
Simulated Deposition

Table 7.3 shows the percent change in deposition on the airway walls from
the healthy to the emphysema cases. There was a ~ 60 % greater number of parti-
cles depositing on the left airway face for the localized emphysema case compared
to the homogeneous emphysema case. There was ~ 43 and ~ 50 % less particles
to deposit on the faces of the the healthy lobes.

Deposition locations for homogeneous and localized emphysema cases are
shown in Figure 7.17. Particle deposition was highest for the localized emphysema
case, where 6.80 % of the particles deposited compared to 5.79 % for the homoge-
neous emphysema case. The localized emphysema had more particles deposit at

the triple bifurcation area as well as in the left lobe, as shown by the black arrows.
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Figure 7.16: Vorticity at maximum inspiration for homogeneous emphysema

(panel A) and localized emphysema (panel B).

Comparison of Simulated and Experimental Results

Figure 7.18 shows experimental deposition delivery fraction for the emphy-
sematous rats and the normalized particle delivery fraction for the homogeneous
and localized emphysema cases. The homogeneous emphysema simulation agreed
well with the experimental data. However, the localized emphysema did not. The
localized emphysema over predicted deposition in the left lobe and under predicted

deposition healthy lobes (apical and intermediate).

Table 7.3: Percent change from healthy simulation for the number of particles to

deposit on airway walls in each lobe

‘ Homogeneous Localized

Left -0.20 59.95
Apical 2.97 -42.9
Intermediate 0.46 -49.54
Diaphragmatic -11.22 -8.14
Cardiac 12.57 -2.59
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Figure 7.17: Deposition of particles in healthy, homogeneous and localized em-

physema simulated models.

The volume normalized deposition and particle delivery data is shown in
Figure 7.18. Even though the normalized deposition in the left lobe for the localized
emphysema case over predicted the deposition, the volume normalized deposition

matched well the experimental data.

@ Experimental Data m Homogeneous Emphysema
A\ Localized Emphysema

50f A 50
40f 140
301 1 30
201~ 120
11
A A ?

o g((\'&&\c ¢ ‘a‘d\ac’

Normalized Particles

Deposited in Lobe %
% 9q07 01 palanllag
sa|olled pazijew.loN

\,e“ '\CQB d\a\e
po e
e O-\aQ“‘
Figure 7.18: Deposited particles in each lobe found from MRI experiments nor-
malized by the total deposition and the number of particles delivered to each lobe

normalized by the total number of particles exiting 3D model.
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Figure 7.19: Particles deposited (experimental) or delivered (numerical) to each
lobe, normalized by the lobe volume. A value of 1 would indicate that teh deposi-

tion/delivery was proportional to the lobe volume.

7.4 Discussion

Before this work, no studies have focused on comparing CFD simulated
deposition prediction to animal experimental deposition data. Furthermore, little
work has been done in understanding the influence of emphysema on particle depo-
sition in the conducting airways as well as the distribution in the lung. This study
expanded on the multi-scale framework developed in Chapter 6. The 5 airway
model that was employed in Chapter 6 was extended to include up to 14 airway
generations (see Chapter 2).

Unsteady and steady airflow simulations were performed for the healthy rat
case. Several groups present steady particle deposition simulations [2, 4, 11]. How-
ever, it is unknown how these deposition predictions relate to unsteady breathing.
Figures 7.2 and 7.3 show the difference in airflow between steady and unsteady
simulations. Not only does the flow develop over time, as demonstrated by the
evolving streamlines in Figure 7.3A and B, but there are also more complex flow
structures in the unsteady simulations compared to the steady simulations. These
different flow structures highly influence the particle deposition sites. For exam-
ple, as Figure 7.6 shows, the deposition hot spots are quite different between the

unsteady and steady simulations. In the unsteady simulations, particles deposit
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at the back of the wall of the airways, as this is the direction gravity is pointing,
and at the bifurcation areas. However, in the steady cases the particles pile on
top of each other and do not spread out. Simulations were performed with the
same spatial density of particles at the inlet as well as for the same amount of
time. Therefore, differences lie only in the different flow fields between the un-
steady and steady simulations. Sensitivity on the particle seeding was performed
for the unsteady case, however was not performed for the steady cases. Therefore,
future studies should perform a seeding sensitivity analysis to ensure that this is
not causing the differences between the steady and unsteady cases.

The flow and particle deposition sites were different between the 5 airway
model and the extended airway model. If the geometry was exactly the same and
the boundary conditions, and backflow stabilization were implemented correctly,
then there should not be a difference between the 5 airway and extended airway
models. However, the geometry was different near the outlets of the 5 airway
model (see Figure 7.4). In constructing the 5 airway model, the airways were
cut before the next bifurcation. For example, the extended airway model’s apical
lobe bifurcates where the 5 airway model does not. The differences in the flow
field (Figure 7.4) and in the particle deposition sites (Figure 7.7) highlights the
importance of including all of the airways that are available. If a true comparison
on the effect of the boundary condition was desired, than the geometries between
the 5 airway and extended airway models should be exactly the same.

The cardiac, diaphragmatic and left lobes were defined to contain the dis-
ease in the localized emphysema simulation. This was done by increasing the
compliance in these lobes compared to the homogeneous and healthy simulations.
Even though this was the case, the volume of air going to the cardiac and diaphrag-
matic lobes did not increase compared to the homogeneous simulation. Only the
volume to the left lobe increased. The volume of air going to a lobe is defined based
on the boundary conditions as well at the resistance in the 3D domain. Therefore,
it is possible that the resistance going to the cardiac and diaphragmatic airways
was greater than the left airway.

Good agreement was shown between the experimental and simulated depo-
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sition data. As the particles were not tracked once they left the 3D domain, it is
unknown the fate of these particles downstream of the model. In reality, some of
these particles will deposit and some of them will be exhaled. In Chapter 4, we
predicted that 20 % of the inhaled particles deposited during the aerosol exposure
experiments. Therefore, as only ~6% of the particles deposited in the 3D model
about 14 % must deposit downstream. Nonetheless, at this point it is reasonable
to assume that some proportional of the delivered particles deposited. Therefore,
Figures 5.10 and 7.18 both were created assuming that the number of particles to
deposit was directly proportional the amount of particles delivered to that region
of the lung. Therefore, differences in the experimental and simulated data may be
contributed to not knowing the fate of the particles downstream. Determining the
fate of the particles once they leave the 3D domain is a focus of future work.

The total percentage of deposition in the 3D model decreased in the homo-
geneous emphysema case and increased in the localized emphysema case compared
to the healthy simulations. Homogeneous emphysema may be present in severe
emphysema, as the disease has influenced most of the lung. In hamsters, Sweeney
et al. [10] found decreased deposition in the emphysematous hamsters compared
to the healthy hamsters. The 4.60% decrease in the homogeneous simulation com-
pared to the healthy simulation matched the findings found by Sweeney et al. [10].
As hamsters are more susceptible to elastase [1] than rats, it may be assumed that
these hamsters has a severe degree of emphysema, which may be similar to the ho-
mogeneous cases simulated in this chapter. The localized emphysema case, which
may be representative of mild to moderate emphysema, had a ~ 12 % increase
in deposition compared to the healthy simulations and 16.7 % increase in deposi-
tion compared to the homogeneous case. This increase in deposition is in general
agreement to the deposition data presented in Chapter 5 for the homogeneous and
emphysematous rats. In Chapter 5, we found a 65 % increase in deposition in the
emphysematous rats compared to the healthy rats. Therefore, as these numerical
simulations suggest, 16.7 % of this increase in deposition was in the conducting
airways included in the 3D model and 48.3 % were downstream of the 3D model.

In addition to not knowing the downstream deposition, the percent flow
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rate exiting each airway was unknown. Even though it is a reasonable to make the
assumption that airflow is proportional to the cross-sectional area of the airway,
this has never been measured. Alternatively, the downstream morphometry may be
used to estimate the volume of the airways downstream from each of the terminal
branches of the extended airway model. Detailed morphometric data is available [9]
and may be used in future studies to determine the volume of air downstream of
each terminal branch.

The disease location in the localized emphysema case was determined from
the experimental data presented in Chapter 6. However, as shown in Figure 7.18,
the homogeneous emphysema case more accurately predicted deposition than the
localized emphysema case. This may be because (1) the diseased regions have
higher small airway resistance that was not accounted for, (2) the disease may be
not uniformly spread across the diseased regions, (3) the disease may be located
in additional areas that was not account for in the localized emphysema model.
Future work may alter the disease locations, such that future information about

the disease location may be determined from the simulations.

7.4.1 Conclusion

This work extended on the 0D-3D multi-scale framework developed in Chap-
ter 6. Here, an extended airway model was employed for the multi-scale simula-
tions. As the airway resistance in this extended airway model was the same order
of magnitude as the total respiratory resistance, the distal resistance values were
tuned to achieve the desired flow split. The airflow structures were more complex
and the particle deposition hot spots larger in the unsteady simulations compared
to the steady simulations. There was less deposition in the homogeneous case
and more deposition in localized emphysematous case compared to the healthy
simulations. These findings are in agreement with studies that studied severe
emphysema [10] and with this study that studied mild to moderate emphysema
(see Chapter 5). Overall, particle delivery fractions were similar to the deposi-
tion fractions found experimentally for both the healthy and emphysematous rats.

Considering the experimental error in working with rats, this good agreement was



199

very encouraging. In the future, simulations should take into consideration the air-

ways downstream of the 3D domain such that particle transport may be simulated

through both inspiration and expiration.
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Chapter 8

Conclusion and Future Work

8.1 Conclusion

8.1.1 Summary

This dissertation focused on determining particle deposition sites in healthy
and emphysematous rats lungs. To do this, numerical and experimental tools were
employed and the results from these separate methods were compared to each
other. First, healthy rat airway geometries were extracted from MR images and
validated against previous morphometric studies. Next, a novel MRI method was
developed to quantify particle deposition sites in healthy rat lungs exposed to iron
oxide particles. This MRI framework was then employed to study the differences
in total and spatial distribution of particle deposition in healthy and emphysema-
tous rat lungs. A multi-scale 0D-3D airflow simulation framework was developed
to mimic the healthy and emphysematous rat experiments and to study particle
deposition sites in the MRI-derived rat airway geometry. This numerical frame-
work was then expanded to simulate airflow and particle transport in an expanded
airway model. Healthy, homogeneous and localized emphysema cases were simu-
lated. The spatial distribution of particles in the rat lung found experimentally
and numerically were compared.

This study was the first to gather in-situ morphometric measurements and

to generate and measure airway geometry of healthy Wistar rat lungs for airways

201
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with diameters greater than 0.4 mm. The airway diameter, length, bifurcation and
gravitational angles were compared between four rats for the first four airway gen-
erations and little inter-animal variability was found. This low variation strongly
suggested that a generic model may adequately describe the airway morphometry
of rats of similar size and health. The morphometric measurements taken in this
study were compared to previous studies [3, 6, 8] and showed good agreement for
the airway length, gravitational, minor bifurcation, and rotational angles. How-
ever, the major bifurcation angles were larger than the previous studies and the
airway diameters were smaller than found in the previous studies. The rat lungs
proved to have both dichotomous and monopodial branching characteristics, de-
pending on the lobe and location in the lung. Organizing the measurements using
the diameter- defined Strahler ordering scheme resulted in low intra-order variabil-
ity for airway lengths and diameters and was shown to be a useful tool to calculate
physiological parameters such as lung resistance.

This study was the first to demonstrate the feasibility of using MRI to
detect and quantify regional aerosol particle deposition sites in the lung using a
gradient echo pulse sequence. While previous MR studies [7, 10] utilized the re-
duction in 7T} relaxation times to quantify regional delivery of inhaled aerosol, this
study evaluated the potential use of R} to assess aerosol deposition. The MRI
signal decay rate, Rj, is a direct measurement of the field inhomogeneities caused
by the super-paramagnetic iron oxide (SPIO) particles. This study showed that,
compared to control animals, R was higher in rats exposed to particles with mass
mean aerodynamic diameter (MMAD) of 1.22 um. A linear relationship between
R} and particle concentration was quantified from an agarose phantom filled with
a range of known particle concentrations. Employing this linear relationship, the
particle concentration in the rat lungs was 1.42 & 0.60 £%. The particle concen-

tration in the lung periphery (p) was 54 % higher than in the central (c) airways,
p
studies that utilized similar particle size [5, 9].

resulting < ratio of 0.65. This finding was in agreement to previous rat exposure

The MRI tools developed in this dissertation were then employed to study

total deposition and spatial distribution of particles in healthy and emphysematous



203

rat lungs. Particle deposition sites have never before been quantified in mechan-
ically ventilated emphysematous rat lungs. The signal decay rate, R; and linear
mean intercepts, L,;, were determined for the five lobes of the healthy and emphy-
sematous rat lungs. As determined from Rj and L), in the non-exposed emphy-
sematous rats, the left, diaphragmatic, and cardiac lobes contained the majority
of the damaged tissue. Additionally, the R} values in the control lungs suggested
that the disease was localized at the base of the left, diaphragmatic and cardiac
lobes. In both the healthy and emphysematous rats, the apical and intermediate
lobes had higher particles concentrations compared to the other three lobes. There
was on average ~ 68% higher deposition in the emphysematous rats compared to
the healthy rats (p = 0.069). The ¢ ratio was on average 0.74 & 0.12 and 0.67
4 0.14 in the healthy and emphysematous rats, respectively. However, unlike the
healthy rats, there were statistical differences in the ]97 ratio between the lobes of
the emphysematous rats. The data suggests that the morphometric and tissue
compliance changes that occurred in the emphysematous rats resulted in increased
particle deposition in the emphysematous rats compared to the healthy rats.

The multi-scale 0D-3D numerical simulations developed in this dissertation
were the first to (1) model airflow in the rat airways by solving a multi-scale 0D-
3D model that was parameterized directly from experimental data, (2) determine
particle deposition and distribution in the rat lungs under unsteady breathing con-
ditions and (3) understand the influence of emphysema on the deposition and dis-
tribution of particles in the lung. The global respiratory resistance did not change
between the healthy and emphysematous rat lungs, however the compliance was
higher (p = 0.085) in the emphysematous rats (C = 0.37 +0.14 cnclm?’ ) compared

H0O

to the healthy rats (C = 0.25 £ 0.04 Cn‘;’l’}zo). The 0D-3D multi-scale simulations

were performed by coupling 3D MR-derived rat airways to a resistance/compliance
(RC) lumped parameter model. Particles were tracked in the flow field by solving
the Maxey-Riley particle transport equations. The results showed showed that
there was an increase in delivery of airflow and particles to the diseased lobe,
which was most likely due to the lobe’s increased tissue compliance. This finding

suggests that, while emphysema reduces area for gas exchange to occur, airflow



204

may be increased to the diseased regions, resulting in reduction of airflow to the
healthy regions. Even though more particles are delivered to the diseased regions,
it is unknown how they deposit once they leave the 3D domain. However, if the
air becomes trapped, there may be an increase in deposition in emphysematous
rats compared to healthy rats because of gravitational sedimentation. There was
also a greater number of particles depositing in the 3D domain in the localized
diseased cases compared to the healthy or homogeneously distributed emphysema
case. This was mainly because there was more particle-laden air traveling through
these airways.

Spatial distribution of particle deposition determined from CFD models
have never before been compared to deposition sites in either animal or human
lungs. The 3D model of the 0D-3D numerical framework was extended to include
up to 14 airway generations. With this extended model, airflow and particle de-
position were simulated in healthy, homogeneous and localized emphysema cases.
The location of diseased tissue was determined based from the findings from the
experimental data, i.e. the disease was localized at the base of the left, diaphrag-
matic and cardiac lobes. The delivery of particles to each lobe, normalized by the
total number of particles delivered to the rat estimated in the simulations were
compared to the deposition in each lobe normalized by the total deposition mea-
sured experimentally. Good agreement was found between the experimental and
numerical deposition data for the healthy and homogeneous emphysematous rats.
However, the localized emphysema simulated cases over predicted deposition in the
left lobe and under predicted deposition in the diaphragmatic lobe. This difference
may be justified to the fact that it is currently unknown how many particles deposit
once they leave the 3D domain. In addition to the spatial distribution of particles
in the lung, the simulations predicted that 5.92%, 6.80% and 7.64 % of the inhaled
particles deposited in the numerical simulations for the healthy, homogeneous and
localized emphysema cases, respectively. This resulted in a 29.1 % increase in the
localized emphysematous case compared to the healthy case. This finding was in
general agreement to the experimental finding that particle deposition was 62.5 +

44.4 % higher in the central airways of the emphysematous rats compared to the
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healthy rats. The central region of the experimental data also contained airways
downstream of the 3D CFD model therefore justifying the difference between the

simulated and experimental findings.

8.1.2 Broader Impact

The study of particle deposition in the lung is applicable to both toxicology
studies of inhaled pollutants and medical studies focused on the development of
aerosolized therapeutics. Deposition mechanisms in the lung is mainly a function
of the airflow and the particle diameter, shape and density. Therefore, findings
from studies that use physiologically relevant particle sizes may be extrapolated to
understand drug or pathogenic particles of the same size. In this study, deposition
sites of particle with MMAD of 1.22 pum were determined both experimentally and
numerically. Particles of similar size are found in diesel exhaust, cigarette smoke
and therapeutics [4]. Therefore, findings from this dissertation may be of interest
to both clinical aerosol scientists and toxicologists.

The deposition sites of particles in rat lungs were determined in this study.
Rats are widely used in both toxicology studies and therapeutic studies to either
test the effectiveness and safety of new drugs or to determine the health effects
of pollutants. However, before this study, the fate of these particles after enter-
ing the lung was unknown, as typically only their overall impact on the rat is
known. Quantifying the spatial deposition of these inhaled particles will allow for
better understanding of the relationship between deposition sites and physiological
reactions.

It remains unknown how data from animal aerosol exposure studies extrap-
olate to humans. Many animal experiments are invasive and therefore cannot be
performed on humans. The advantage of respiratory in-silico models lie in their
ability to predict particle deposition sites without performing invasive procedures.
However, before this study, none of the current CFD models had been validated
with either animal or human experimental deposition data. The multi-scale mod-
els developed in this study showed good agreement with measured experimental

data. Therefore, the framework developed here may be eventually extrapolated to
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human geometry and breathing conditions to study particle deposition in patients.

Currently 3.7 million Americans have been diagnosed with emphysema [1],
yet it is still unknown the fate of inhaled particles in this susceptible popula-
tion. Some studies have found decreased deposition in emphysema [11], while
other studies have found increased deposition in emphysema [2]. Emphysema is a
chronic disease that is either caused by pollutant inhalation or alpha-1 deficiency.
There is no cure for this disease and it gradually worsens over time. This disserta-
tion showed that there was higher deposition in emphysematous rats compared to
healthy rats. This new information may be used to develop evidence based stan-
dards for patients suffering from emphysema or to develop aerosol therapeutics

that are designed for emphysema patients.

8.2 Future Work

8.2.1 Particle Deposition During Inhalation and Exhala-
tion

Currently, no CFD models have been able to simulate particles through
both inspiration and expiration. This is mainly because it is not currently com-
putationally feasible to model all length scales of the lung. Therefore, simulations
typically only track particles during inhalation, as was done in this dissertation.
An alternative to this would be to develop a multi-scale model that couples the 3D
Navier-Stokes equations solved in the conducting airways to the 1D Navier Stokes
equations solved in the downstream small airways. Then, the terminal bronchioles
may either be connected to empirical equations of the acinus or to a 3D deformable
alveolar model [12]. With this approach, the 3D particle transport equations may
be connected to the 1D particle transport equations allowing particles to be sim-

ulated throughout inspiration and expiration.
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8.2.2 Optimization of Particle Deposition

Previous computational studied have studied the influence of particle size
and breathing characteristics on particle deposition in the lung. However, none of
these studies have performed a formal optimization of these parameters. An opti-
mization study would allow for a wide range of parameters and their interaction
to be studied. For example, the particle size, shape and density may be used as
design parameters. In addition, the optimal release time of particles in the breath-
ing cycle as well as the spatial density of the particles may be determined. The
breathing parameters, such as flow rate, inhaled volume and breathing frequency

may be also studied to determine their influence of particle deposition in the lung.

8.2.3 Multi-scale Modeling

The computational work presented in this dissertation is multi-scale in the
sense that 3D models are connected to 0D reduced order models. However, the
idea of multi-scale may be extended to include biological reactions or influence of
particle deposition on whole body reactions. Therefore, future multi-scale models
may also include mucociliary clearance of particles or macrophage uptake of parti-
cles into the body. The impact of particles entering the body may be determined

from a multiple organ study.

8.2.4 Experimental Deposition Data

The experimental data presented in this dissertation was determined by
employing highly invasive techniques. Currently 3D PET, SPECT and MRI mea-
sures are being developed to study particle deposition in humans with limited
invasiveness. However, these studies currently do not provide the level of detail
of deposition sites as those provided by CFD studies. As equipment and contrast
agents are developed, it is highly likely that these studies will improve and there-
fore computational models may be validated at a finer scale than that presented

within this dissertation.
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