
ABSTRACT 

KOLANJIYIL, ARUN VARGHESE.  Whole-Lung Airflow and Particle 

Transport/Deposition Modeling. (Under the direction of Dr. Clement Kleinstreuer). 

 

Prediction of aerosol transport and deposition in the human respiratory tract can assist 

in predicting health effects of inhaled toxic particles or in developing new drug-aerosols. 

However, the sheer complexity of the human lung, featuring a total of 16 million complex 

tubular airways, prohibits full-scale computer simulations of the fluid-particle dynamics for 

the entire respiratory system. Hence, three different modeling approaches have been 

developed to predict particle transport and deposition during breathing. Starting with the 

whole-lung airway model I (WLAM I), the actual lung geometry was radically reduced by 

lumping all airways together into an exponentially expanding one-dimensional conduit which 

looks like a trumpet. With whole-lung airway model II (WLAM II),  an attempt has been 

made to realistically and accurately represent actual transient airflow as well as inhaled 

particle dynamics, representing the impact of all respiratory-tract airways, i.e., from 

nose/mouth to generation 23. Finally, focusing on the O2-CO2 gas exchange region, the 

alveolar model consists of triple bifurcation units (TBUs) with attached spherical alveoli. 

The expanding and contracting motion of the alveoli during inhalation and exhalation is then 

accommodated in WLAM I and WLAM II. 

In WLAM I the respiratory tract geometry is first represented by a 3-D mouth-to-

trachea configuration and then all subsequent airways are lumped together into an 

exponentially expanding 1-D conduit. The diameter for each generation of the 1-D extension 

was obtained on a subject-specific basis from the calculated total volume which represents 

each generation of the individual. The alveolar volume was added based on the approximate 



number of alveoli per generation. A wall-displacement boundary condition was applied at the 

bottom surface of the first-generation WLAM, so that any breathing pattern due to the 

negative alveolar pressure can be reproduced. Specifically, different inhalation/exhalation 

scenarios (rest, exercise, etc.) were implemented by controlling the wall/mesh displacements 

to simulate realistic breathing cycles in the WLAM I.  

In WLAM II, a more realistic approximation of the human lung was achieved by 

using geometric data sets for subject-specific human upper airways, typically from 

nose/mouth to generation three, with TBUs attached to capture a few additional generations. 

Specifically, the model geometry consists of subject-specific upper airways in 3-D, which are 

connected to geometrically and flow-rate adjusted TBUs plus the alveolar model in series 

and parallel - all based on morphometric measurements of human lung casts. So, the TBUs 

are used to extend the geometry from the 3-D upper airways to simulate the local airflow and 

hence capture the influence of the bifurcating geometry (carinal ridge) on particle deposition. 

In this new whole-lung model, the alveolar movement was applied on the alveoli surface to 

control any given inhalation and exhalation waveform, and hence physiological lung 

breathing mechanism was captured.  

The objective of this study was to develop three-dimensional whole lung models 

which can effectively be used to predict micron- and nano-particle deposition in human lungs 

during breathing. The airflow and particle transport through the lung airways were 

successfully simulated and analyzed, using computational fluid-particle dynamics. Total and 

regional particle depositions were calculated and validated with experimental lung deposition 

data. These model results provide critical insight into aerosol transport and deposition in lung 

airways. The results indicate that large amounts of particles are being filtered out by the 



extra-thoracic and the upper tracheo-bronchial airways. For example, aerosol inhalation 

devices have typically high air-particle flow rates, thereby wasting large amounts of drugs in 

the upper respiratory tracts. Hence, in order to achieve drug-aerosol delivery to, say, the 

alveolar region, slow and deep inhalation is recommended; implying that commercial 

inhalers have to be modified. Specifically, applying the new methodology for direct drug-

delivery in the current modeling approach, targeted delivery can be achieved. Additionally, it 

has been shown that increased aerosol deposition in specific lung regions can be achieved by 

changing the aerosol diameter. In summary, the models can be used for: (i) analyzing the 

toxicological effects of exposure to particulate matter, (ii) estimating pharmacological effects 

of administered pulmonary drugs, and (iii) providing inhaler-design guidelines for improved 

drug-aerosol targeting. 
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1.1   Need for lung modeling 

Inhaled materials into the human lung airways include gases/vapors, liquid droplets and 

soluble/insoluble particulate matter, which can be toxic or therapeutic (or both). For example, 

drug aerosols, as part of pulmonary medicine, are now being used as drug carriers for passive 

and active targeting of solid tumors and inflamed tissue. However, natural and especially 

manmade aerosols can also be harmful, such as carbon nanotubes (CNTs), asbestos fibers, 

automobile combustion engine emissions, cigarette smoke particle and ambient toxic 

pollutants. In fact, ultrafine particles have been found to pose a higher toxicity impact than 

larger particles made of the same material, mainly due to the more uniform deposition 

patterns in lung airways and easier migration across several barriers into the systemic system. 

Investigations related to the deposition and removal of inhaled particles are of great 

importance because accumulation and retention of toxic particles can result in serious lung 

diseases, including, chronic bronchitis, lung fibrosis, silicosis, asbestosis, lung cancer, etc. At 

the same time, respiratory drug delivery is becoming an increasingly popular way of 

administering medicine. It is efficient in treating both pulmonary and systemic pathogenic 

conditions. Hence, mathematical models and associated computer simulations, which can 

predict realistic particulate lung burden for specific parameters of exposure conditions, can 

offer valuable assistance in developing new preventive strategies. Additionally, optimal drug-

aerosol targeting requires suitable physical drug-particle characteristics, appropriately 

controlled delivery to a pre-determined site, and an accurate assessment of the deposited 

medicine. The objective of the current study includes providing computational models to 
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predict realistic particulate lung burden and critical insight into particle deposition in lung 

airways. 

1.2   Anatomy and morphometry of the human respiratory tract  

The anatomy of a human lung can be compared to a tree. Similar to the bark, branches and 

leaves of the tree, the lung airways consist of trachea, bronchi, and bronchioles and the air-

sacs or alveoli. Like the tree, the airway branches of the lung have thick walls, and the alveoli 

have thin walls and thickness of the airways gets thinner and thinner as they approach the 

alveoli. As the number of airway branches increases, the surface area increases. The total 

surface area of the upper branching system is small compared to that in the gas exchange 

region [1]. Air enters through the mouth or nose, then passes through the pharynx (the 

throat), the larynx (the voice box), and the trachea (the wind pipe). The trachea splits into 

two bronchi each of which feed air to one of the lungs. Each bronchi split to form 

bronchioles, which, in turn, split to form smaller bronchioles, and so on (see Fig. 1.1). 

Bronchioles extend to about 16 levels of branching before reaching the terminal bronchioles 

[2]. After the terminal bronchioles the airways have small projections attached to the airway 

duct, called the alveoli. These alveolated airways are called the respiratory bronchioles which 

branches again to end in an alveolar sac (see Fig. 1.3). The whole alveolated airway region is 

collectively known as the acinus. Acinus is the region where gas exchange occurs. The inner 

surfaces of the airways other than that in the acinus have a mucous layer over the ciliated 

epithelium tissue. Mucus layer helps in the cleaning process of the lung surfaces. It has two 

layers of liquid with varying viscosity. The bottom layer has a low viscous gel (hypo-phase) 
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and the top layer has high a viscous gel. The cilia beat in the bottom layer which pushes the 

top layer to move upwards against the gravity. Alveoli are the smallest unit in the lung and 

there are approximately 300 million of them in each lung [3]. Eventhough alveoli are tiny 

structures, they have a very large surface area in total (~100 m
2
) for performing efficient gas 

exchange. The acinar region of the lungs is supplied with large number of pulmonary arteries 

to efficiently exchange gas through the large surface area of the alveoli. The blood barrier 

between the alveolar space and the pulmonary capillaries is a very thin membrane which 

easily allows rapid gas exchange. Oxygen diffuses through the alveolar tissue  into the blood 

circulatory system during inspiration and carbon dioxide diffuses in the opposite direction 

during expiration. 

 

 

Fig. 1.1. Anatomy of the human respiratory tract. 
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Respiration is the outcome of contraction and relaxation of the respiratory muscles. 

Respiratory muscles must overcome the mechanical resistance put forward by the elastic 

recoil of the lung tissue and the flow resistance of the airways in order to produce inspiratory 

flow. The gas exchange region known as acinus has thin tissue structures which help in gas 

diffusion to the pulmonary blood vessels. The main objective of the upper airways and 

tracheo-bronchial airways is to distribute the inhaled air to the acinus. 

The variation of the airway tissue composition with distance along the lung airway tree suits 

the specific purpose of each airway. For example, the tracheo-bronchiolar airways support 

the lung, connect the lower alveolar region to the upper extra-thoracic airways, and distribute 

the inhaled air to the gas exchange region. Hence, these airways are stiffer compared to the 

deeper airways. Although the trachea is considered to be the stiffest of all airways, it may 

undergo significant deformation due to intra-thoracic pressure during breathing. The trachea 

is a fibro-elastic tube composed of 15-20 C-shaped cartilaginous rings along its tube. These 

rings are connected by a muscular membrane. The mechanical properties of the tracheal 

cartilage structure affect the airflow. Changes in wall mechanical properties have been 

associated with obstructive lung diseases. Deterioration of the cartilaginous tissue, due to 

infection, which leads to loss of wall rigidity, is one of the prominent tracheal diseases [4].  

The tissue structure of a bronchial airway is different from that of a tracheal airway. The 

stiffness of the airway decreases down the airway tree which can be attributed to the decrease 

in the cartilage content [5]. The schematic representation of variation of airway wall structure 

down the airway tree is depicted in Fig. 1.2. The surface of the airway is covered with 

epithelial cells which hold the cilia. The epithelial layer is anchored to the sub-epithelial 
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collagen layer by a basement membrane. These three layers are considered to compose the 

mucosa. Outside the mucosa is the sub-mucosa, which contains mainly proteoglycans which 

consists of long carbohydrate chains. Smooth muscle layers can be noticed on the outer 

regions of the sub-mucosa. The outer layer adventitia tethers the airways to the lung 

parenchyma. The sub-epithelial collagen layer, sub-mucosa and the smooth-muscle layer are 

considered to mainly contribute to airway rigidity. 

 

 

 

Fig. 1.2. Schematic representation of variation of airway wall structure down the airway tree (adapted 

from [5] with permission from Elsevier) 
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1.3   Lung morphometric models  

Measurements of the lung flow and pressure are required for identifying and providing 

treatment options for many of the lung diseases. However, direct measurements of these 

parameters are difficult to obtain especially in the smaller airways. Hence, mathematical 

models were developed to estimate these parameters in the respiratory lung airways. Most of 

these models assumed a morphometric model for the lung. Among the different models the 

symmetrical lung model published by Weibel [2] is the most commonly used. The 

symmetrical dichotomic structured lung model reported by Weibel [2], features all 23 lung 

generations of which the first 16 are conducting airways and the remaining are alveolated 

ducts (see Fig. 1.3 and refer Table 1.1). Apart from the alveolar duct volume, the volume of 

alveoli in generations 17 to 23 has been added based on the approximate number of alveoli 

per generation [6]. Weibel obtained airway measurements of a resin casted human lung up to the 

5th generation and partially to the 10th generation. Microscopic analysis of lung tissue samples 

from conventional histological techniques and scaling laws were then applied to estimate the 

measurements for the very small airways. Alternative lung-configurations have been proposed 

in references as well [7-11]. 
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Fig. 1.3. Schematics of the human airway tract (from [12]) 
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Table 1.1. Model dimensions for generations 0 to 23. (based on Weibel [2]) 

Generation 

number 

No: of  

airways 

Length 

 (cm) 

Diameter 

 (cm) 

Total Surface 

 area (cm
2
) 

Accumulated  

volume (cm
3
) 

0 1 10.26 1.539 19.07 19.07 

1 2 4.07 1.043 6.95 26.027 

2 4 1.624 0.71 2.57 28.598 

3 8 0.65 0.479 0.93 29.53 

4 16 1.086 0.385 2.02 31.55 

5 32 0.915 0.299 2.05 33.61 

6 64 0.769 0.239 2.206 35.81 

7 128 0.65 0.197 2.53 38.35 

8 256 0.547 0.159 2.77 41.13 

9 512 0.462 0.132 3.23 44.36 

10 1024 0.393 0.111 3.89 48.25 

11 2048 0.333 0.093 4.630 52.88 

12 4096 0.282 0.081 5.949 58.839 

13 8192 0.231 0.07 7.27 66.11 

14 16384 0.197 0.063 10.05 76.17 

15 32768 0.171 0.056 13.79 89.96 

16 65536 0.141 0.051 18.86 108.835 

17 131072 0.121 0.046 26.34 139.31 

18 262144 0.1 0.043 38.04 190.6 

19 524288 0.085 0.04 55.97 288.16 

20 1048576 0.071 0.038 84.39 512.94 

21 2097152 0.06 0.037 135.224 925.04 

22 4194304 0.05 0.035 201.667 1694.16 

23 8388608 0.043 0.035 346.867 3000 
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1.4   Lung diseases and pulmonary drug delivery  

Unlike other major causes of death, such as cardiovascular disease and cancer, the incidence 

of lung disease and lung disease-associated death are increasing. Lung diseases can be 

generally classified as obstructive or restrictive lung diseases. Patents with obstructive lung 

diseases have shortness of breath due to difficulty in exhaling the air out of the lung. The 

main reason for this disease is the damage to the lungs or narrowing of the lung airways 

leading to obstruction to the exhaled flow. Restrictive lung disease most often results from a 

condition causing stiffness in the lungs themselves. Major lung diseases include: 

Asthma: It is an inflammatory disease that may lead to obstruction of the bronchial airways. 

It is a major health problem affecting millions of people worldwide. For example, in 2012, 26 

million (thirteen percent) of the U.S adult population had been diagnosed with asthma, and 

16 million (8%) still have asthma [13]. More than 10 million U.S. children under age 18 

(14%) have been diagnosed with asthma of which 6.8 million children still have asthma (9%) 

[14]. More than 10 % of adults and 35 % of children worldwide are affected by asthma [15]. 

About $56 billion are spent on asthma treatment every year. In spite of this, there is 

increasing evidence, indicating that the current treatment options are not effective in 

controlling asthma. Despite having recent advancements in aerosol drug formulations and 

delivery devices, disease control using current therapies is not achieved in large proportion of 

patients with asthma and this leads to long term consequences such as respiratory impairment 

and even permanent airway alterations [15-17].  

Chronic Obstructive Pulmonary Disease (COPD): It refers to chronic obstructive 

bronchitis and emphysema that are characterized by obstruction of normal airflow and it is 
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usually associated with an abnormal inflammatory response of the lung airway tissue. COPD 

is the fourth leading cause of death in America. Patients with chronic obstructive bronchitis 

have inflammation in the bronchial airways which leads to excess production of mucus and 

tissue scarring. Emphysema is caused by the structural collapse of the alveolar sacs within 

the lungs which leads to shortness of breath and reduced surface area for gas exchange. 

Cystic Fibrosis: It is a genetic condition that results in unusually thick mucus. This thick 

mucus will not be easily cleared out of the airway vessels and hence it may accumulate 

leading to coughing and frequent lung infections. 

Acute Respiratory Distress Syndrome (ARDS) and Acute Lung Injury (ALI): It involves 

respiratory failure resulting from various diseases or injuries to the lungs. It is a severe 

respiratory ailment that is a major cause of mortality for patients in the Intensive Care Unit. 

 

Treatment options for lung diseases primarily involve administration of pulmonary 

drugs to the affected lung sites. Respiratory drug delivery is becoming an increasingly 

popular way of administering systemic medicines as well. Pulmonary route of drug 

administration has many key advantages compared to other non-invasive administration 

methods. Pulmonary drug delivery is efficient for treating both pulmonary and systemic 

pathogenic conditions [18]. In cases of pulmonary lung diseases respiratory drugs are the 

most effective treatment option for several reasons: (i) instantaneous onset of action; (ii) 

minimal side effects; (iii) maximal use of drugs at the affected area. The rapid absorption of 

the inhaled drug through the large surface area of the alveolar lung region into systemic 

circulation helps in quick bio-distribution to other vital organs. Depending on the 
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pathological condition, it may be required to control the drug delivery [19]. In cases of 

localized lung tumors, it may be ideal to have perfect delivery to tumor tissues and there by 

avoid healthy tissue damage and other side effects. Optimal delivery of drug depends on 

delivery devices, aerosol characteristics, inhalation conditions and lung airway 

configurations. The delivery devices helps in generating drug aerosols of sufficient size and 

mass to be delivered to the distal lung regions along with the inhaled air/carrier gas. Over the 

last few years, several design modifications have helped to increase the drug delivery 

efficiency and optimize drug delivery to localized lung regions using inhalers [12]. The 

development of such drug delivery methodologies and subsequently, device prototyping 

require analysis of complex transport phenomena. While in vivo lung deposition 

measurements are the most ideal way to study the efficacy of the delivery device and 

formulation, safe and efficient clinical studies for inhaled drug products are very difficult to 

conduct with animals and humans. Recently, several new modeling techniques incorporating 

Computational Fluid-Particle Dynamics (CF-PD) tools to simulate inhalation/deposition of 

therapeutic drug products in lungs have introduced which can provide detailed lung 

deposition measurements. [1, 12, 20-30]. 

 

  

1.5   Research objectives and novel contributions  

This research aims to address the current research needs in therapeutic drug delivery to treat 

lung diseases, considering intersubject variability and different inhalation scenarios. Inhaled 

drug therapy has become a common treatment option for most lung diseases, such as asthma 
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and COPD. It is timely and important to address the issues related to inhaled drug therapy 

and obtain pragmatic solutions, because unlike other major causes of death such as 

cardiovascular disease and cancer, the incidence of lung disease and lung disease-associated 

death are increasing. Even though, CFPD has been shown to be prudent tool for estimating 

particle deposition in lung airways, the lack of a detailed Whole Lung Airway Model 

(WLAM) limits its extensive utilization. Hence, the primary objective of the current study is 

to develop computational WLAMs which are physiologically accurate and computationally 

efficient. Two WLAMs were created during the course of this project. A whole lung airway 

model I (WLAM I), in which actual lung geometry was radically reduced by lumping all 

airways together into an exponentially expanding one-dimensional conduit which looks like a 

trumpet. A whole-lung airway model II (WLAM II),  an attempt has been made to realistically 

and accurately represent actual transient airflow as well as inhaled particle dynamics, 

representing the impact of all respiratory-tract airways, i.e., from nose/mouth to generation 

23. 

The novel contributions of this study include development of the two whole lung-airway 

models which can predict segmental and total particle depositions in the human lung. The 

presented WLAMs are physiologically accurate reconstruction of a human lung. These 

models are validated against in vivo lung deposition results. These models are time-and-

resources efficient tools which can be used to analyze toxicological effects of inhaled 

particles as well as the pharmacological impact of drugs. 

Using WLAM I, proof of concept of a new methodology of delivering drug-aerosols directly 

from currently marketed inhaler devices to the diseased site was demonstrated, with the goal 
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of greatly reducing medical cost as well as side-effects. The presented WLAM II is the first 

whole lung model which can simulate the mass transport through the entire lung generations 

using CF-PD under physiological breathing conditions. 

1.6   Organization 

The dissertation is organized in to four chapters. The following chapter gives background 

information on computational lung mechanics and introduces the specifics of the 

computational model used in all of the simulations discussed in this work. Chapter three is 

divided in to two sections. First section introduces WLAM I and the models results are 

validated against experimental in vivo lung deposition results, while second section discusses 

one of the application of WLAM I in predicting the drug deposition in lung airways when 

inhaled from a Dry  Powder Inhaler (DPI). Chapter four is also divided in to two sections. 

First section introduces computation modeling approach to predict the alveolar flow and 

particle transport using single alveolus model, while the second section provides alveolar 

flow and particle transport simulation results in elaborate models to cover the entire acinar 

region. In chapter six, WLAM II is introduced and particle deposition results are provided for 

different breathing conditions. The final chapter in this work consists of a summary of 

general conclusions. 
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Introduction to Computational Modeling of Lung-Aerosol Dynamics 
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2.1   Background information on computational multiscale lung models 

 Lung-airway wall distensibility may influence the transport and deposition of particulate matter 

into the lung. Furthermore, wall tissue structure and its mechanical behavior are directly related 

to severe health problems such as asthma, emphysema, and other obstructive pulmonary diseases. 

Specifically, wall displacement depends on the transient net air pressure, surface stress as well as 

tissue structure and properties of the airways which vary greatly over the lung generations. Due 

to the complexity and inaccessibility of wall tissue, a complete understanding of the airway wall 

biomechanics has not yet been achieved. Hence, mathematical lung models were developed to 

study airway wall mechanics. Apart from the models developed from the morphometric 

measurements of lung casts, recently lung models were developed from CT or MRI scanned 

images. Some researchers have focused on generating anatomically accurate geometric 

models using bifurcation algorithms. For example, Tawhai et al., [31]  generated a lung 

model (1-D centerline tree) of the conducting airways using a volume-filling branching 

algorithm (see Fig. 2.2). The limiting volume configuration for the branching algorithm was 

obtained using magnetic resonance imaging of the lung and the scanned images (see Fig. 2.1) 

from the Visible Human Project [32]. The geometric characteristics of the model mainly 

length, branching angle, and diameter ratios were in good agreement with previous 

morphometric measurements. 
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Fig. 2.1. Section through Visible Human Male - thorax, including heart, lungs, spinal column, major 

vessels, musculature (from Thorax subset) from the Visible Human Project at U.S. National Library 

of Medicine [32]. 

 

Tawhai et al. [33]  developed a soft tissue mechanics model for large strain elastic 

deformation of the lung tissue. They linked the volume filling airway model to the soft tissue 

mechanics model so that the local volume change of the peripheral lung parenchymal tissue 

can be used for setting flow and pressure boundary conditions in the volume filling airway 

model. It was assumed in the model that each terminal bronchioles of the volume filling 

conducting airway model are associated with a specific region of tissue, representing the 

pulmonary acinus. The large deformation of the lung tissue was modeled using a nonlinear 

stress-strain relationship assuming incompressible, isotropic, homogeneous tissue. Lin et al. 

[34] suggested a method to convert the 1-D centerline airway tree to 2-D surface mesh and 

hence generate 3-D volume meshes of the specified section. The advantage of this technique 

is that the 3-D meshed geometry can be coupled with 1-D centerline tree to apply realistic 
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boundary conditions. Also, they proposed a multi-scale framework that can be utilized to 

couple 3-D airway geometries developed from CT images with 1-D centerline tree and lung 

parenchyma and hence provide physiologically realistic boundary conditions. Yin et al., [35]  

also calculated subject specific boundary conditions by registering differences between CT 

images at two points of the respiratory cycle. They acquired two CT datasets at different 

levels of lung inflation in the same scanning session and using a mesh preserving image 

registration algorithm [36, 37], they estimated the regional ventilation (local air volume 

difference). The CFD simulation results with the subject-specific boundary condition were 

physiologically consistent with the regional distribution of flow compared to uniform 

velocity and pressure boundary conditions. Yin et al., [38]  further extended the model by 

using three CT datasets at different levels of lung inflation. Instead of using FSI simulations, 

Yin et al., [39]  proposed a dynamical lung geometrical model in which the lung airway 

displacements were obtained from lung images acquired (B-spline-based hybrid registration 

framework) during breathing process.  

Wu et al., [40, 41] proposed a novel registration algorithm to align different images of the 

lung during the breathing cycle. They also successfully combined different phase images to 

produce a super resolution image which can provide accurate anatomical details. These 4D-

CT lung images can provide physiologically accurate boundary conditions and simulations. 

These images can be used by applying displacement boundary conditions on airway walls, 

which requires less computational resources when compared to Fluid Structure Interaction 

(FSI) simulations. However, the extraction of anatomical details is only possible in the upper 

airways, where wall distensibility is very less. 
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Wall and Rabczuk [42]  modeled the FSI in a CT scanned airway geometry consisting 

trachea to generation 3, assuming linear elastic material property for the airway wall. They 

concluded that the influence of FSI is more pronounced in lower generations and in cases of 

acute lung diseases like COPD. The influence of surrounding tissue on airway wall 

deformation is mentioned in another paper Wall et al., [43, 44] , but detailed information is 

not provided. Recently, computational multi-scale lung models were used [44, 45]  to couple 

large scale lung parenchymal tissue dynamics with small scale acinar tissue dynamics (called 

FE
2
 strategy). This method helps in estimating realistic stress distribution on lung 

parenchyma and also provides physiologically consistent displacement boundary conditions 

for alveolar simulations. Yoshihara et al., [46]  modeled the influence of mechanical 

properties of parenchymal tissue on airflow in a simple bifurcation model and hence showed 

the dependence of flow bifurcation on material property of downstream airway tissue. The 

lung parenchymal tissue was modeled as a nonlinear dynamic problem and the coupled micro 

scale alveolar level was modeled as a quasi-static problem.  

  

Summary: The airway wall deformation is significant only in the lower lung airways, and 

the upper airways can be assumed to be rigid. Even though there are multi-scale models of 

lung, these models still lack the resolution in the lower alveolar region. Most of these models 

present lung geometry for the bronchiolar region and a tissue dynamics model for the distal 

lung regions. Hence these models cannot be used for simulating whole airflow-aerosol 

transport. To date, a realistic tissue dynamics model has not been developed, which can 
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generate physiological airflow through the entire lungs. Hence, in this modeling study, a fluid 

wall deformation boundary condition will be used to replicate the tissue dynamics.  

2.2   Background information on computational lung-aerosol dynamics 

Most of the initial lung aerosol deposition studies [47, 48] are based on micron-sized 

particles because they are more probable to deposit in the upper respiratory tract, whereas 

smaller particles are more probable to the most distal parts of the lung [49, 50]. 

Computational Multi-Physics Lab (CMPL) at N C State University is one of the pioneers in 

utilizing advanced CF-PD tools to study the deposition of inhaled particles in lung airways 

[51-54]. With the advancement in computational resources, improved lung airway 

geometrical models with multiple bifurcations [22, 51, 55], idealistic upper airway models 

[30, 50, 56-58], realistic oral and nasal cavity models [59-62] and subject-specific models 

[63, 64] were used. However, the sheer complexity of the human lung, featuring a total of 16 

million complex airways, prohibits full-scale computer simulations of the fluid-particle 

dynamics for the entire respiratory system [20]. Additionally, realistic airway configurations 

are currently restricted to the few upper airway generations since lower airway configurations 

are not easy to reconstruct due to the limited resolution of the scanned images [29].   

Modeling and simulating the fluid-particle dynamics in subject-specific respiratory tracts is 

quite a challenging task (see lung aerosol dynamics reviews [34, 65-68]). Major assumptions 

include rigid, geometrically simplified and shortened airways, steady laminar inhalation, and 

spherical, micron-size aerosols, i.e., solid spheres or droplets. For inhalation flow rates above 

12L/min, airflow can be expected to be turbulent in the laryngeal region and a few 
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generations thereafter [23, 62, 64, 69]. Indeed, several numerical simulation studies have 

considered turbulent dispersion to capture particle transport and deposition in human lung 

airways especially in the first six generations [30, 70]. Modeling flow up to the first six 

generations requires high computational power, due to the large number of airways present, 

implying that simulations of the actual human respiratory tract is impossible because of the 

lack of detailed medical images and computer resources. Hence, simplified models by 

truncating some of the airway paths and by using appropriate boundary conditions have been 

typically employed. Use of constant pressure [71, 72] or constant mass flow rate boundary 

conditions [20, 60, 73] at truncated boundaries were found to produce reasonably accurate 

results. Nevertheless, use of other realistic boundary conditions like the impedance model 

(transmission line model) [74], 1-D truncated tree model [34, 75] and stochastic coupling 

model [76] have shown some improvements in lung airflow simulations.  

Other examples of lung-airway model simplifications include the symmetrical dichotomic 

structured lung model which was reported by [2], featuring all 23 lung generations of which 

the first 16 are conducting airways and the remaining are alveolated ducts; alternative lung-

configurations have been proposed by [7-11]. Popular approaches for simulating inhaled 

particle deposition in greatly simplified models are the semi-empirical models [28], ICRP 

model [77],  “trumpet” model [78], deterministic single- and multiple-path models [79, 80], 

and stochastic multi-path lung models [81, 82]. Hofmann [68] recently reviewed the 

applicability of these models by comparing the deposition efficiencies of inhaled 

monodisperse particles predicted by these models with available experimental results. Major 

advantages of these simplified deposition models include easy implementation and lower 



 

22 

computational resource requirements. However, the deposition estimation is based on 

predetermined analytical correlations. Hence, these models do not predict realistically the 

drug inhalation conditions from, say, inhaler devices. Recently published simplified 

analytical modeling results by Katz et al. [83], did not provide successful comparisons with 

in vivo deposition results, due to the model’s inability to successfully capture the complex 

secondary flow structures and resultant particle deposition in the extra-thoracic airways. As 

reported by the authors [83], the extra-thoracic airway has a significant influence on particle 

transport and deposition. Additionally, processes like drug-size changes due to 

evaporation/condensation and drug-wall interactions cannot be easily incorporated into these 

simplified models without additional corrections which again require experimental data. 

These limitations can be overcome by employing suitable CF-PD-modeling approaches in 

which the airflow and particle transport/deposition are simulated based on the solution of 

transport equations [84, 85]. Recently, several new modeling techniques have been 

introduced incorporating CF-PD tools to simulate inhalation/deposition of therapeutic drug 

products in lungs [1, 12, 21-30, 73, 86]. These models have been validated against 

experimental measurements and the results from these studies provide critical insight into 

device/formulation design modifications.  

Only a few numerical studies have focused on modeling lung airflow in either the entire 

bronchiolar airways or the entire lung. Kleinstreuer and Zhang [22]  and Zhang et al. [71] 

compared their computational results successfully with semi-empirical solutions of particle 

deposition, for both micron particles and nanoparticles, in lung airways up to generation 15 

by using triple bifurcation unit models in parallel and in series. The results from these models 
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indicated that turbulent effects are prominent in the lung airways up to generation 5 (G5) and 

a fully developed flow assumption can be made for airflow past generation 12. Following the 

approach, we further improved the model by incorporating realistic extra-thoracic upper 

airway and alveolar airway models; hence, extending the model from mouth inlet to 

generation 23 [21]. Four different paths (by attaching triple bifurcating geometrical models at 

one of the truncated outlets) were modeled from generation 4 to generation 23. This 

validated, steady-state whole lung airway model provides accurate results of aerosol 

deposition in the conductive lung airways as well as the alveolar region.   

Most of the previously reported extensive CF-PD models either considered steady-state 

inhalation conditions [21], or considered tracheobronchial airways only [29, 68, 71], or 

assumed the inhalation phase only [26]; thus, a very limited number of studies have focused 

on whole lung modeling. Multiscale modeling involving large scale models representing 

central airways and small scale/reduced scale modeling for peripheral airways is one the 

most feasible approaches to develop a representative whole lung model. Two research groups 

[38, 45, 87, 88] have proposed a multi-scale framework that can be utilized to couple 3-D 

airway geometries developed from CT images with 1-D centerline tree and lung parenchyma. 

There, a volume-filling algorithm was used to build the conducting airway structure. Even 

though the multiscale modeling approach can provide physiological lobar structures, they are 

still limited in resolving the asymmetrical nature of the bifurcating airways. Also, the 

model’s efficiency is limited in estimating whole and regional particle deposition; although, 

large computational resources are required. Recently, we have shown that human whole 

lung-airways can be represented by using adjustable triple bifurcation units (i.e., in series and 
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parallel, in-plane and out-of-plane) which are attached to one of the truncated outlets. It 

effectively predicts total, segmental and regional lung depositions, utilizing limited 

computational resources. At the same time, it incorporates multiscale modeling, involving 3-

D realistic lung-airway geometries of the extra-thoracic and upper lung airways and 

symmetrical conducting and alveolar airways [21]. Similar modeling approach [73, 86, 89, 

90] utilizing continuous bifurcating models for the conducting airways have shown good 

agreement with in vivo results. However, these models [60] have several drawbacks 

including limited resolution for the alveolar region, lack of respiratory bronchioles, 

uncoupled bronchiolar and alveolar region, simulation of inhalation phase only, and artificial 

limitation on the particle injection timing. 

 

Summary: Modeling aerosol transport through the lung airways is quite a challenging task. 

Turbulent models are required in the upper airways up to generation 6 and laminar flow a can 

be assumed afterwards. Even though, CF-PD has been shown to be an efficient tool for 

estimating particle deposition in lung airways, the lack of a detailed Whole Lung Airway 

Model (WLAM) limits its extensive utilization.  

2.3   Math modeling equations 

Airflow: The Shear Stress Transport (SST) k-ω turbulence model was employed to simulate 

the laminar as well as turbulent flow regimes in the upper lung airways and a laminar model 

was used modeling airflow in other lung generations (ANSYS 15.0 CFX-Solver Modeling 

Guide [91]. The SST k-ω turbulence model is a conglomeration of the standard k-ω model in 
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the near-wall region and the standard k−𝜀 model in the far field region. The SST k-ω 

turbulence model has been found to accurately predict the transitional turbulence flows and 

particle transport in nasal and oral airway models and tracheobronchial airway bifurcations 

[23, 92].  

The Reynolds-averaged Navier-Stokes equations (RANS) describing conservation of fluid 

mass and momentum for laminar-turbulent transitional flow of any incompressible 

Newtonian fluid with no body forces were solved numerically using Ansys CFX 15.0 (from 

ANSYS, Inc. (Canonsburg, PA)). 
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Where u
i is the time-averaged velocity in three coordinate directions, i.e., i =1, 2, and 3 

representing x, y, z directions in Cartesian co-ordinate system, p  is the modified time-

averaged pressure term, 𝜌 is the fluid density, and   is the kinematic viscosity and t  is the 

turbulent viscosity. 

The transport equations governing the turbulent kinetic energy (k) and the specific 

dissipation rate (𝜔) are given by: 
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and the turbulent eddy viscosity is defined using limiter and blending functions as shown 

below 
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Additional functions are given by:  
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Here,   is the density, /t t    is the turbulent kinematic viscosity,   is the molecular 

dynamic viscosity, d  is the distance from the field point to the nearest wall, and S is the 

vorticity magnitude.  

Note that it is generally recommended to use a production limiter to avoid the excessive 

buildup of turbulent kinetic energy in the stagnation regions. For this, the term P in the k-

equation is replaced by:  

                    P= min (P, Clim 𝜌𝜀)                                                                         (2.14) 

where Clim  is called clip factor and has a value of 10. 

The model constants are:  

*

1     ,  0.09 0.31 ,   0.41a к   
 

(2.15a-c) 

The inner model coefficients are: 
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         ,  

(2.16a-d) 

The outer model coefficients are: 

2
2 2

*
2 2 2

*
21 , 0.856 , 0.0828 ,k

к









         

(2.17a-d) 

The model coefficients (denoted with the symbol Φ) are defined by blending the coefficients 

of the original k-ω model, denoted as Φ1, with those of the transformed k-𝜀 model, denoted 

as Φ 2: 

1 1 1 2(1 )F F     , where   { , , , }k       (2.18a,b) 

 

Mesh deformation: The integral continuity and momentum equations governing the fluid 

flow when the domain mesh is deforming is modified using the Leibniz theorem (modified 

equations are given in equation 2.19 and 2.20). The displacement of the mesh nodes were 

controlled using displacement diffusion (ANSYS 15.0 CFX-Solver Modeling Guide [91]). 
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where iW  is the velocity of the control volume boundary and 
disp  is the mesh stiffness and   is 

the mesh displacement. 

Particle transport: For dilute suspensions with a high density-ratio of particle-to-air is 

modeled using a Lagrangian approach: 

                         ( )
p

i
p i p f i

du
m F m m g

dt
            (2.22) 

The major point forces acting on each particle are the drag and gravity. Specifically, 

                      2

8

D f p f p

i f p D i i i iF d C u u u u

                                     (2.23)                

where ρf  is fluid density, dp is particle diameter, 
f

iu  is fluid velocity where the particle center 

is, 
p

iu  is the particle velocity, and CD is  the Schiller-Naumann drag coefficient:     

                           
0.31324

3.6Re
Re

D p

p

C                                        (2.24) 

The regional deposition of micron particles in human airways can be quantified in terms of 

the deposition fraction (DF):  

Number of deposited particles in a specific region
DF

Number of particles entering the mouth
                               

(2.25) 

Additional modifications for the governing equations made during current study are 

explained in each chapter. 
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Whole Lung Airway Model I  
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3.1  Theory and model development 

This chapter is a manuscript published in Computers in Biology and Medicine titled “ 

Computationally Efficient Analysis of Particle Transport and Deposition in a Human Whole-

Lung-Airway Model. Part I: Theory and Model Validation”. The authors of this manuscript 

are Arun V Kolanjiyil and Clement Kleinstreuer. 

3.1.1  Introduction 

Epidemiological and pathological studies have indicated that the majority of lung diseases 

are associated with occupational and environmental exposure to ambient aerosol pollutants 

[93-97]. In contrast, inhalation of drug-aerosol is a modern way of targeting lung tumors and 

combating systemic diseases [85, 98]. Clearly, simulating realistically and efficiently the 

lung-aerosol dynamics can provide critical insight into toxic particle deposition and 

associated pulmonary disease treatment [1, 98, 99].  

         However, in light of the current computational resources available, it is impossible to 

simulate the transient 3-D aerosol dynamics in all 23 lung generations. So, simplified 

configurations have to be considered which satisfy specific modeling requirements. For 

example, a symmetrical dichotomic structured lung model was reported by [2], featuring all 

23 lung generations of which the first 16 are conducting airways and the remaining are 

alveolated ducts. Alternative lung-configurations have been proposed in references [7-11]. 

Popular approaches for simulating inhaled particle deposition are the semi-empirical models 

[28], ICRP model [77],  “trumpet” model [78], deterministic single- and multiple-path 
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models [79, 80, 100], and stochastic multi-path lung models [81, 82]. Hofmann [68] recently 

reviewed the applicability of these models by comparing the predicted deposition efficiencies 

of inhaled monodisperse particles with available experimental results. The simplified 

deposition models are still popular because of their easy implementation and low 

requirements of computational resources. However, the computed deposition results are not 

predictive, being based on simple inlet conditions and semi-analytical correlations for the 

deposition mechanisms [68]. Hence, such models may not be able to predict realistically the 

drug inhalation conditions from inhaler devices, where inhaler mouth pieces, high 

momentum flow and dense drug-suspensions may significantly affect the air-particle flow to 

the lung. As an example, the modeling results by Katz et al. [83] did not provide successful 

comparison with in vivo deposition results, due to the model’s inability to successfully 

capture the complex secondary flow structures and resultant particle deposition in the extra-

thoracic airways. Additionally, processes like drug evaporation/condensation, agglomeration, 

aerosol atomization and drug-wall interactions cannot be easily incorporated into these 

simplified models without additional corrections which again require experimental data. 

While a few reduced whole-lung models have focused on these topics, these models may not 

be suitable for predicting complex particle dynamics when inhalers are used [101-105]. 

These limitations can be overcome by employing computational fluid-particle dynamics (CF-

PD) techniques, i.e., a modeling approach in which the laminar/turbulent airflow and particle 

transport/deposition are simulated based on the solution of suitable transport equations [84, 

85]. However, the sheer complexity of the human lung, featuring a total of 16 million 

complex airways, prohibits full-scale computer simulations of the fluid-particle dynamics for 
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the entire respiratory system [98]. Additionally, realistic airway configurations are currently 

restricted to the few upper airway generations since lower airway configurations are not easy 

to reconstruct due to the limited resolution of the scanned images [29]. Nevertheless, even 

CF-PD simulations covering only mouth/nose to generation 4 are computationally taxing and 

time consuming. Examples of multiscale hybrid modeling have been provided by several 

research teams [34, 74, 88, 106]. However, their focus was on applying appropriate boundary 

conditions, while detailed particle dynamics modeling was not conducted. Huang et al. [107] 

also employed a hybrid modeling approach where the inspiratory flow was simulated using a 

moving boundary condition. From their simulation results they concluded that the expanding 

wall motion significantly influences the flow characteristics. Additionally, most of the 

previously reported extensive CF-PD lung models either considered steady-state inhalation 

conditions [98] or focused on the tracheobronchial airways only [29, 68, 71], or assumed 

inhalation-phase alone [26]. Hence, in this study a whole-lung model is introduced which 

combines the advantages of the CF-PD technique with a simplified modeling approach for 

the bifurcating airway geometry and associated fluid-particle dynamics. Also, the present 

model has the ability to incorporate any inhalation-exhalation waveform via realistic lung-

wall and air-flow interactions, rather than air being blown into or out of the lung-airway 

model as done so far. 

In lumping the connected airways together, the resulting cross sectional area increases 

dramatically, which forms geometrically a trumpet-like shape. For example, Paiva  [108, 

109]  used a trumpet model, based on the morphometric data of Weibel, to analyze the 

transport of gas in lung airways. Later Paiva and Engel [110, 111] employed trumpet models 

to analyze the dependency of intrapulmonary gas distribution on parallel geometrical 
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inhomogeneity and diffusivity of gas. Their study indicated that more diffusive gases can 

penetrate and get trapped in poor ventilated lung regions. In contrast, Taulbee and Yu [78] 

calculated the deposition of inhaled aerosols in lung airways using a trumpet model. 

Specifically, the concentration of particles was tracked using a convection-diffusion equation 

and the deposition was calculated with a mass balance equation containing loss terms due to 

diffusion, sedimentation, and impaction, assuming steady, fully-developed (parabolic) flow 

in cylindrical tubes. They found general agreement for simulated results of total lung 

deposition of particles and washin-washout particle concentration curves with experimental 

results. Using the same model, Yu [112] analyzed the effects of inter-subject variation of 

breathing pattern on total and regional lung aerosol deposition. In order to account for the 

asymmetry of the lung airways, improvements in trumpet model geometry have been made 

using published lung morphometric measurements. Darquenne and Paiva [113] simulated 

aerosol transport and deposition in lung airways using a trumpet model and compared the 

results with those in an asymmetrical multi-branch point model as well as in vivo 

experimental data. Their results suggest that symmetrical models can predict similar 

deposition results as those found in asymmetrical models. Also they suggested the use of 

multi-dimensional aerosol transport models for better accuracy. Choi and Kim [100] 

extended the trumped-like geometry by including new morphology for alveolar ducts and 

alveoli. They theoretically derived alveolar deposition considering the particle flux from 

alveolar duct to the alveoli during inhalation and reverse particle flux during exhalation. 

From these studies it is evident that the trumpet model is suitable for calculating the lung 

deposition of inhaled particles under transient breathing conditions.  
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Now, in reality the secondary flow structures created due to the bronchial bifurcation as well 

as the curvature of the geometry causes a radial shift in the particle trajectory which brings 

the particle closer to the airway walls and cause deposition [114, 115]. In addition, diffusion, 

sedimentation and impaction deposition mechanisms must be accounted for. It should be 

noted that the use of an “apparent diffusion term” in previous trumpet-model studies to 

account for particle dispersion has been challenged [116]. Hence, in the present study a new 

modeling methodology is introduced, extending the work of Mayank and Kleinstreuer [117]. 

Specifically, a radial force term in the Lagrangian particle transport equation is introduced, 

so that the 1-D conduit model can realistically predict particle deposition in actual lung 

airways. In summary, a first-generation whole-lung-airway model (WLAM I) is presented 

where the respiratory tract geometry is first represented by a 3-D mouth-to-trachea 

configuration and then all subsequent airways are lumped together into an exponentially 

expanding 1-D conduit. The extra-thoracic airway has a significant influence on particle 

transport and deposition in the lung airways; hence, it is not advisable to reduce the extra 

thoracic airway geometry to simplified shapes, as done in previous simplified modeling 

approaches. So, adding a representative (or subject-specific) 3-D oropharyngeal airway 

model improves the accuracy of whole-lung simulations. The model dimensions were 

calculated based on the morphometric data reported in Weibel [2]. Similar to the expansion 

and contraction of the thoracic cavity, the WLAM-volume expands and contracts producing 

pressure differences resulting in realistic inward and outward flow waveforms. The volume 

of airways in a particular generation was summed up to find the resultant total volume of the 

generation. The diameter per generation of the WLAM I was calculated from the total 
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volume of each generation. The particle deposition results were compared with in vivo data 

sets reported in the literature. 

3.1.2  Model geometry 

       As an example, the standard human upper lung-airway model of [50, 70] was selected as 

part of the WLAM I plus all volume additions to accommodate the remaining generations. 

Specifically, the volume of airways in a particular generation (from generation 2 onwards) 

was summed up to find the resultant total volume of each generation. The diameter for each 

generation of the model was obtained from the calculated total volume. The remaining 

generations were created based on the calculated diameter. This modeling approach helps to 

maintain a detailed mesh for the actual upper respiratory tract where complex flow 

characteristics occur and a coarse mesh for the remaining part. The geometric data for all 23 

generations are listed in Table 1. Apart from the alveolar duct volume, the volume of alveoli 

in generations 17 to 23 has been added based on the approximate number of alveoli per 

generation [6]. The total volume was taken to be 3000 cm
3
, which is the average human lung 

volume. Noticing that the 23
rd

 airway generation of the WLAM I has a diameter of 39.8 cm 

and only 0.071cm in thickness, it is inappropriate to generate a mesh with this dimension. 

Hence, the 22
nd

 and 23
rd

 airway-generation diameters were changed to be the 21
st
 airway-

generation diameter and the length of the airway was calculated keeping the volume constant. 

Figure 3.1.1 depicts the WLAM I.  

 

 



 

37 

Table 3.1. Model dimensions for generations 0 to 23. 

Generation 
Length 

(cm) 

Volume per 

generation (cm
3
) 

WLAM I radius 

(cm) 

0 10.26 19.07 0.76 

1 4.07 6.95 0.70 

2 1.62 2.57 0.71 

3 0.65 0.93 0.63 

4 1.09 2.02 0.89 

5 0.92 2.05 0.79 

6 0.77 2.20 1.10 

7 0.65 2.53 1.12 

8 0.55 2.77 1.41 

9 0.46 3.23 1.56 

10 0.39 3.89 1.97 

11 0.33 4.63 2.23 

12 0.28 5.94 2.93 

13 0.23 7.27 3.39 

14 0.2 10.05 4.64 

15 0.17 13.79 5.48 

16 0.14 18.86 7.51 

17 0.12 30.47 10.32 

18 0.10 51.29 15.09 

19 0.08 97.56 22.88 

20 0.07 224.78 39.86 

21 0.06 412.10 53.35 

22
* 

0.23 
769.12 

53.35 
23

* 
1305.84 

Total 23.45 3000 
 

*
Note: If generations 22 and 23 are considered with a diameter of 53.35 cm (i.e., equivalent to a 

generation 21 diameter), the length calculated for the equivalent volume is L = 0.23 cm 



 

38 

 

Fig.3.1.1: Schematic of whole lung airway model (WLAM I)  

3.1.3  Governing Equations 

Airflow:The Shear Stress Transport (SST) k-ω turbulence model was employed to simulate 

the laminar, transitional and fully turbulent flow regimes. The SST k-ω turbulence model is a 

conglomeration of the standard k-ω model in the near-wall region and the standard k−𝜀 

model in the far field region. The SST k-ω turbulence model has been found to accurately 

predict the transitional turbulence flows and particle transport in nasal and oral airway 

models and tracheobronchial airway bifurcations ([23, 92]).  

The Reynolds-averaged Navier-Stokes equations (RANS) are commonly used to describe 

conservation of mass and the momentum for laminar-turbulent flow in this case: 
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(3.2) 

Where u
i is the time-averaged velocity in three coordinate directions, i.e., i=1, 2, and 3, p  

is the modified time-averaged pressure term, 𝜌 is the fluid density, and   is the kinematic 

viscosity and t  is the turbulent viscosity. 

The transport equations governing turbulent kinetic energy (k), specific dissipation rate (𝜔) 

and other sub models with additional functions for the SST k-ω turbulence model are given 

in chapter 2 [23, 92]. 

Particle transport: Particle transport for dilute suspensions with a high density-ratio of 

particle-to-air is modeled using a Lagrangian approach: 

                         ( )
p

i
p i p f i

du
m F m m g

dt
        (3.3) 

The major point forces acting on each particle are the drag, gravity, and a radial force to 

compensate for the absence of airway bifurcations in the simplified model. Specifically, 

                      2
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                                  (3.4)                

where ρf  is fluid density, dp is particle diameter, 
f

iu  is fluid velocity where the particle center 

is, 
p

iu  is the particle velocity, and CD is  the Schiller-Naumann drag coefficient:     

                           0.31324
3.6Re

Re
D p

p

C                                                (3.5) 

Clearly, the secondary flow in the airway bifurcations as well as the wall curvature cause a 

radial shift in the particle trajectories, which may lead to particle deposition. This effect is 
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captured in the WLAM I by incorporating a radial force acting on the particles. In vitro and 

in vivo deposition studies revealed that, in addition to the individual lung-airway geometry, 

particle deposition largely depends on the inhalation flow rate, the particle diameter, and the 

inhalation tidal volume. Based on a comprehensive comparison with experimental results 

[118], the following expression for the radial force term was developed, which predicts 

particle deposition in lung airways under a wide range of inlet conditions: 

     
0.5 0.5 15 2.4

radial
ˆF 2.7(10 )(10 ) .ratio p

ratio
i T Q d r          (3.6) 

where pd is the aerodynamic particle diameter in micron and r  is the unit vector in radial 

direction. The other parameters are defined as follows: 

                
tidal volume in ml

500ml
ratioT           (3.7) 

and 

   
average inspiratory flow rate L / min

15 L / min
ratio

in
Q        (3.8) 

The radial force is activated in the particle transport equation when a particle reaches the first 

lung airway generation. As a base case, the coefficients of the radial force were estimated by 

comparing the particle deposition results with measured total lung deposition results, 

reported by Heyder et al., [119] for a flow rate of 15 L/min (LPM) and a tidal volume of 500 

ml. 

The regional deposition of micron particles in human airways can be quantified in terms of 

the deposition fraction (DF):  
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Number of deposited particles in a specific region
DF

Number of particles entering the mouth
                       (3.9) 

3.1.4  Numerical method 

The governing equations for airflow and particle transport were solved with a user-enhanced 

commercial CF-PD package (i.e., CFX, Version 15 from ANSYS, Inc. (Canonsburg, PA)). 

Steady state simulations were conducted using the 3-D upper airway model (up to trachea) 

and transient simulations were conducted using the WLAM I. The airflow characteristics in 

the 3-D upper airway model with the steady state assumption and the respective 

approximated boundary condition were compared with transient inhalation-exhalation 

waveforms for the WLAM I. It is postulated that a steady state assumption can capture the 

airflow characteristics at the peak mass flow rate conditions (see Zhang et al. [53]), however, 

transient simulation are required to account for the intrinsic flow behavior during flow 

reversal. The run time for a transient whole-lung simulation on an engineering workstation 

(Dell computer with 32 GB RAM and four 3.0-GHz Intel Xeon processors) was 7 hours for 

completing 1sec of inhalation with 60,000 particles. That is 10 times less than that for steady 

fluid-particle dynamics simulations with an idealized whole-lung geometry reported in [98].  

 

Mesh: The geometrical models were meshed using ICEM from ANSYS, Inc. (Canonsburg, 

PA). The oral-upper airway domain (up to generation 3) of the WLAM I consists of 

tetrahedral elements with five prism layers and the bronchoalveolar domain of the WLAM I 

consists of tetrahedral elements with two prism layers. A mesh convergence study by 

comparing the velocities at different cross sections as well as regional particle depositions 
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was performed to ensure grid independency of the results. Increasing the number of elements 

by a factor of 1.5 showed less than 1% of difference in these results. The final mesh for the 

oral-upper airway model had 1.5 million elements and the idealized broncho-alveolar model 

had 2.8 million elements.  

Boundary conditions: For the steady-state simulations in the 3-D oral-upper airway model, 

a uniform zero gauge pressure condition was applied at the outlets and mass flow rate 

boundary conditions (i.e., Q= 15 LPM , 30 LPM , 45 LPM  and 60 LPM ) were applied at the 

oral inlet. The no-slip boundary condition was applied on the airway walls.  

For the transient simulations using WLAM I, the breathing mechanism due to the negative 

alveolar pressure was simulated by applying wall movement boundary conditions at the 

bottom surface of the model. By controlling the displacement of the bottom wall, the required 

negative alveolar pressure and hence the mass flow rate was created. A similar approach has 

been used by Huang et al. [107], in which the inspiratory flow was modeled using a moving 

boundary condition. They attached a bell-mouthed tube to the oropharynx geometry, so that the 

mesh motion of the bell-mouth tube replicates the negative alveolar pressure. The displacement 

of the moving wall boundary was determined from the airflow rate and the area of the moving-

wall surface. For the simulations, uniform zero gauge pressure condition was applied at the 

oral inlet. Again, the no-slip boundary condition was applied on the airway walls. Particles 

were distributed uniformly at the oral inlet with an initial velocity being the same as the inlet-

air velocity. 15, 000 particles per second per diameter were injected at the oral inlet and 

particles were assumed to deposit on the walls on contact. 

The realistic 3-D oral-upper airway model was connected to the 1-D geometric expansion 

using the domain interface coupling method. This interface modeling helps to reduce the 
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mesh generation effort. Clearly, the extra-thoracic airway model needs a fine mesh to 

simulate all the secondary flow structures, while the 1-D model requires only a relatively 

course mesh. A fluid-fluid interface algorithm maps the results from the boundary of one 

domain to the other domain [91].  

3.1.5  Results and discussion 

3.1.5.1 Airflow 

The WLAM I was used to simulate different breathing conditions. Figure 3.1.2a depicts a 

synthetic breathing profile during light activities, where a mass flow rate of 15 LPM was 

assumed. Figure 3.1.2b shows the breathing profile during a heavy activity, resulting in a 

mass flow rate of 30 LPM. The simple breathing waveforms shown here were selected in 

order to compare the model predictions with experimental data sets in which subjects inhaled 

and exhaled with constant mass flow rates. Clearly, by controlling the end-wall displacement, 

any inhalation wave forms can be simulated, which implies that the WLAM I is capable of 

simulating actual breathing patterns.  



 

44 

 

Fig.3.1.2. Breathing profiles depicted in terms of the changes in lung volume and the corresponding 

mass flow rates: (a) inhalation flow rate 15 LPM and tidal volume 500 cm
3
; and (b) inhalation flow 

rate 30 LPM and tidal volume 1000 cm
3
 

 

Figure 3.1.3 illustrates the mean velocity contours and representative velocity vectors in the 

mid-plane of the 3-D oral-upper airway geometry for different inhalation flow rates. At all 

inhalation flow rates an asymmetric laryngeal jet is prominent after the oropharynx due to the 

sudden geometric constriction at the glottis. The velocity of the laryngeal jet increases as the 

flow rate is elevated from light activity to exercise condition. The pressure gradient induced 

(a) 

(b) 
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by the centrifugal force, generated at the curvilinear cross-section of oropharynx, causes 

secondary flows (cross section A-A1 and B-B1). Due to this sudden change in flow direction 

at the oropharynx, several recirculation zones can be observed. Also, secondary flow 

structures caused by the laryngeal jet appear in the trachea. At the end of the trachea, the 

flow becomes blunt (maximum velocity zones is seen near the anterior wall in cross section 

D-D1) due to the redistribution of the flow kinetic energy.   
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Fig. 3.1.3: Velocity contours and secondary velocity vectors in the mid-plane of the idealized oral-

upper airway geometry at steady inhalation flow rates: (a) 15 LPM; (b) 30 LPM;  and (c) 60 LPM. 

(a) 

(c) 

(b) 
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        Figure 3.1.4 shows the velocity contours and representative secondary velocity vectors 

in the mid-plane of the WLAM I upper airway geometry during transient breathing with a 

peak flow rate of 30 LPM (see breathing profile in Fig. 3.1.2). As postulated, the velocity 

profiles obtained under transient breathing conditions match the simulation results for steady 

inhalation (Fig. 3.1.4a). When the flow is in the inhalation phase, the negative pressure 

gradient produced by the bottom wall displacement drives the air into the lung. The opening 

boundary condition applied at the oral inlet ensures that the velocity profile at the inlet was 

calculated from the regional airflow field. Several secondary vortices were created when the 

breathing phase changed from inhalation to exhalation (see Fig. 3.1.4b). Due to the flow 

reversal, the maximum velocity zone is shifted to the posterior wall from the anterior wall, 

which created a secondary flow from the anterior wall to the posterior wall. These secondary 

vortices were damped out once the airflow reached steady exhalation. During peak 

exhalation, the flow is tubular in the upper airways before it reaches the glottis. A laryngeal 

jet towards the upper mouth palate is created due to the glottis. The majority of the exhaled 

air passes through the middle to upper portion of the oral cavity which results in a blunt 

velocity profile in the oral cavity (see Fig. 3.1.4c).  
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Fig. 3.1.4: Velocity contours and representative secondary velocity vectors in the mid-plane of the 

idealized oral-upper airway geometry during transient breathing with a flow rate of 30 LPM: (a) peak 

inhalation; (b) start of exhalation; and (c) peak exhalation. 

(a) 

(c) 

(b) 

(a) 
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3.1.5.2 Particle transport 

Steady-state simulation results for the oral-tracheobronchial airways: Particle 

depositions were first analyzed under steady-state conditions for oropharyngeal and 

tracheobronchial regions separately, and then in Fig. 3.1.5 compared to experimental data 

from Cheng et al. [120]. Particle transport and deposition were simulated for inhalation flow 

rates of 15, 30 and 60 LPM and particle diameters of 0.93, 1.79, 2.79, 4.0, 6.07, 9.8, 16, 23.8 

and 30 𝜇m. The results are plotted in terms of Stokes number, defined as
2

p p / 9 hSt d U D  , 

where p is the particle density, pd is the particle diameter, U is the mean inlet velocity 

based on the mean inlet cross-sectional area, and hD is the minimum hydraulic diameter. The 

predicted results show a good agreement with the experimental observations, following the 

well-known ‘S’-curve. Deposition results in the oropharyngeal region have been compared 

with several other experimental studies (see Section 3.1.5.3). The steady-state deposition 

results in the oral/lung casts from recent studies (see [121-124]) have been successfully 

compared with published results (Cheng et al. [120], Chan and Lippmann [125], Stahlhofen 

et al., [126]; among others).  

Also insightful is Fig. 3.1.6, indicating the degree of deposition in the idealized 

tracheobronchial airways as a function of particle diameter, where the 16 𝜇𝑚 particle appears 

to be an outlier in Cheng et al. [120]. The deposition trend is similar for different inhalation 

flow rates. Deposition peaks around 10 𝜇𝑚. The peak shifts to the left side as the inhalation 

flow rate increases. For particle diameters below 15 𝜇𝑚 the deposition is a maximum at the 

lowest inhalation flow rate. Less particles reach the lower airways for particle diameters 
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above 15 𝜇𝑚,  as larger diameter particles tend to deposit in the oropharyngeal cavity due to 

inertial impaction. When the inhalation flow rate increases, the trachea-bronchial deposition 

decreases because more particles are deposited in the oropharyngeal area, again, due to 

inertial impaction. The results indicate that the current modeling methodology accurately 

predicts total as well as segmentally averaged particle depositions in human lung airways. 

Similar to the deposition study for the oral airway cast, recent experiments, using 

tracheobronchial lung casts (see [122-124]), have shown comparable results published results 

(Chan and Lippmann [125] and Cheng et al. [120]). 

 

 
 

Fig. 3.1.5. Comparison of particle deposition in the idealized mouth-throat geometry with 

experimental results from Cheng et al. [120] 
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Fig. 3.1.6. Comparison of particle deposition in the idealized upper airway model with experimental 

results from Cheng et al. [120] 

 

 

Transient simulation in WLAM I: The WLAM I is able to capture the transient airflow and 

particle behavior under realistic breathing conditions, providing total as well as regional 

particle deposition results. By assuming a closed geometry, the model is replicating the 

human lung action while breathing. The total and regional particle deposition results under 

transient conditions were compared with measured in vivo deposition results reported by 

Heyder et al. [119] and Kim and Hu [127]. All simulations were performed with a lung 

model having a functional residual capacity of 3L and the mean experimental values are 

compared with the simulation results. Particle deposition was studied for 

inhalation/exhalation flow rates of 15 LPM with tidal volume 500 cm
3
, 15 LPM with tidal 

volume 1000 cm
3
, 15 LPM with tidal volume 1500 cm

3
, 30 LPM with tidal volume 1000 cm
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and 45 LPM with tidal volume 1500 cm
3
and particle sizes 0.4 𝜇m to 15 𝜇m were considered. 

For example, Fig. 3.1.7a shows the comparison of particle deposition in the WLAM I with 

experimental results from [119, 127] for inhalation flow rate 15 LPM and tidal volume 500 

cm
3
. The scenario simulated is similar to a breathing pattern at rest (i.e., 15 breaths per 

minute). The predicted particle deposition agrees with the experimental data, except a slight 

over-prediction for particles > 5 𝜇m. 

To examine the effect of tidal volume on particle deposition, two other breathing patterns 

were considered; shallow (15 LPM with tidal volume 1000 cm
3
) and deep breathing (15 LPM 

with tidal volume 1500 cm
3
). Figure 3.1.7b and 3.1.7c show the comparison of particle 

deposition with experimental results from [119, 127] for these two conditions. In the case of 

slow but deep breathing (see Fig. 3.1.7c), whole lung deposition already occurs for smaller 

particles. This may be due to the increase in the particle residence time, i.e., more particles 

tend to reach the alveolar region.  

The influence of the inhalation flow rate was examined by simulating the particle deposition 

under exercise breathing conditions. Figure 3.1.7d and 3.1.7e show the comparison of 

particle deposition with experimental results from [119, 127] for 30 LPM with tidal volume 

1000 cm
3
 and 45 LPM with tidal volume 1500 cm

3
, respectively. The deposition trends 

reveal that the shape of the deposition curves is maintained even though the curve shifts up 

and down depending on the inhalation flow rate. The slope of the curve is steeper when the 

inhalation flow rate is high, indicating that more particles are deposited in the respiratory 

tract due to inertial impaction. In summary, the current modeling methodology accurately 

predicts total particle deposition in whole-lung airways.  



 

53 

  

    

 

Fig. 3.1.7. Comparison of particle deposition in the WLAM I with experimental results (Experimental 

1 denotes results from Heyder et al [119] and Experimental 2 denotes results from Kim and Hu [127]  

for (a)  inhalation flow rate 15 LPM and tidal volume 500 cm
3
; (b) inhalation flow rate 15 LPM and 

tidal volume 1000 cm
3
; (c) inhalation flow rate 15 LPM and tidal volume 1500 cm

3
; (d) inhalation 

flow rate 30 LPM and tidal volume 1000 cm
3
; (e) inhalation flow rate 45 LPM and tidal volume 1500 

cm
3
. 
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3.1.5.3 Comparison of regional deposition 

The regional particle deposition results are highly desirable for toxicological studies as well 

as for impact analyses of administered drug-aerosols. Experimental deposition results for the 

extra-thoracic region indicated both fast and slow cleared thoracic regions, with the slow 

clearance process being dominant in the bronchiolar and alveolar airways [126]. So, the 

tracheobronchial model prediction was compared with experimental data for rapidly cleared 

thoracic deposition, while the broncho-alveolar model prediction was compared with 

measured evidence for slowly cleared deposition. Figure 3.1.8 shows the comparison of 

particle deposition in the extra-thoracic airway with experimental results. As already shown 

in Fig. 3.1.5, the extra-thoracic deposition increases exponentially for particles with 

diameters greater than 3𝜇𝑚. Overall, the predicted deposition-curves for different particle 

diameters follow the experimental data sets. As reported by Stahlhofen et al. [126], the 

experimental data points are scattered, indicating some discrepancies due to experimental 

uncertainty and intersubject variability. Nevertheless, the simulation results are within the 

standard deviation values of the experimental observations. It should be kept in mind that the 

WLAM I results were plotted for different inhalation conditions with flow rates varying from 

15 LPM to 45 LPM. However, most of the experimental results were conducted at 30 LPM, 

except the data from Emmett et al. [128].  
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Fig.  3.1.8. Comparison of particle deposition in the extra-thoracic airway with experimental results. 

(Experiment a denotes results from [129]; Experiment b denotes results from [130]; Experiment c 

denotes results from [125]; Experiment d denotes results from [128]; Experiment e denotes results 

from [126]; Experiment f denotes results from [131]). Experimental results are reported in [126] 

 

       Figure 3.1.9 shows the comparison of particle deposition in the rapidly cleared thoracic 

airways, i.e., tracheobronchial airways up to generation 12. Most of the experimental results 

were obtained from measuring retained /removed radio-activity in the thoracic region after 

inhalation of labeled particles. As reported in Stahlhofen et al. [126], a direct comparison of 

different experimental results is difficult due to the differences in experimental techniques, 

subjects’ airway geometry and breathing pattern, evaluation method, and way of 

presentation. Again, reasonable agreement can be observed for the results predicted by the 
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new model. The deposition trends show that the shape of the deposition curve is maintained 

even though the curve shifts up and down depending on the actual inhalation flow rate. The 

tracheobronchial deposition peaks around 10 𝜇𝑚, and the deposition decreases on both sides 

of the peak. This may be due to the higher deposition in the extra-thoracic airways for larger 

diameter particles and decreased total lung deposition for smaller diameter particles. The 

deposition peak shifts to the left with increasing flow rate. Additionally, the peak deposition 

value increases with increasing tidal volume. However, the peak deposition does not increase 

much with an increase in inhalation flow rate. This may be the result from the increased 

inertial deposition in the extra-thoracic airway and the balance between diffusional 

deposition and inertial impaction. This indicates that in order to achieve a higher 

tracheobronchial dosage, deep inhalation is required. 
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Fig.  3.1.9. Comparison of rapidly cleared thoracic deposition with experimental results (Experiment 

a denotes results from [129]; Experiment c denotes results from [125]; Experiment d denotes results 

from [128]; Experiment e denotes results from [126]). Experimental results are reported in [126]  

 

      

           Figure 3.1.10 provides a comparison of particle deposition in the slowly cleared 

thoracic airway, i.e., alveolar trumpet airway which includes generations 13 to 23. Good 

agreement was obtained for the WLAM I predictions when compared to experimental 

deposition data. The peak broncho-alveolar deposition is noticed for particle diameters 

around 5 𝜇𝑚. The peak deposition fraction does not increase with an increase in inhalation 

flow rate; instead, it increases with higher tidal volume. Again, if a large drug-dosage in the 

alveolar region is desired, deep inhalation is required. The shape of the deposition curve is 
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maintained even though the curve shifts up and down depending on the inhalation tidal 

volume, while the deposition curve shifts from right to left with an increase in inhalation 

flow rate. 

 

 

Fig.  3.1.10. Comparison of slowly cleared thoracic deposition with experimental results (Experiment 

a denotes results from [129]; Experiment b denotes results from [130]; Experiment c denotes results 

from [125]; Experiment d denotes results from [128]; Experiment e denotes results from [126]). 

Experimental results are reported in [126] 
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cm
3
, 15 LPM with tidal volume 1500 cm

3
, 30 LPM with tidal volume 1000 cm

3
, and 45 LPM 

with tidal volume 1500 cm
3 

. It is noticed that the shape of the deposition curve for each flow 

rate is somewhat maintained. However, at higher flow rates the extra-thoracic deposition 

increases due to larger particle momentum, leading to stronger inertial deposition. The 

superimposed graphs provide valuable inferences regarding the influence of particle size on 

human respiratory tract deposition. The extra-thoracic deposition is high for any particle 

having a diameter above 10𝜇𝑚. The trachea-bronchial deposition is elevated for particle size 

around 10𝜇𝑚 and the alveolar deposition is high for particle size around 5𝜇𝑚. The alveolar 

deposition peak shifts to the left when the tidal volume is increased, and it shifts to the right 

when the inhalation flow rate is increased. For targeted drug-aerosol delivery it can be 

concluded that the size of the drugs needs to be controlled for efficient transfer from the 

inhaler-exit to desired lung regions (see Part II). Clearly, maximum deposition of drugs in the 

upper tracheobronchial airways can be ensured by keeping the drug-size around 10 𝜇𝑚 and 

maximum deposition of drugs in the alveolar airways can be ensured by keeping the drug-

size around 5𝜇𝑚 
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Fig.  3.1.11. Superimposed three-compartment deposition curves for each of the breathing patterns: 

(a) 15 LPM with tidal volume 500 cm
3
; (b) 15 LPM with tidal volume 1000 cm

3
; (c) 15 LPM with 

tidal volume 1500 cm
3
; (d) 30 LPM with tidal volume 1000 cm

3
 ; and (e) 45 LPM with tidal volume 

1500 cm
3
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3.1.6  Model limitations and future work 

 

        One of the limitations of the current modeling approach is that the model can predict 

local deposition inhomogeneity only in the extra-thoracic airways, while from then on 

deposited particle concentrations are segmentally averaged. Another limitation of the model 

is that inter-subject variability in lung morphometric measurements has not been considered 

yet. However, the current WLAM I can be readily varied by incorporating different lung data 

to represent subject variability. Presently, WLAM I can predict deposition in lung airways 

for particle sizes higher than 400 nm. For nanodrugs, typically below 100 nm, additional 

modeling will be required to include the Brownian diffusion effect. Another limitation is that 

the asymmetrical nature of human lung airways is not considered. It is possible to update the 

current model by incorporating realistic upper tracheobronchial airways as previously 

reported in [110]. The particle transport is affected by the asymmetrical flow structures 

mainly in the upper tracheobronchial airways. Hence, the updated model will improve the 

current modeling accuracy, but at the expense of computational time and resources.  

       Recent publications have pointed out the importance of accurate modeling requirements 

in the extra-thoracic airway region [83], especially when drug inhalers are used. 

Additionally, it should be noted that similar models were used to address intersubject 

variability in lung deposition studies [132]. Future work will focus on evaluating the impact 

of different 3-D extra-thoracic models attached to 1-D conduits with varying lung 

morphometries [132]. Future work will include further verification of the model prediction 

considering wide ranges of inhalation conditions and particle diameters. Also, particle 
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transport and deposition in the WLAM I considering nasal inhalation can be explored. 

Additional model validations will be performed via comparisons to more detailed in vivo 

lung-deposition measurements using a combination of gamma scintigraphy image of radio-

labelled aerosols with CT scan images of the same subject to obtain accurate deposition 

values at different sites [133, 134]. 

    Drug inhalation conditions differ for inhaler devices, where the inhaler mouth piece, high 

momentum flux and dense suspensions of drug aerosols significantly affect the subsequent 

fluid-particle dynamics (see Part II). Additionally, processes like drug 

evaporation/condensation, agglomeration, aerosol atomization and drug-wall interactions, 

and non-spherical particle dynamics have a significant impact on aerosol deposition in 

human lung airways. These processes cannot be easily incorporated into simplified models 

without additional modifications which again require experimental data sets. While a few 

reduced whole-lung models have focused on these topics [101-105], these models may not be 

suitable for predicting complex particle dynamics when inhalers are used. However, some of 

these transport phenomena have been previously incorporated in CF-PD simulations [84, 

135-137] and could be included in the current model.  

      An application of the WLAM I for the prediction of drug-aerosol deposition in human 

lung airways when inhaled form a commercial dry power inhaler is discussed in Part II of the 

current study. 
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3.1.7  Conclusions 

A first-generation whole-lung-airway model (WLAM I) is presented where the respiratory 

tract geometry is first represented by a 3-D mouth-to-trachea configuration and then all 

subsequent airways are lumped together into an exponentially expanding 1-D conduit. This 

new whole-lung model combines the advantages of segmental particle-deposition predictions 

at moderate computational cost. Similar to the expansion and contraction of the thoracic 

cavity, the WLAM-volume expands and contracts, thereby producing pressure differences 

resulting in realistic inhalation and exhalation flow waveforms. Total and regional particle 

deposition results under transient conditions in the WLAM I were compared with 

experimental data sets reported in the open literature. Reasonably accurate agreements are 

shown for the model predictions when compared to experimental deposition results. Thus, 

the particle deposition in the lung airways obtained with the new WLAM I provides critical 

insight into lung-aerosol dynamics. Specifically, the deposition fraction in the extra-thoracic 

airway is more than 90%, when the inhaled particle diameter is larger than 10𝜇𝑚. 

Additionally, the deposition trend increases exponentially for smaller particles. Peak 

deposition can be observed in the tracheobronchial airways for a particle size of around 

10𝜇𝑚 and in the broncho-alveolar airways for a particle diameter of around 5𝜇𝑚. Also, the 

peak deposition increased with an increase in tidal volume but not with the inhalation flow 

rate. Hence, in order to target drug-aerosols to these specific lung regions, the drugs should 

be kept near-uniformly at these corresponding peak diameters, while the dosage to these sites 

can be increased with deep breathing patterns. The WLAM I is time efficient and requires 

less computational resources, even when compared to CF-PD simulations under steady-state 
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assumptions [98] or CF-PD models considering the tracheobronchial region only [22, 26]. 

For example, the run time for a transient whole-lung simulation on an engineering 

workstation (Dell computer with 32 GB RAM and four 3.0-GHz Intel Xeon processors) was 

7 hours for completing 1sec of inhalation with 60,000 particles. That is 10 times less than 

that for steady fluid-particle dynamics simulations with an idealized whole-lung geometry 

reported in [98]. In summary, the successful comparison of regional and total particle 

deposition results in WLAM I demonstrates that the current model is a time-and-resources 

efficient tool to analyze toxicological effects due to exposure to particulate matter or to 

estimate the pharmacological impact of pulmonary drugs. 
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3.2 Dry-powder inhalation 

This chapter is a manuscript accepted for publication in Computers in Biology and Medicine 

titled “Computationally Efficient Analysis of Particle Transport and Deposition in a Human 

Whole-Lung-Airway Model. Part II: Dry Powder Inhaler Application”. The authors of this 

manuscript are Arun V Kolanjiyil, Clement Kleinstreuer and Ruxana T Sadikot. 

3.2.1  Introduction 

Respiratory drug delivery is becoming an increasingly popular way of administering 

medicine. It is efficient for treating both pulmonary and systemic pathogenic conditions as 

discussed in [85, 138, 139]. This route of drug delivery has many advantages when compared 

to other non-invasive administration methods. In cases of pulmonary lung diseases like 

asthma, chronic obstructive pulmonary disease (COPD), cystic fibrosis, acute respiratory 

distress syndrome (ARDS), and lung fibrosis, respiratory drugs may be very effective 

treatment options for several reasons: (i) instantaneous onset of action; (ii) minimal side 

effects; and (iii) maximal use of drugs at the affected area [12]. Also, the rapid absorption of 

the inhaled drug-aerosols, especially nanodrugs, through the large surface area of the alveolar 

lung region into systemic circulation results in rapid bio-distribution when targeting diseased 

organs [99].  

Respiratory drugs are administered to the lungs with the inhaled air using an inhaler device, 

as discussed in [140-143]. The dosage of administered drugs to different regions of the lungs 

depends on the drug formulation and inhaler-device characteristics. The dry powder inhaler 



 

66 

(DPI) is a frequently used device because of the greater drug stability and minimally required 

patient coordination, as pointed out by [144, 145]. In a DPI, the aerosols are generated by de-

agglomeration of the powdered drug particles via the shear forces generated by the inhaled 

airflow [142, 146] . Hence, the amount of drug delivered to lung regions from a DPI inhaler 

depends on the patient’s inspiratory capacity [147]. Currently, there are more than 30 

different DPIs on the market. Among the different DPIs available, the Novolizer from Meda 

Pharmaceuticals (Somerset, NJ) is a multidose breath-actuated DPI, approved for delivery of 

budesonide and salbutamol [148]. In this DPI, the drug is stored as a powder blended with 

lactose-carrying particles. The patient’s inspiratory flow actuates the Novolizer valve, and 

when the inspiratory flow is above a threshold value (usually peak inspiratory flowrate 

(PIFR) of 30–50 LPM), a predetermined drug dose is released into the inhalation chamber 

[149, 150]. The design of the flow channel, mouth piece and the cyclone-base help in 

generating aerosols of clinically effective fine particle fractions [148]. The inspiratory air 

with the drug aerosols exit the mouth piece through a 6mm-diameter opening, forming a 

fluid-particle jet at the mouth-inlet.  

Scientific measurements to predict the lung dosage and device function are required for new 

inhaler devices. New or generic drugs have to be bio-equivalent before approval for clinical 

application. The most common way of measuring the amount of drugs deposited in the lung 

airways are in vitro tests using idealized oral cavity models and assuming that the particles 

exiting the oral cavity deposit in the lung airways [150-152]. Clearly, these measurements 

cannot provide detailed total and regional lung deposition/dosage measurements. 

Alternatively, in vivo experiments using radio-nuclide imaging (via gamma scintigraphy and 
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positron emission tomography) and/or pharmacokinetic studies were used [147, 153, 154]. 

For radio-nuclide imaging the active therapeutic agents are labelled with a radionuclide 

before inhalation by the subject. After administration of the radio-labelled drug formulation 

using the device, the different views of the lung are captured using a gamma camera [147, 

155, 156]. In pharmacokinetic measurements, the amount of drugs deposited in the lungs is 

estimated based on the amount of drugs measured in blood and urinary samples, collected 

from the subjects after administration of the drugs [153, 157, 158]. There are many 

limitations for these two measurement techniques; both techniques need human subjects and 

these techniques involve either inhalation of radioactive materials or requiring blood and 

urinary samples during intervals of time. The radio-nuclide image measurement method is 

further complicated due to the limited ability to radiolabel drug formulations without varying 

the aerodynamic properties. However, the gamma scintigraphy image can provide direct 

image visualization and an approximate whole-lung and regional deposition measurements 

[138, 154, 159, 160]. In case of the pharmacokinetic measurement method, only an 

approximate estimate of total lung deposition is possible; thus, without any information 

regarding the deposition sites. Recently, there has been an effort to combine single-photon-

emission-computed-tomography (SPECT) image of deposited radio-labelled drugs with high 

resolution computed-tomography (CT) scan images of the same subject to accurately 

estimate the deposition sites [133, 134, 161]. However, due to the limited resolution of 

airway imaging via CT and SPECT, associated with long processing times, detailed lung 

anatomical mapping is not possible except for few upper bronchial airways. Considering all 

these limitations of the experimental and in vivo measurement methods, computational 
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analysis has significant advantages as it is safe as well as time and cost efficient [26, 67, 98, 

149, 162-164]. Once validated, computer simulations can provide detailed total and regional 

particle-deposition results which are of interest to toxicologists, health-care providers and 

inhaler-manufacturers alike [165-167]. 

        The efficiency of respiratory drug administration is highly dependent on the type of 

delivery device [141]. Most of the currently used inhalers have low lung deposition 

efficiencies because high amounts of drugs are deposited in the oral cavity [168]. Efficient 

delivery of drugs to the deeper lung regions requires proper coordination between modified 

inhaler-device, its actuation, and breathing pattern [85]. Hence, direct drug-delivery to the 

required lung sites, e.g., optimal lung-tumor targeting, has become an active research area. 

For example, Kleinstreuer et al. [12] introduced and validated a new methodology to achieve 

direct drug-particle delivery from the injection point to the desired lung site, using an optimal 

particle-release map to generate a unique air-particle stream. The optimal particle-release 

positions can be predicted on a subject-specific basis with computer simulations of drug-

aerosol transport and deposition [85]. 

       In recent years, there have been several medical applications of curcumin for treating 

critical organ diseases, as discussed in [169-173]. Curcumin is a polyphenol compound 

present in Curcuma longa plant (commonly known as turmeric) which is largely cultivated in 

subtropical Asian countries. Recent investigations have shown that curcumin possess high 

therapeutic potential as an antioxidant, anti-inflammatory and anti-cancer agent [173, 174]. 

More recent studies have reported that curcumin has the therapeutic potential to inhibit lung 

inflammatory reactions and additionally, curcumin has shown to possess potential to reverse 
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steroid resistance in patients with asthma and COPD [174-176]. Corticosteroid resistance is a 

major barrier to adequate disease control for asthma and COPD patients and curcumin may 

be an alternative medicine to these pathological conditions [175, 177]. However, efficacy of 

treatments with curcumin is limited because of the low bioavailability of curcumin when 

ingested [178]. Hence, delivering curcumin via inhalation to specific lung sites has been 

suggested. However, this type of treatment is limited because of the unstable nature of the 

colloidal formulation, e.g., particle-aggregation may occur. Further investigations are 

required to improve both drug formulation and delivery to lung airways using inhaler 

devices. 

       In Chapter 3.1, the WLAM I is employed to analyze particle transport and deposition in 

a human respiratory tract model when a drug-aerosol is inhaled via a commercial DPI. The 

DPI assumed for the current study is the powder inhaler Novolizer (Meda Pharmaceuticals, 

Somerset NJ) which has shown reproducible dosing capabilities. Additionally, to validate the 

current computational modeling methodology, accurate in vivo lung deposition 

measurements for the Novolizer DPI were used [147]. With our validated model much 

needed information has been obtained concerning the efficacy of delivering curcumin dry 

powders to lung airways, when using a DPI. 

3.2.2  Theory 

 The background information for the development of the first-generation WLAM I, i.e., the 

3-D plus 1-D model geometries (see Fig. 3.2.1), governing equations plus boundary 
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conditions for the fluid-particle dynamics analysis, and the numerical solution method are 

described in Part I. Inhalation waveforms emanating from the DPI are discussed next. 

 

 

Fig. 3.2.1. (a) Novolizer DPI (adapted from [148] with permission of Springer); and (b) WLAM I 

with attached dry powder inhaler mouthpiece 

 

         The Novolizer DPI uses the patient’s inspiratory airflow to generate drug aerosols by 

de-agglomeration of the powdered drug particles. When the inspiratory flow is above a 

critical threshold, i.e., the peak inspiratory flowrate (PIFR) of 50–100 LPM), a predetermined 

drug dose is released into the inhalation chamber. Hence, the inhaler is inherently breath 

actuated. Depending on the inhaler type, appropriate breathing style is required for efficient 

drug delivery. Recent studies by [150, 179, 180] have reported measured inhalation 

waveforms during DPI use. For example, Delvadia et al. [150] reported representative 

inhalation profiles (quick and deep inhalation profiles) while conducting in vitro experiments 

with budesonide drug emitted from a Novolizer DPI. They estimated the oropharyngeal, 

(a) (b) 
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tracheobronchial and lung depositions, using a basic mouth-throat model. The validity of 

these breathing profiles has been verified by comparing in vitro deposition results with in 

vivo lung deposition results from Newman et al. [147]. Newman et al. [147] had measured 

very similar lung depositions using radio-labeled budesonide in human subjects, 

administered with the Novolizer DPI. They reported the inhalation conditions in terms of 

PIFR and tidal volume. The subjects inhaled at PIFR 54±7, 65±3 and 99±13 LPM with 

tidal volumes 2.77±0.97, 2.96±0.83 and 3.13±1.01 L respectively. Depending on the peak 

inspiratory flow rate and tidal volume in Newman et al. [147], the inhalation profile was 

adjusted according to Equations (1-3) as given below [150]. Specifically, Equation (1) 

describes the quick inhalation where the flow rate accelerates to the required PIFR. The 

required PIFR is achieved within the inhalation time of tmax=0.45s. Equation (2) indicates 

deep inhalation where the inhalation flow rate reduces from PIFR to zero. The value of ttotal 

was calculated in order to achieve the tidal volume as reported in [147]. The in vitro 

experimental study did not consider the exhalation phase. However in the present study, the 

exhalation phase has been included by simulating the contraction of lungs to functional 

residual capacity within a time period of 2s, assuring that the exhaled volume is the same as 

the inhaled volume (see Equations (1) to (4)). The in vivo experiment included a breath-

holding pause which was not considered in the computational study. Figure 3.2.2 shows the 

inhaled lung volume changes with respect to time when using the DPI. Thus the volumetric 

flow rates can be described as: 
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Fig. 3.2.2. Lung volume change with respect to time when using the Novolizer DPI.  
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Particle release time: DPIs are designed to utilize the shear stresses from the inhaled flow 

field to generate aerosols. Hence, the dry powder is de-aggregated and aerosols emitted 

during the first part of the inhalation, when the flow accelerates to PIFR. Experiments have 

shown that the drug aerosols are discharged from the DP-inhaler within the first 0.5s [26, 

149]; thus, in the present simulation study particles were released during that time frame.  

Aerosol size distribution: The amount of drug delivered to the lung from a DPI depends on 

the patient’s inspiratory effort and capacity. Hence, the particle diameter distribution of the 

aerosols emitted from a DPI may vary depending on the inhalation conditions. For the 

current computational study it was assumed that the measured particle-size distribution under 

the given inhalation condition serves as a representative distribution for all inhalation 

conditions considered. Additionally, it was assumed that the particles exiting the DPI-mouth 

piece do not change in size. 

          The fine particle fractions of the budesonide drug from the Novolizer DPI were 

reported in Newman et al., [147], but not the particle-size distribution. Hence, the different 

aerodynamic particle diameter distributions of budesonide aerosols, emitted from a DPI, 

were taken from Tian et al., [26]. Aerodynamic particle size of curcumin powder were 

measured by Hu at al., [169] (see Fig. 3.2.3). The diameters shown are the midpoint cut-off 

diameters of the Next Generation Impactor stages and the maximum diameter was chosen to 

be the pre-separator cut-off diameter.  
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Fig. 3.2.3. Particle diameter distributions of budesonide and curcumin emitted from a DPI  

 

3.2.3  Model validations 

 Drug-aerosol deposition: The results of the drug deposition in lung airways were compared 

with experimental deposition results reported in [147]. For the DPI-drug inhalation 

simulation, a mouthpiece with inlet diameter of 6mm (Fig. 3.2.1) was attached to the oral 

inlet (insertion depth is 5 mm). Particles (unit density) were distributed uniformly at the oral 

inlet and injected according to the mass fraction with an initial velocity being the same as the 

inlet-air velocity. Considering dilute particle suspensions, one-way coupling was assumed 

between the fluid and particle phases. 50,000 particles per second were injected at the mouth 

and particles were assumed to deposit on the walls on contact. Increasing the number of 
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particles by a factor of 1.5 showed less than 2% difference in the results. The comparison of 

the budesonide deposition results with experimental data sets for inhalation profiles with 

PIFRs of 54, 65 and 99 LPM are shown in Fig. 3.2.4. Good agreements were obtained, 

indicating that the WLAM I can adequately predict drug-deposition from commercial DPIs. 

Specifically, the WLAM I predicted for the three PIFR-values that 59.2%, 62.2% and 69% of 

the inhaled drug deposit in the oropharynx, while the experimental observations had mean 

value of 60.9 %, 61.6 % and 57 %, where the last measurement is being inconsistent with the 

expected trend. Figure 4 also shows inhaled drug deposition results for the tracheobronchial 

and broncho-alveolar airways in comparison with experimental data, representing the central, 

intermediate and peripheral lung regions. Reasons for some differences may be due to the 

approximated lung-airway geometry and inhalation waveforms as well as the assumed 

particle diameter distributions and due to the limitations of radionuclide imaging.  

It can be inferred from the results that when using DPI, majority of the inhaled drugs deposit 

in the oropharyngeal and upper respiratory tract regions. Thus, drug-aerosol inlet 

modifications are necessary if one wants to achieve direct delivery to predetermined lung 

sites or regions. 
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Fig. 3.2.4. Comparison of the budesonide DPI drug deposition results with experimental results for an 

inhalation profile with PIFRs of 54, 65, and 99 LPM (Experimental results from [147]) 

 

3.2.4  Results and Discussion 

The validated WLAM I was used to study the efficacy of delivering curcumin dry powder to 

lung airways using the Novolizer DPI for realistic mouth-inlet conditions. As the respiratory 

aerodynamic diameter range of budesonide dry powder is somewhat similar to curcumin, 
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only deposition results for curcumin dry powder are reported. Once the base-case deposition 

results were established, the drug-air stream angle and the effective aerosol release area 

were changed to reduce excessive deposition in the oropharyngeal region.  

3.2.4.1  Curcumin-particle deposition in a whole-lung model 

Using the WLAM I subject to three breathing conditions, the transport and deposition of 

curcumin-powder inhaled from the DPI has been analyzed and the results are depicted in Fig. 

3.2.5. Similar to budesonide (see Fig. 3.2.4), curcumin deposits more in the oropharyngeal 

region than in the lower lung airways. However, when compared to budesonide the 

curcumin-dosage to the oropharyngeal region is lower by 10% because of the high number of 

respirable curcumin aerosols. With higher PIFR-values the amount of curcumin deposited in 

the oropharyngeal region increases, indicating that impaction plays a leading role in aerosol 

deposition for the given curcumin-size range. Even though the total lung deposition remains 

a constant for different PIFR-values, with higher PIFRs deposition to the oropharyngeal 

region increased while the dosage to the lung airways decreased.  
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Fig. 3.2.5. Curcumin dry powder deposition results when using a commercial DPI 

 

3.2.4.2  Improvement in drug-aerosol delivery and local deposition 

The curcumin-deposition results indicate that much of the inhaled drug-particles deposits in 

the oropharyngeal region, and hence expensive drugs are wasted. Among the different 

parameters that control drug deposition, the radial position of the particle-release nozzle and 

the angle of injection have a significant influence [181, 182]. Limited by the design of the 

DPI, first only the effect of a change in the angle of the inhaler mouth-piece was investigated. 

Specifically, the DPI was placed into the oral inlet with a positive angle of 10
o
 relative to the 

horizontal axis.  

For a horizontal insertion angle the air-jet interacts more with the tongue, while for a 

positively angled mouth-piece the jet evolves more in the oral cavity (Fig. 3.2.6). These 

0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

54 LPM 65 LPM 99 LPM

D
ep

o
si

ti
o
n
 f

ra
ct

io
n

 
Oral DF

TB DF

BrAlv DF

Total DF



 

79 

strong airflow jets create secondary vortical structures and recirculation zones which may 

enhance or reduce drug-aerosol deposition in the oropharyngeal region, depending on the 

insertion angle.  

 

 

 

Fig. 3.2.6. Velocity distribution in the oropharyngeal airway for different injection angles: (a) 

horizontal; and (b) positive angle 

 

 

In contrast to horizontal drug-aerosol injection (see Fig. 3.2.5), employing a DPI-tube 

angle of +10
o
 (Fig. 3.2.7) results in higher particle deposition in the broncho-alveolar region 

(at least for the lower PIFR-values). With higher PIFR-values, however, similar to the 

horizontal insertion angle, the amount of curcumin deposited in the oropharyngeal region 

increased and the amount deposited in the tracheobronchial and broncho-alveolar regions 

decreased.  
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Fig. 3.2.7. Curcumin dry powder deposition result when the DPI injection angle is +10
o 

 

3.2.5  Polydisperse vs. monodisperse particle distributions 

The aerosols generated by DPIs are generally polydisperse with a high mass fraction in the 

upper respirable micron-particle range. A comparison study using polydisperse and 

monodisperse curcumin dry powder with Mass Median Aerodynamic Diameter (MMAD) 

was done to analyze the influence of polydispersity on curcumin aerosol deposition in lung 

airways for an inhalation PIFR of 65 LPM (Fig. 3.2.8). The MMAD was estimated to be 

3.15 𝜇𝑚 with geometric standard deviation of 2.08, based on the amount of curcumin 

deposited in stages 1 to 7. The results indicate high oropharyngeal deposition for 

polydisperse drug-aerosols due to the high mass fraction of large micron particles. In 

contrast, using monodisperse curcumin dry powder with particle diameters in the respirable 

0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

54 LPM 65 LPM 99 LPM

D
ep

o
si

ti
o
n
 f

ra
ct

io
n

 
Oral DF

TB DF

BrAlv DF

Total DF



 

81 

range resulted in low oropharyngeal deposition and high tracheobronchial and bronchi-

alveolar deposition. Clearly, the efficiency of DPIs can be increased by fine-tuning the 

aerosol generation process to produce aerosols in the respirable range. 

 

 

Fig. 3.2.8. Comparison of curcumin powder deposition for an inhalation PIFR of 65 LPM, 

considering both polydisperse and monodisperse curcumin dry powder  

 

3.2.6  Considerations for targeted drug-delivery 

It has been demonstrated that the efficiency of deep-lung deposition for DPIs is very low 

because a high amount of drugs is wasted in the oropharyngeal region. Even monodisperse 

curcumin powder with aerosol sizes in the respirable range cannot penetrate deep into the 

lung airways.  However, it is desirable that most of the inhaled drugs, like curcumin, deposit 

into the smaller airways to combat severe inflammation or even into the alveolar region for 
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rapid mass transfer. As outlined in a series of publications [12, 67, 85] direct drug-aerosol 

delivery from the inhalation point to the desired lung site can be achieved. Specifically, via 

inhaled aerosol backtracking an optimal drug-release point can be computationally 

determined on a subject-specific basis. Using the WLAM I, which can approximately 

simulate aerosol deposition in three lung regions (i.e., extra-thoracic, tracheobronchial, and 

alveolar), first a particle-release map (PRM) is generated (Fig. 3.2.9a). Being just a simple 

conceptional example, the particle release map was created without considering the inhaler 

and the injection time. The PRM serves as a guide for the selection of suitable location 

(optimal drug-release point) from which the drug aerosols can be released in order to target a 

particular lung region.  The PRM in Fig. 3.2.9a shows the apparent locations where the 

particles may deposit if injected/released from these radial positions. The red color indicates 

that if released from these zones, the particles will deposit in the oral cavity, blue in the 

tracheobronchial airways, and green in the broncho-alveolar airways. The results shown in 

Fig. 3.2.9b indicate that oropharyngeal and total deposition is high when polydisperse 

curcumin dry powder is delivered from the basic DPI. The oropharyngeal deposition 

decreases and total deposition increases when monodisperse curcumin powder is being 

administered. By selecting the circular drug-aerosol release area (adjusting the inhaler so that 

the inhaler mouthpiece is located at this area) as a conceptual example (see Fig. 3.2.9a), a 

larger amount of curcumin powder deposits in the broncho-alveolar region (see third 

histogram in Fig. 3.2.9b).  
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Fig. 3.2.9. Direct drug-aerosol delivery: (a) Particle release maps generated at the oral inlet for a 

breathing profile with inhalation PIFR 65 LPM; and (b) Comparison of curcumin deposition in the 

lung airways with and without targeting 
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      With the new methodology of direct drug-delivery, the radial aerosol-release position is 

shifted and as a result the oropharyngeal deposition decreases, the broncho-alveolar 

deposition increases to 50%, and the total deposition increases significantly. This implies that 

higher amounts of curcumin reach the peripheral lung airways. It is evident, even when 

considering such an elementary set-up that targeted delivery can improve drug-delivery to 

deeper lung regions.       

3.2.7  Model Limitations and Future Work 

            For the current study it was assumed that the polydisperse aerosols were injected into 

the respiratory tract and the particle-size distribution of the aerosols was obtained from in 

vitro experiments. The particle-diameter distribution of the aerosols emitted from a DPI may 

vary depending on the inhalation conditions, and it is difficult to evaluate particle-size 

changes for each flow rate. Clearly, more accurate computational results could be obtained if 

the particle size distributions used were measured for each inhalation PIFR considered. The 

presently employed flow waveforms were proven to be accurate for DPIs by in vitro and 

computational analyses [26, 149, 150]. The current computational study did not include 

aerosol deposition during breath-hold, possibly due to sedimentation of micron particles 

greater than 5𝜇𝑚. In section I of this study it was shown that at higher inhalation flow rates, 

particle deposition in the oropharyngeal and upper airways increases exponentially with 

particle diameter. Hence, it is assumed that the smaller diameter particles reaching the lower 

lung airways during the inhalation phase stay in the inhaled air during breath-hold, and may 

deposit during the forced exhalation phase.  
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     It is important to emphasize the preliminary nature of this study. The WLAM I can be 

further used to analyze the effects of inhalation waveforms, inhaler actuation, particle size 

distribution, and inhalation-PIFRs when employing the Novolizer DPI or other inhaler 

devices. Additionally, the model prediction can be expanded by incorporating phenomena 

such as drug-droplet evaporation/condensation, agglomeration, aerosol atomization and drug-

wall interactions. These modeling strategies have been previously incorporated into CF-PD 

modeling [84, 135-137] and hence could be considered for broadening the capabilities of the 

WLAM I. 

3.2.8  Conclusions 

A first-generation whole lung-airway model (WLAM I) was developed and used to analyze 

particle transport and deposition in a human respiratory tract configuration when an anti-

inflammatory drug was inhaled from a commercial DPI. The computational model was 

validated with measured in vivo data sets of Newman et al. [147]. They recorded deposition 

of radio-labeled budesonide, administered from a Novolizer DPI using gamma scintigraphy. 

Reasonably accurate agreement was observed for the WLAM I predictions when compared 

to the experimental deposition results. Then, the efficacy of the DPI to administer curcumin 

dry powder to lung airways was evaluated in terms of total and regional lung-deposition 

efficiencies. The model results provide critical insights regarding drug aerosol transport and 

deposition in lung airways, where the observations can be used to improve inhaler device 

design and drug formulation in terms of best physical properties. The results from this study 

indicate that under conventional inhalation conditions more than 60 % of the inhaled 
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budesonide and more than 50 % of curcumin deposit in the oral cavity. The corticosteroid 

drug budesonide is intended to deposit mostly in the tracheobronchial and bronchiolar 

airways while, curcumin is intended mostly to deposit in the alveolar region. Improved drug-

delivery can be achieved by using a new targeting methodology as demonstrated in the 

current study. Specifically, for targeted monodisperse curcumin delivery a 50% reduction of 

(wasted) drug-deposition in the oropharynx was achieved when compared to traditional 

polydisperse drug delivery.  
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4.1 Single alveolus model 

4.1.1 Introduction 

The gas exchange region, also known as the acinar or the alveolar region, is the most vital 

part of the lung. The alveolar region encompasses millions of alveoli specifically designed to 

allow efficient gas diffusion during the normal breathing process [3]. Flow behavior and 

particle deposition in the alveolar region are not yet fully understood because of the complex 

geometrical structure of alveoli [183, 184]. Understanding the flow and particle behavior in 

the alveolar region carries utmost importance because inhaled aerosols depositing in the 

alveoli can lead to potential lung diseases [185, 186]. Additionally, understanding gas flow 

and particle behavior in alveolar region is pivotal in the treatment of pulmonary diseases 

including asthma, Adult Respiratory Distress Syndrome (ARDS), Acute Lung Injury (ALI), 

Chronic Obstructive Pulmonary Disease (COPD), pulmonary fibrosis and cystic fibrosis, 

bronchitis and emphysema etc. using therapeutic drug targeting [85, 187].  

Even though the acinar region is the most vital region of the lung, only limited information is 

available regarding its geometry, due to its inaccessibility. Current limitations in obtaining 

detailed scanned images of submicron structures also restrict a detailed study [188, 189]. 

Similar to the conducting region, the acinar region is composed of repeating bifurcating 

alveolar ducts with alveoli arranged around the alveolar ducts [2, 190]. Each alveolus can be 

considered as a spherical shaped cup, tightly packed around the alveolar ducts in order to 

optimize the alveolar surface area, with only one opening to the ducts [190]. These alveoli 

are separated by a thin tissue layer called septa which contain multitude of blood vessels [2]. 
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Several studies have used lung casts to analyze the geometrical structure of acinus and the 

reported alveoli topology varies with the study [2, 3, 9, 189-191]. Early lung cast study by 

Weibel [2] compared the shape of these structures to honeycomb or soap bubbles pattern. 

Due to the complexity and variability of the alveoli shape, Weibel [2] suggested simplified 

topologies which include partial spheroids, toroids, wedges of a hollow cylinder, elliptic 

cone. A similar study by Hansen [9] verified that among the different shapes, the most 

frequently observed alveoli shape in a human lung is partial spheroids. Recently, polygonal 

space filling structure of the alveoli has also been suggested by several studies [90, 185, 192, 

193]. However, with these models, it is difficult to assess the bifurcation characteristics of 

the alveolar ducts. 

Recent developments in imaging techniques have provided detailed information on rodent 

lung acinar morphometry [194, 195]. Micro X-ray computed tomography (micro- CT) has 

been used to study morphology and geometric structure of rodent acinar lung airways [191]. 

The 3-D volumetric reconstruction of acinar airways from high resolution-CT images shows 

the irregular nature of the alveolar topology but closely resembles the spheroidal topology 

assumption [189]. 

Traditionally it has been thought that the low Reynolds number flow in the alveolar region is 

completely reversible. However, this assumption was reanalyzed after the bolus inhalation 

experiments by Heyder et al., [196] in which they showed that the alveolar flow mixes 

irreversibly, leading to the deposition of inhaled particles deep inside the lung. In spite of the 

evidence showing convective mixing of acinar airflows, these in vivo experiments could not 

provide detailed information regarding trajectories and deposition of particles in 
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submillimeter alveolar structures. As an alternative, several investigators have used 

numerical methodology to shed light on alveolar mechanics and particle transport and 

deposition in these alveoli. Most of the initial numerical analysis was based on simplified 2-

D alveolar structures. Tsuda et al., [197] conducted numerical analysis of alveolar flow and 

reported chaotic mixing of flow in the alveolar region. The model developed by Tsuda et al., 

[197] consists of an axisymmetric 2D straight tube with a torus attached on the outer surface 

representing an alveolus. The model wall was displaced using rhythmic expansion and 

contraction to represent alveolar wall movement. Tsuda et al., [198] used flow visualization 

technique to demonstrate alveolar flow recirculation in a rhythmically ventilated rat lung. 

They verified their previous numerical results demonstrating chaotic irreversible alveolar 

flow characterized by stagnation saddle points associated with alveolar vortices. Haber and 

Tsuda [199] numerically analyzed the particle deposition pattern in a rhythmically expanding 

alveolus. The alveolus and alveolar duct were modeled as a spherical cap attached at its rim 

to a circular opening in an expanding plane. The results showed that the particle deposition 

pattern considerably varies with the alveolar wall motion. Later Haber et al., [200] analyzed 

the effects of gravity and alveolar wall movement on deposition of particles with size ranging 

from 0.5 𝜇m to 2.5 𝜇m. They found that the submicron particles are significantly influenced 

by the alveolar flow patterns compared to the micron sized particles. Henry et al., [201] 

obtained similar results using numerical analysis alveolar flow pattern and particle deposition 

in a 9-cell alveolated duct model. 

Darquenne and Paiva [202] used a simplified model of the alveolated duct using sections of 

an annular ring around a central channel. They showed that the radial alveolar walls are 
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important sites of particle deposition. Expanding on this model, using similar geometrical 

representation to generate three-dimensional multi-bifurcation model of acinar tree. 

Harrington et al., [203] and Darquenne et al., [204] established the significance of alveolar 

airway bifurcation and alveolar wall motion on particle trajectory. Darquenne [205, 206] 

developed symmetric two-dimensional six-generation structure of the human acinus to study 

the extent of heterogeneity in alveolar airway particle deposition characteristics during 

normal breathing. Their results indicated that the particle deposition could be heterogeneous 

and particles may deposit in hot spots. Snitzman et al., [207] analyzed alveolar flow pattern 

using a three-dimensional expanding alveolus attached to a straight tube. The dimensions of 

the alveolar duct and alveolus were changed according to the lung dimensions reported by 

Weibel [2]. They noticed recirculation in proximal acinar generations, but no recirculation 

was noticed in the final generations. In the deeper acinar generations, flows become largely 

radial due to rhythmic wall motion and increasing alveolar dimensions. Oakes et al., [208] 

conducted experimental study on the terminal alveolar sac made of hyper elastic material 

under normal breathing conditions. The experimental results showed no recirculation zones 

for both healthy idealized terminal alveolar sac and emphysemic terminal alveolar sac 

models. Similar results were observed by Harding and Robinson [189] using a terminal 

alveolar sac model with 13 alveoli with expanding alveolar walls. Their analysis, using 

rhythmic inlet breathing profile, showed significant convective motion due to expanding 

alveolar wall. Berg et al., [209] observed flow in a hollow compliant model of a terminal air 

sac, with geometry from an actual human lung cast, under conditions of normal breathing 

using particle image velocimetry (PIV). This study demonstrated that the two generations 
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immediately proximal to the terminal alveolar sacs do not have recirculating eddies which 

supports the previous findings [189, 208]. Recently three-dimensional space filling alveolar 

models have been used to improve the geometric accuracy and produce realistic lung 

simulations [90, 185, 192, 193]. Sznitman et al., [186, 192, 193, 210] used 14-hedron–shaped 

alveoli, whereas Kumar et al., [211, 212] used truncated octahedron-shaped alveoli. In both 

cases, radial flow was reported for normal breathing conditions, assuming a sinusoidal 

breathing profile. Ma and Darquenne [213] used multigenerational three-dimensional models 

of alveolated airways with arbitrary bifurcation angles and spherical alveolar shape to predict 

the deposition of 1𝜇m and 3𝜇m aerosol particles in models of human alveolar sac and 

terminal acinar bifurcation under rhythmic wall motion. Flow recirculation was noticed only 

during transition between inspiration and expiration and accounted for no more than 1% of 

the whole cycle. Recently, microfluidic labs on chip models of the acinar generations were 

developed to study the rhythmic motion of the alveoli and its impact alveolar flow pattern 

and particle transport [214-217]. The initial results from these models have shown streamline 

crossing of particles; however, in order to estimate realistic lung particle deposition, further 

improvements are required. 

The objective of this study was to develop human alveolar airway models and identify the 

significant forces affecting the particle transport through these airways.  

4.1.2 Model geometry 

In order to analyze the influence of the expanding and contracting motion of the alveoli on 

particle transport and deposition, a simplified model with a single alveolus (three fourth of 
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spheroid) with a neck attached to an alveolar duct (cylindrical shell) was considered. The 

spherical shape of alveoli was selected based on observations of Hansen [9]. A cylindrical 

projection (neck) from the lumen was used to anchor the spherical alveolus to the duct. The 

partial spheroid with the neck was arbitrarily assembled on the surface of the duct so that the 

alveolar neck opens to the duct. The alveoli attached TBU units were developed using computer 

aided design software Solid Works. A single alveolus can be described using four parameters: 

alveolus radius (AR), neck radius (NR), alveolus depth (D) and the duct diameter (DD). The 

current geometrical assumption has been verified by the morphometric study using human 

lung casts and images (refer Harding and Robinson [189]). Figure 4.1.1a shows the 

schematic representation of a single alveolus attached to a duct and Fig. 4.1.1b shows the 3-D 

representation. The dimensions of the alveolus are based on the morphometric measurements 

of human lung casts. Even though the lung cast studies indicate that the scale of the alveoli 

varies with in a subject (increase in scale with increase in lung generation number) the size of 

the alveoli has been considered constant in this study. However, the variation in duct 

diameter with lung generation number was considered. The alveolus radius and alveolus 

depth change with time depending on the inhalation conditions. However, for the current 

study the alveolar neck and the duct are assumed to be rigid. The initial dimensions (at time 

t=0) of the alveoli are given in Table 4.1.1. 
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Figure 4.1.1. Schematic representation of a single alveolated duct and (b) shows 3-D representation 

 

Table 4.1.1. Geometric model parameters  

  

Literature 

comparison 

Reference 

alveolus radius 

(AR) 

0.1mm 0.11-0.14mm 

Weibel [2] 

Harding and Robinson [189] 

neck radius (NR) 0.085mm 0.085mm Harding and Robinson [189] 

alveolus depth (D) 0.2-0.22 mm 0.23 

Weibel [2] 

Harding and Robinson [189] 

D/NR ratio 1.17-1.3 0.48-1.44 Harding and Robinson [189] 
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To investigate the effects of multiple alveoli on a single duct, three alveoli were attached in 

series to a duct (periodically alveolated duct) as shown in Fig. 4.1.2. At very low Reynolds 

number flows (Stokes flow) the repeating alveolated units might not influence the flow 

pattern. However, the expanding and contracting motion of the repeated alveoli may 

influence the particle trajectory especially if the particles are released close to the alveolar 

mouth. Additionally, a multi-alveolated model with alveolus assembled periodically on four 

sides of the duct was also developed in order to study the effects of the rhythmic motion of 

the alveoli in a fully alveolated duct. Figure 4.1.2a and 4.1.2b show the schematic 

representation of the periodically alveolated and multi-alveolated ducts.   

                                                                              

       

Fig. 4. 1.2. (a) periodically alveolated and (b) multi-alveolated ducts. 

(a) 

(b) 

(a) 
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To study the variation of alveolar flow pattern and particle deposition with lung generation, 

two lung generations (generation 18 and 22) were considered. The duct diameter for each 

models were assumed based on the reported scaled Weibel’s symmetrical lung model (Table 

4.1.2). 

 

Table 4.1.2. Lung morphometric measurements at functional residual capacity (3000ml) 

(Weibel [2]) 

Generation 

number 

Number of 

airways = 2
n
 

Length 

(cm) 

Diameter 

(cm) 

Number 

of 

alveoli 

Volume per 

generation 

(cm
3
) 

Fractional 

alveolar 

volume 

17 131072 0.121 0.046 5 30.47 0.01 

18 262144 0.1 0.043 8 51.29 0.02 

19 524288 0.085 0.04 12 97.56 0.03 

20 1048576 0.071 0.038 20 224.78 0.08 

21 2097152 0.06 0.037 20 412.1 0.14 

22 4194304 0.05 0.035 14 769.12 0.27 

23 8388608 0.043 0.035 sac 1305.84 0.45 

Total 

2891.16 

 

1 
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4.1.3 Wall motion and boundary condition 

The alveoli are assumed to deform and the deformation rate determines the inhalation and 

exhalation flow rate. The duct and alveolar neck are assumed to be rigid. The increase or 

decrease in volume of the alveoli produces a differential pressure, which brings in or out air. 

Depending on the volume flow rate, a deformation vector for the alveoli was estimated to 

produce the required volume change. The increase in volume from the initial functional 

residual capacity (FRC) (assuming three fourth of spheroid) can be represented using the 

following equations. 

    

  

3

3 3 3

3

3

3

FRC

FRC

V r

V dV r dr r dr r dr r dr

dV dr r dr r dr



 





      

  

 

(1) 

(2) 

(3) 

Where FRCV  is the alveolus volume at FRC and dV is the increase in volume due to the radial 

expansion dr. 

Assuming symmetric dichotomous branching structure of the lung, the inhalation flow rate 

through any generation will be flow rate measured at the oral inlet divided by the number of 

airways in that generation. Also, it is assumed that the airflow rate due to the alveolar 

deformation varies with the generation. The alveoli in each generation deform in order to 

produce fraction of the oral inhalation volume flow rate which is equal to the total flow rate 

times the alveolar volume fraction (Table 2). Additionally, the individual alveolus wall 

deformation can be estimated by dividing the fractional volume flow rate per generation with 

the number of alveoli in that generation. The volume flow rate 
dV

dt
in a particular lung 
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generation for any given inhalation condition can be predetermined and hence the 

corresponding alveolar deformation can be estimated by solving equation (3) for 
dr

dt
.  

As suggested by previous studies [207], the rhythmic expansion and contraction of the lung 

is assumed to be geometrically self-similar in nature (self-similarity means the quality or 

state of having an appearance that is invariant upon being scaled larger or smaller (from 

Meriam-Webster dictionary)), indicating that the deformation is similar in all alveoli. The 

presence of surfactant also helps the alveoli to expand and contract at the same rate. In 

human lung, the deformation of the alveoli depends on the inhalation volume flow rate and 

the period of inhalation and the deformation is limited after a certain period of inhalation 

(once the maximum radial deformation is reached). The surface tension of the surfactants and 

nonlinear elasticity of the lung tissue prohibits expansion of alveoli beyond a specific radius. 

In order to replicate the physiological breathing motion of the alveoli, the deformation of the 

alveoli was restricted after a specified increase in alveolar radius. This final radius was 

estimated based on the self-similarity assumption. For an average human adult with FRC of 

3000ml and total lung capacity of 6000ml, the maximum lung deformation possible is 

3000ml. Based on the self-similarity rule, the maximum increase in alveolar radius possible 

is estimated to be 0.26 times the initial radius. 

4.1.4 Numerical methods 

An opening boundary condition was applied at the duct inlet and a mass flow rate condition 

was applied at the outlet. The outlet mass flow rate QD and mass flow rate due to the alveolar 
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wall motion QA together results in the inlet mass flow rate QG per generation. As shown in 

Fig. 4.1.3. , the resultant mass flow rate QG is the sum of alveolar mass flow rate QA and 

outlet mass flow rate QD which is the result of alveolar deformation in the distal generations.  

 

Fig. 4.1.3 . Flow through an alveolated duct 

 

No slip boundary condition was applied at the wall boundaries (duct and alveoli) so that the 

fluid velocity matches with the wall velocity at the fluid wall interface. A user defined CEL 

(CFX Expression Language) functions was used to apply the wall deformation vector. 

In order to study the effects of inhalation conditions on alveolar flow pattern, constant oral 

inhalation flow rates were assumed. Simulations were conducted for rest (15 LPM), exercise 

(30 LPM and 45 LPM) breathing conditions with inhalation period of 1s. Since the 

exhalation (contraction of the alveoli) have little influence on the deposition of particle sin 

the alveoli, only inhalation condition was simulated in this study. The transport equations for 

the continuous phase and the particles are described in chapter 2. 

 

Rigid duct wall 
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4.1.5 Results and discussion 

4.1.5.1 Alveolar flow pattern 

The airflow through an alveolated duct is highly influenced by the expanding and contracting 

motion of the alveolus. The alveolar flow QA primarily depends on the generation number 

(fractional alveolar volume in Table 4.1.2). The flow through a duct with rigid alveolus was 

first simulated and compared with air flow pattern when the alveolus is expanding 

(inhalation) (see Fig. 4.1.4). For this comparison, 15 LPM oral inhalation flow rate (Qoral) 

was assumed. When the alveolus is rigid (QA=0), the convective flow exchange between the 

ductal flow with the alveolar flow is negligible. Instead, the alveolar flow pattern in 

dominated by a recirculating flow, filling the entire alveolus induced by the shear force 

generated by the ductal flow. Similar results have been noticed for alveolar flow simulations 

in generation 18. However, the recirculation region has been reduced and radial flow has 

started to dominate. This is due to the alveolar wall deformation which resulted in mixing of 

a small fraction of the ductal flow with the alveolus flow. At the distal generations, where the 

alveolar flow fraction is higher, the dominating radial flow into the alveolus from the duct 

was noticed. Due to this radial flow, the recirculating flow, which has been noticed in the 

upper generations, was diminished. This indicates the convective mixing of the ductal flow 

with the residual air in the alveolus. It is evident from the simulation results that the position 

of the alveolus (generation number) determines the alveolus wall deformation rate and the 

amount of convective mixing. Similar results have been reported previously by Sznitman et 

al., [207].  
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Fig. 4. 1.4. Alveolus flow pattern in generation (a) 18 (rigid alveoli) (b) generation 18 (c) generation 

22 

 

The air flow pattern in the alveolated ducts in generation 22 was analyzed at higher 

inhalation flow rates as well (rest (15 LPM), exercise (30 LPM and 45 LPM)) to study the 

(a)  

(c)  

(b)  
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change in flow pattern with flow velocity. As shown in Fig. 4.1.5, as the inhalation flow rate 

increases, the alveolus deformation rate also increases which results in a higher radial flow to 

the alveolus. At 15 LPM inhalation flow rate, the radial flow velocity is low compared to the 

peak ductal flow velocity. The radial flow rate also increases, with the increase in inhalation 

flow rate. Hence, convective mixing of the duct flow with alveolar flow increases with 

increasing flow rate.   
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Fig 4. 1.5. Alveolus flow pattern under  (a) rest (15 LPM), (b) exercise (30 LPM) and (c) 45 LPM) 

inhalation flow rates 

 

 

 

(a)  

(c)  

(b)  
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4.1.5.2 Particle transport and deposition 

The particle transport and deposition of micron particles (2 𝜇𝑚 𝑡𝑜 10 𝜇𝑚 ) were investigated 

in single alveolated duct models in order to assess the influence of alveolar wall deformation, 

position of the alveoli and the orientation of the gravity vector on particle deposition. In this 

study, the key role of gravity on aerosol deposition in alveolated airways and the interplay 

between sedimentation and convection were mainly investigated and other forces like 

diffusion were assumed to have negligible influence on micron particle transport. This 

assumption has been verified by previous investigations in which the role of diffusion on 

micron particle in alveolated airways has been found to be negligible. The amount of 

particles deposited on the domain wall (duct and alveolar tissue) of single alveolated duct 

models representing generation 18 and generation 22 are compared in Fig. 4.1.6 (the gravity 

vector was assumed in the direction normal to the duct flow, towards the alveolar opening). 

The particle trajectory and deposition trend were similar to the particle transport in a 

horizontal pipe. Gravitational sedimentation was the dominant driving force for particle 

deposition. Most of the heavy particles (above 5 𝜇𝑚)  depsoited close to the duct inlet due to 

sedimentation. Diffusion dominated light micron particles closely followed the stream line, 

while heavy particles crossed stream lines to deposit at the bottom.  
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Fig. 4. 1.6. Comparison of particles deposition in generation 18 and generation 22 

 

The results indicate that the particle deposition is high in the distal lung generations. This is 

because of the increased wall deformation, low flow Reynolds number and reduced duct 

dimensions. Many of the injected particles did not reach the outlet boundary due to the low 

inlet Reynolds number for the flow through generation 22. This indicates that the particle 

residence time is high in distal generations, which results in higher deposition due to 

sedimentation. The results also indicate that the position of the alveolated duct (generation 

number) may not have significant influence on deposition of heavy particles (above 7 𝜇𝑚).  

The trajectories of the particles were influenced by the presence of the deforming alveolus. 

The particle trajectory was also disturbed near the alveolus opening similar to the variation in 

the airflow pattern due to the presence of the expanding alveolus. This disturbance was 

higher when the particle size was lower. The comparison of alveolus particle deposition trend 
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for a rigid and flexible alveolus is shown in Fig. 4.1.7. It is to be noted that the plotted results 

are for a single alveolated duct in generation 18 at an inhalation flow rate of 15 LPM. The 

particle deposition is expected to be higher in the distal generation alveoli. Additionally, the 

particle deposition will be higher under physiological conditions where more alveoli are 

present and inhalation flow rate is high. The results indicates that the presence of deforming 

alveolus significantly influence particle deposition in alveolar airways. 

 

 

Fig. 4.1.7. comparison of alveolus particle deposition trend for a rigid and flexible alveolus 

 

The influence of the inhalation flow rate on aerosol deposition in the alveolated lung airways 

was also assessed by simulating the particle trajectory using single alveolated duct models 

representing generation 22. The simulations were conducted for rest (15 LPM), exercise (30 

LPM and 45 LPM) breathing conditions with an inhalation period of 1s. The trajectories of a 
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2 𝜇𝑚 particle are shown in Fig.4.1.8. The results indicate that with the increase in inhalation 

flow rate, the alveolar flow rate increases, which results in increased transfer of inhaled 

particles into the alveoli. Due to the applied total simulation time of 1s and since the alveolar 

wall is expanding during this inhalation time, only limited number of the inhaled particles 

deposited in the alveolus. However, it is evident from the figure that with the increase in 

inhalation flow rate, more number of particles has entered the alveolus. These simulation 

results indicate that even though with the increase in inhalation flow rate the particle 

residence time is reducing, the increase in the alveolar wall deformation rate is applying a 

higher pulling force on the particle which may eventually result in higher alveolar 

deposition. 
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Fig.4.1 8. Trajectories of a 2 𝜇𝑚 particle in a single alveolated duct representing generation22  under  

(a) rest (15 LPM), (b) exercise (30 LPM) and (c) 45 LPM) inhalation flow rates 

 

 

 

(a) 15 LPM 

(b) 30 LPM 

(c) 45 LPM 
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4.1.5.3 Effect of gravity 

The influence of the orientation of the gravitational vector on aerosol deposition in the 

alveolated lung airways was also assessed by simulating the particle trajectory using single 

alveolated duct models (generation 22). Three cases were considered; case (i) gravity acts 

normal to the duct flow, towards the alveolus opening, case (ii) gravity acts normal to the 

duct flow, normal to the alveolus opening and case (iii) gravity acts in the direction of the 

duct flow. All the simulations were conducted for 30 LPM inhalation flow rate and an 

inhalation period of 1s. The results indicate that the sedimentation deposition is very high in 

the lower alveolar airway generations and the deposition is highly dependent on the 

orientation of the gravitational vector. Similar results were observed for case (i) and case (ii) 

where most of the micron particles were deposited on the alveolated duct. However, for case 

(iii) study, where the gravity is acting in the duct flow direction, significant reduction in 

particle deposition was noticed (see Fig. 4.1.9). Even though no specific alveolus deposition 

was noticed, it is evident that the alveolus wall deformation applies a pulling force on the 

particles even when an opposing gravitational force is present (see Fig. 4.1.10 where particle 

trajectory is influenced by alveolus expansion, when the gravity orientation is normal to the 

alveolus opening case (ii) and case (iii)). 
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Fig. 4.1. 9. Aerosol deposition in a single alveolated duct representing generation 22 for an inhalation 

flow rate of 30 LPM 
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Fig. 4.1.10. Alveolar particle transport highlighting influence of gravity orientation  

 

 

 

   

 

 

 

Case (ii) 

Case (iii) 
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4.1.5.4 Periodically alveolated and multi-alveolated duct 

To investigate the effects of multiple alveoli on particle trajectory, periodically alveolated 

duct and multi-alveolated duct models (representing generation 22) were used. The 

simulations were conducted for 30 LPM inhalation flow rate and an inhalation period of 2s. 

The particle deposition results in these models were similar to the deposition results in single 

alveolated duct. This is because the gravitational sedimentation force is dominating over 

other forces. However, it is interesting to notice that several of the particles were found to 

deposit in the alveoli over time. As shown in Fig. 4.1.11, increased deposition was noticed in 

the alveoli when the inhalation period was increased from 1s to 2s.   

 

 

         

Fig. 4. 1.11. Particle trajectory in a periodically alveolated duct model for inhalation period (a) 1s (b) 

2s 

(a) Inhalation period 1s 

(b) Inhalation period 2s 
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To better understand the extent to which the particle trajectory is influenced by the alveolar 

wall deformation, the multi-alveolated model was used. The number of alveoli in mult-

alveolated model is 12 which is close to the number of alveoli in generation 22 as reported by 

Weibel. Hence the multi-alveolated model geometrically agrees well with a human lung 

airway generation. The simulation results are shown in Fig 4.1.12. In Fig. 4.1.12a and 

4.1.12c, the simulations were conducted without the gravitational force but with an 

expanding alveoli. Figure 4b and 4c show the particle trajectory without the gravitational 

force and stationary alveoli. Clearly, the particles are pulled into the alveoli, when the 

alveolar wall is deforming. However, no particles entered the alveoli when the alveolar wall 

is stationary.  
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Fig. 4. 1.12. Particle trajectory in a multi-alveolated duct model with flexible wall (left) and rigid wall 

(right) for inhalation period (a) 1s, (b) 2s (simulations were conducted without the gravitational force) 

 

4.1.6 Conclusion 

In this study, three human alveolar airway models were developed and the significant forces 

affecting the particle transport through these airways were identified. It is evident from the 

simulation results that the position of the alveolus (generation number) determines the 

(a) Inhalation period 1s 

(b) Inhalation period 2s 
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alveolus wall deformation rate and the amount of convective mixing. The results clearly 

indicate the influence of alveolar wall deformation on air flow and particle deposition in 

these airways. With increase in inhalation flow rate, the alveolar wall deformation rate 

increases, and results in a higher pulling force on the particle which may eventually result in 

higher alveolar deposition. Hence, it can be concluded that for micron particles, even though 

the major deposition occurs due to gravitational sedimentation, the influence of alveolar 

deformation cannot be neglected.   
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4.2 Human acinar model 

4.2.1 Introduction 

Although several lung diseases are associated with toxic particle deposition in the alveolar 

airways, a detailed understanding of particle transport and deposition has not yet been fully 

analyzed [218]. In turn, for effective treatment a majority of pulmonary drugs are supposed 

to deposit in the alveolar region. The present study is limited because of the geometric 

complexity and inaccessibility of the alveolar region. To date, most of the available in vivo 

deposition results are obtained from high-resolution lung scans of sacrificed animals or from 

human autopsies. Available particle-deposition images of human lungs lack spatial resolution 

for identifying depositions in the acinar region ([186, 219, 220]). 

These limitations can be overcome by computational study of the aerosol transport and 

deposition in lung airways [193]. The computational study of acinar flow and particle 

transport have mostly used single alveolus [221], single alveolated duct [184, 199, 213]  and 

space filling polygonal model [90, 185, 192, 193]. The shape of the alveolus is one of the 

primary focus in these studies. Recently, investigations have been conducted using a 

polygonal space filling alveolar model [186, 192, 193, 210]. Even though the space filling 

model can accommodate multiple alveolated ducts, the model cannot account for the 

variation in airway bifurcation. Additionally, these models have not b een shown to predict 

whole acinar lung deposition and hence these models have not been incorporated to study the 

deposition in a whole lung model except the work by Khajeh-Hosseini-Dalasm and Longest 

[222]. They used a space filling polygonal algorithm to study the deposition of drug aerosols 
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in human acinar models and the results from this study was incorporated into a whole lung 

model. However, their model did not account for the proximal partially alveolated lung 

airways and their modeling approach did not consider exhalation phase. Hence, there is an 

unmet need to develop a full acinar model which can predict realistically the particle 

transport and deposition.  

The objective of this study is to develop a physiologically accurate whole acinar model. The 

developed model can efficiently simulate physiological breathing mechanism and predict 

alveolar particle deposition. The modeling approach, results, and conclusions from single 

alveolated duct study (See Chapter 4) have been utilized to develop the new human acinar 

model.  

4.2.2 Model geometry 

The alveolar region of the lung was modeled by attaching spherical alveoli to the TBU units. 

The attached alveoli did not intersect each other, but they were separated by a minimum 

distance to allow expansion. The alveoli attached TBU units were developed using computer 

aided design software. The spherical shape for alveoli was selected based on observations of 

Hansen [9]. A cylindrical projection from the lumen was used to anchor the spherical 

alveolus to the duct. The final alveolus has a ¾ spheroid shape. The dimensions of the TBU 

units and the alveolar cavities were based on the morphometric measurements of Weibel [2]. 

Table 4.2.1 shows the dimensions of an average TBU unit of generation 16-18 (Fig. 4.2.1). 

Weibel [2] reported that the alveolar region starts from the 17
th

 generation with 5 alveoli and 

the 18
th

 generation has 8 alveoli. The duct diameters were based on Weibel Type A 
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geometries Weibel [2] assuming a lung volume of 3 L. The diameter and depth of the alveoli 

in the 17
th

 and the 18
th

 generations were 0.021 cm and 0.02 cm respectively. Table 4.2.2 

shows the dimensions of an average TBU unit of generation 19-21. Weibel [2]reported that 

the 19
th

 generation has 12 alveoli, 20
th

 generation has 20 alveoli and 21
st
 generation has 20 

alveoli. But due to space constriction, the developed model has 16 alveoli in 19
th

, 13 each in 

20
th 

and 21
st
 generations (Fig. 4.2.2). Table 4.2.2 shows the dimensions of an average TBU 

unit of generation 19-21. Weibel [2] reported an average outlet diameter and depth of 0.018 

cm and 0.0196 cm for an average total lung volume of 2.63L. It should be noticed that these 

dimensions were used to get a reference geometry. Each TBU units were again scaled to 

match the outlet diameters of the previous generations.  

  

Fig. 4.2.1. (a) A representative TBU model with alveoli for generation 16-18. (b) Image of a terminal 

conducting airway from a lung cast (Weibel [223]) 

 

 

           (a)                                                            (b) 
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Table 4.2.1. Comparison of alveolar TBU model dimensions for generation 16-18 with morphometric 

measurements reported in literature 

 Model Scaled Weibel [2] 

generation 16 17 18 16 17 18 

Number of alveoli 0 5 8 0 5 8 

Duct diameter (cm) 0.051 0.046 0.043 0.051 0.046 0.043 

Segment length (cm) 0.141 0.121 0.108 0.141 0.121 0.1 

 

 

 

 

 

 

Fig. 4.2.2. (a)  A representative TBU model with alveoli for generation 19-21(b) Image of an alveolar 

airway from a lung cast (Weibel [223]) 

 

           (a)                                                                          (b) 
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Table 4.2.2. Comparison of alveolar TBU model dimensions for generation 19-21 with morphometric 

measurements reported in literature 

 Model Scaled Weibel [2] 

generation 19 20 21 19 20 21 

Number of alveoli per 

generation 

16 13 13 12 20 20 

Total number of alveoli 42 42 

Duct diameter (cm) 0.04 0.037 0.033 0.04 0.038 0.037 

Segment length (cm) 0.098 0.084 0.07 0.085 0.071 0.06 

 

 

Figure 4.2.3 represents the TBU model of generation 22-23. As reported in literature, the 

final generation was modeled as a closed sac. The generation 22 has 14 alveoli attached to it 

duct. Instead of using separate alveoli, single spherical alveolus was used in generation 23. 

The total volume of 23
rd

 generation was conserved in the model by creating the ¾ spheroid 

with the same total volume as generation 23. The total volume of generation 23 was 

calculated based on the reported number of alveoli, 17 in generation 23, and the duct 

diameter. 
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Fig. 4.2.3. A representative Double Bifurcation Unit (DBU) model with alveoli for generation 22-23 

 

The final assembled full alveolar model is shown in Fig. 4.2.4. The surfaces marked with red 

are the alveoli and the surfaces marked with blue are the ducts. Only one TBU per generation 

was modeled and the TBU models for generation 19-21 and DBU model 22-23 were fitted to 

one of the outlets of the previous generation. This assumption has been proven to represent 

the whole alveolar generation provided that a symmetrical lung is assumed.  
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Fig. 4.2.4. Final assembled full alveolar model 

4.2.3 Wall motion and boundary condition 

The wall movement of the alveoli surface was modeled so that the breathing mechanism due 

to the negative alveolar pressure can be reproduced. The alveoli are assumed to deform and 

the deformation rate determines the inhalation and exhalation flow rate. The duct and 

alveolar neck are assumed to be rigid. The increase or decrease in volume of the alveoli 
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produces a differential pressure, which brings in or out air. Depending on the volume flow 

rate, a deformation vector for the alveoli was estimated to produce the required volume 

change. The increase in volume from the initial functional residual capacity (FRC) (assuming 

three-fourth of spheroid) can be represented using the following equations. 

    

  

3

3 3 3

3

3

3

FRC

FRC

V r

V dV r dr r dr r dr r dr

dV dr r dr r dr



 





      

  
 

(4.21) 

4.2.2) 

(4.2.3) 

Where FRCV
 is the alveolus volume at FRC and dV is the increase in volume due to the radial 

expansion dr. 

Assuming a symmetric dichotomous branching structure of the lung, the inhalation flow rate 

through any generation will be flow rate measured at the oral inlet divided by the number of 

airways in that generation. This can be mathematically represented using the following 

equations. 

2

inlet
g g

M
M 

 

2

inlet
g g

V
V 

 

(4.2.4) 

 

(4.2.5) 

Where inletM  is the mass flow rate at the oral inlet, gM  is the mass flow rate through the 

airway generation g,  inletV
 is the volume flow rate at oral inlet and gV

 is the volume flow rate 

through the airway generation g. 

Also, it is assumed that the airflow rate is generated due to the alveolar deformation and the 

deformation rate varies with the TBU. The alveoli in each TBU deform in order to produce 
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fraction of the oral inhalation flow rate which is equal to the total flow rate times the alveolar 

volume fraction in the TBU (Table 4.2.3). This can be mathematically represented using 

 

  23

17
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FRC TBU

TBU TBU T
FRC

g

g

V
V t V V

V


 


 

(4.2.6) 

 

 

Where 
 TBUV t

 is the instantaneous volume of the TBU at any time t, 
FRC

TBUV
 is the volume of 

the TBU at FRC and 
FRC

gV
 is the volume of the airway generation g. The alveolar volume 

fraction within a TBU is represented using 

23

17

FRC

TBU

FRC

g

g

V

V



 

The model describes how the inhaled fresh air is filled in the airways. The fresh inhaled air 

successively fills in the lung generations, starting from the most proximal airway first.  

Additionally, the individual alveolus wall deformation can be estimated by dividing the 

fractional volume flow rate per TBU with the number of alveoli in that TBU. The volume 

flow rate 

dV

dt in a particular lung generation for any given inhalation condition can be 

predetermined and hence the corresponding alveolar deformation can be estimated by solving 

equation (3) for 

dr

dt . The contraction of the alveoli was modeled by following a reverse path 

from the expanded volume to the original FRC volume at an identical deformation rate.  
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Table 4.2.3. Number of alveoli and alveolar volume fraction in the TBU 

TBU Number of alveoli Alveolar volume fraction 

16-18 84 0.03 

19-21 182 0.25 

22 25 0.27 

23 4 0.45 

 

 

As suggested by previous studies, the rhythmic expansion and contraction of the lung is 

assumed to be geometrically self-similar in nature, indicating that the deformation is similar 

in all alveoli. The presence of surfactant also helps the alveoli to expand and contract at the 

same rate. In human lung, the deformation of the alveoli depends on the inhalation volume 

flow rate and the period of inhalation and the deformation is limited after a certain period of 

inhalation. The surface tension of the surfactants and nonlinear elasticity of the lung tissue 

prohibits expansion of alveoli beyond a specific radius. In order to replicate the physiological 

breathing motion of the alveoli, the deformation of the alveoli was restricted after a specified 

increase in alveolar radius. This final radius was estimated based on the self-similar 

assumption. For an average human adult with FRC of 3000ml and total lung capacity of 

6000ml, the maximum lung deformation possible is 3000ml. Based on the self-similarity 

rule, the maximum increase in alveolar radius possible is estimated to be 0.26 times the 

initial radius. Additionally, the nonlinear alveolar tissue dynamics and the presence of 

surfactants inside alveoli may limit the stretching of the alveolar walls after the initial 



 

126 

expansion. This effect was incorporated into the model by assuming that after 500 ml of tidal 

volume, the expansion rate was reduced to half. Once the alveoli reach its maximum 

deforming capacity, the deformation rates of the alveoli in distal generations are increased 

proportionally to satisfy the required oral inhalation volume flow rate. 

4.2.4 Numerical method 

In order to reduce the computational effort and resources required for simulating the full 

alveolar model, each individual TBU/DBU were simulated independently, At the inlet of 

theses TBU/DBU, an opening boundary condition (entrainment) was applied. This boundary 

condition will ensure that the physiological breathing mechanism (air sucked in during 

inspirations and air pushed out during expiration) will be replicated. A wall deformation 

vector (depend on the TBU/DBU) was applied on the alveoli surface and rest of the airway 

wall was assumed to be rigid. At the outlet, a mass flow rate boundary condition was applied 

in such a way that the outlet mass flow rate QD and mass flow rate due to the alveolar wall 

motion QA together results in the inlet mass flow rate QG (mass flow rate per generation). 

For details regarding boundary conditions refer chapter 4.1. 

No slip boundary condition was applied at the wall boundaries (duct and alveoli) so that the 

fluid velocity matches with the wall velocity at the fluid wall interface. A user defined CEL 

functions was used to apply the wall deformation vector. 

In order to study the effects of inhalation conditions on alveolar flow pattern, constant oral 

inhalation flow rates were assumed. Simulations were conducted for rest (15 LPM), 

breathing conditions with inhalation period of 2s and 4s. Figure 4.2.5 depicts a synthetic 
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breathing profile during light activities, where a mass flow rate of 15 LPM was assumed. The 

simple breathing waveforms shown here were selected in order to compare the model 

predictions with experimental data sets in which subjects inhaled and exhaled with constant 

mass flow rates. Clearly, by controlling the alveolar-wall displacement, any inhalation wave 

forms can be simulated, which implies that the model is capable of simulating actual 

breathing patterns.  

 

 

Fig. 4.2.5. Breathing profiles depicted in terms of the changes in lung volume and the corresponding 

mass flow rates: inhalation flow rate 15 LPM and tidal volume 500 cm
3 

 

Assuming a dilute particle suspensions, one-way coupling was assumed between the fluid 

and particle phases. 20,000 particles per second were injected at the inlet of TBU 16-18 and 

particles were assumed to deposit on the walls on contact. Increasing the number of particles 

by a factor of 2 showed less than 2% difference in the results. Particles were distributed 

uniformly at the inlet with an initial velocity being the same as the inlet-air velocity. Since 
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the upstream particle distribution has a significant influence on the particle deposition in 

subsequent generations, the outlet measurements (particle distributions) from the upper TBU  

were exported at each time step to become the inlet conditions for the next generation TBUs 

and the process was continued for all TBUs attached later on. 

4.2.5 Results and discussion 

4.2.5.1 Alveolar flow pattern 

In order to study the change in flow pattern in the acinar region, the inhalation and exhalation 

process was simulated using the full alveolar model. The airflow through an alveolated duct 

depends on the rhythmic expansion and contraction rate of the alveoli.  

Inhalation 15 LPM: The flow pattern through different generations of the TBU 16-18 

during inhalation with an inhalation flow rate of 15 LPM is shown in Fig. 4.2.6. Enlarged 

view of the flow streamlines and velocity vectors inside alveolus are also displayed. The 

results indicate that airflow in the alveolus of the proximal alveolar airways is highly 

recirculating. The flow in the airway duct induces a shear flow across the alveolar mouth, 

thus generating a recirculation region in the alveolar cavity. The presence of alveoli around 

the duct produces a deflection among a small portion of duct flow into the alveolar cavity. 

The size of the alveolar cavity is very less compared to the duct diameter. Hence the amount 

of duct air entering the alveoli is also less. However, within the TBU also variation in the 

intensity of the recirculation flow was noticed. A shown in Fig. 4.2.6, the velocity vectors 

inside alveolus in generation 17 shows rotating flow while the flow inside alveolus in 



 

129 

generation 18 has a mixed radial and recirculating flow. This is due to the decreased shear 

flow through the ducts. As the generation number increases the flow is divided by half which 

in turn reduces the shear flow through the duct and hence the recirculating alveolar flow and 

increase the radial flow into the alveolus. 
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Fig. 4.2.6. Enlarged view of the flow stream lines and velocity vectors inside TBU 16-18 
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The flow pattern through different generations of the TBU 19-21 during inhalation with an 

inhalation flow rate of 15 LPM is shown in Fig. 4.2.7. An enlarged view of the flow 

streamlines and velocity vectors inside alveolus are also displayed. The results show that the 

intensity of the recirculating flow inside alveolus is decreasing while the radial flow is 

increasing. The flow inside an alveolus in generation 21 is mostly radial. Hence, it is 

expected that the mass transfer from the duct to the alveoli will increase in the distal lung 

generations.  
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Fig.4.2.7. Enlarged view of the flow stream lines and velocity vectors inside TBU 19-21 
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The flow pattern through different generations of the DBU 22-23 during inhalation with an 

inhalation flow rate of 15 LPM is shown in Fig.4.2.8. Enlarged view of the flow stream lines 

and velocity vectors inside alveolus are also displayed. The flow pattern inside the alveolus is 

fully radial. The expansion of the alveolar sac model representing generation 23 generates 

most the inhalation flow rate. Hence the flow into the alveolar sac is fully radial. However, 

the flow in these distal lung regions under the assumed inhalation flow rate of 15 LPM 

exhibit low Reynolds number quasi-steady characteristics. 

 

 

 

 

 

Fig.4.2.8. Enlarged view of the flow stream lines and velocity vectors inside DBU 22-23 

 

 



 

134 

Exhalation 15 LPM: The flow pattern during the exhalation phase is almost identical to the 

inhalation phase for all TBUs and DBU. However, the flow direction is causing the flow to 

exit the alveolus and merge to the duct flow. The flow pattern through different generations 

of the TBU 16-18, TBU 19-21 and DBU 22-23 during exhalation with an expiratory flow 

rate of 15 LPM is shown in Fig.4.2.9 to Fig.4.2.11. 
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Fig.4.2.9. Enlarged view of the flow stream lines and velocity vectors inside TBU 16-18 
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Fig.4.2.10. Enlarged view of the flow stream lines and velocity vectors inside TBU 19-21 

 

 

 

 



 

137 

 

 

                                                                                        

 

Fig.4.2.11. Enlarged view of the flow stream lines and velocity vectors inside DBU 16-18 
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4.2.5.2 Particle transport and deposition 

The trajectories of the particle with diameter 3 𝜇𝑚 and 5 𝜇𝑚 were simulated using the full 

alveolar model. The simulations were conducted at an oral inhalation flow rate of 15 LPM 

with tidal volumes 500ml and 1000ml (inhalation period of 2s and 4s). The flow rate was 

assumed to be constant during inhalation and exhalation. The gravity was assumed to act in 

the negative z direction (the axis is shown in Fig.). This assumption will ensure that gravity is 

neither acting in the direction of flow nor normal to the flow. Both these cases will lead large 

bias in particle deposition due to the high influence of gravity on particle deposition in the 

alveolar airways. Hence, the current assumption will represent a generalized case in which an 

average of the both situations is represented. 

Inhalation 15 LPM: The particle deposition results for 3 𝜇𝑚 and 5 𝜇𝑚 cases during 

inhalation phase are shown in Fig.4.2.12. The number of particles deposited is higher in the 

mid alveolar airways compared to other airway generations. The results show that as the 

inhalation tidal volume increases more number of particles are being pulled into the distal 

lung airways and hence the deposition in these distal lung regions increases. The deposition 

in the proximal alveolar region (generation 16 to 18) is constant for all the inhalation 

conditions. This is noticed for both 3 𝜇𝑚 and 5 𝜇𝑚 cases. However, increase in particle 

deposition in all lung generations was observed with an increase in the particle diameter. The 

results indicate that the increase in particle lung deposition with an increase in inhalation 

tidal volume is mostly due to the increased deposition in distal alveolar airways.   
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Fig.4.2.12. Particle deposition results for (a) 3 𝜇𝑚 and (b) 5 𝜇𝑚 case during inhalation phase 

 

The location of the deposited particles (3  ) in the full alveolar model during inhalation phase 

with a tidal volume of 1000ml is shown in Fig.4.2.13. The results indicate that majority of 

the particles are deposed due to gravitational sedimentation. 
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Fig.4.2.13. Location of the deposited particles (3 𝑚 ) in the full alveolar model during inhalation 

phase with a tidal volume of 1000ml   
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Exhalation 15 LPM: The particle deposition results for 3 𝜇𝑚 and 5 𝜇𝑚 cases during 

exhalation phase are shown in Fig.4.2.14. As observed during the inhalation phase, the 

particle deposition is higher in the mid alveolar airways and the proximal alveolar airways. 

Contrary to the deposition results during inhalation phase, the particle deposition is higher 

when the inhalation tidal volume is lower. This can be attributed to the large number of 

suspended particles in the airways. These suspended particles are mostly particles that are 

being inhaled during the final inhalation phase. Due to the low inhalation flow rate, they 

reach the mid alveolar airways and during the exhalation phase these particles tend to deposit 

in the proximal alveolar airways due to gravitational sedimentation.  

 

 

 

 

 

 



 

142 

 

 

Fig.4.2.14. Particle deposition results for (a) 3 𝜇𝑚 and (b) 5 𝜇𝑚 case during exhalation phase 
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4.2.5.3 Total alveolar deposition 

The total acinar particle deposition results during a full breathing cycle are plotted in Fig. 

4.2.15. The number of particles remained in suspension at the end of the first inhalation cycle 

is less than 0.5% for inhalation with 500ml tidal volume and 0.1% for inhalation with 

1000ml tidal volume. Therefore only one breathing cycle was simulated. It is evident from 

the results that, an increase in the inhalation tidal volume and/or an increase in particle 

diameter will result in increased acinar deposition.  

 

 

Fig. 4.2.15. Total acinar particle deposition results during a full breathing cycle 
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4.2.6 Conclusions 

A physiologically accurate whole acinar model was developed which can efficiently simulate 

physiological breathing mechanism and predict alveolar flow pattern and particle deposition. 

The simulations showed that the alveolar flow pattern depends on the location of the alveoli. 

The dominating flow mechanism for alveoli present in the proximal lung generations is the 

recirculating flow. In the mid alveolar lung generations, intensity of the recirculating flow 

inside the alveolus is decreasing while the radial flow is increasing. In the distal alveoli, the 

flow pattern is completely radial. The particle simulation results indicate that the particle 

deposition depend on the inhalation conditions and particle size. The particle deposition rate 

in the alveolar region increased with increasing inhalation tidal volume and particle diameter. 

The particle diameters considered for the current study are typical sizes of pharmaceutical 

pulmonary medicines. As reported in chapter 5.1, the key mechanism for micrometer sized 

particle deposition in the alveolar lung airways is gravitational sedimentation and the 

interplay between wall motion and sedimentation significantly increase the deposition. 

However, it should be noted that these are the deposition results without considering the 

deposition in the upper airways and the extrathoracic airway, which may filter out many of 

the micrometer particles before reaching the alveolar region. 

The primary objective of this work was to show the modeling framework for a 

physiologically realistic whole acinar model. In future, the influence of inhalation flow rate 

and orientation of gravity vector may be analyzed. The limitations of this study  includes, the 

assumption of symmetric alveolar airways and the assumption of the shape and size of the 

alveoli, There are several studies which have considered polygonal shapes. However, not 
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many studies have focused on variation of alveolar size with respect to the generation. 

Hence, future study should focus on adapting the current model to accommodate these 

limitations. 
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CHAPTER 5 

 

Whole Lung Airway Model II  
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5.1 Single-path and two-path models 

5.1.1 Introduction 

Respiratory drug delivery is becoming an increasingly popular way of administering 

medicine. It is efficient for treating both pulmonary and systemic pathogenic conditions as 

discussed in [85, 138, 139]. Respiratory drugs are administered to the lungs with the inhaled 

air using an inhaler device, as discussed in [140-143]. Scientific measurements to predict the 

lung dosage and device function are required for new inhaler devices. New or generic drugs 

have to be bio-equivalent before approval for clinical application. The most common way of 

measuring the amount of drugs deposited in the lung airways are in vitro tests using idealized 

oral cavity models and assuming that the particles exiting the oral cavity deposit in the lung 

airways [150-152]. Clearly, these measurements cannot provide detailed total and regional 

lung deposition/dosage measurements. Alternatively, in vivo experiments using radio-nuclide 

imaging (via gamma scintigraphy and positron emission tomography) and/or 

pharmacokinetic studies were used [147, 153, 154]. For radionuclide imaging the active 

therapeutic agents are labeled with a radionuclide before inhalation by the subject. After 

administration of the radiolabeled drug formulation using the device, the different views of 

the lung are captured using a gamma camera [147, 155, 156]. In pharmacokinetic 

measurements, the amount of drugs deposited in the lungs is estimated based on the amount 

of drugs measured in blood and urinary samples, collected from the subjects after 

administration of the drugs [153, 157, 158]. There are many limitations for these two 

measurement techniques; both techniques need human subjects and these techniques involve 
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either inhalation of radioactive materials or requiring blood and urinary samples during 

intervals of time. The radionuclide image measurement method is further complicated due to 

the limited ability to radiolabel drug formulations without varying the aerodynamic 

properties. However, the gamma scintigraphy image can provide direct image visualization 

and an approximate whole-lung and regional deposition measurements [138, 154, 159, 160]. 

In case of the pharmacokinetic measurement method, only an approximate estimate of total 

lung deposition is possible; thus, without any information regarding the deposition sites. 

Recently, there has been an effort to combine single-photon-emission-computed-tomography 

(SPECT) image of deposited radio-labelled drugs with high resolution computed-tomography 

(CT) scan images of the same subject to accurately estimate the deposition sites [133, 134, 

161]. However, due to the limited resolution of airway imaging via CT and SPECT, 

associated with long processing times, detailed lung anatomical mapping is not possible 

except for few upper bronchial airways. Considering all these limitations of the experimental 

and in vivo measurement methods, computational analysis has significant advantages as it is 

safe as well as time and cost efficient [26, 67, 98, 149, 162-164]. Once validated, computer 

simulations can provide detailed total and regional particle-deposition results which are of 

interest to toxicologists, health-care providers and inhaler-manufacturers alike [165-167]. 

Due to the sheer complexity of the lung morphometry, it is unfeasible to model the lung 

breathing process in its full scale. Hence alternate simplistic models are developed to analyze 

and predict airflow and particle transfer through the respiratory tract. Most previous works on 

total lung aerosol deposition have focused on either one-dimensional model or trumpet 

models. Popular approaches for simulating inhaled particle deposition are the semi-empirical 
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models [28], ICRP model [77],  “trumpet” model [78], deterministic single- and multiple-

path models [79, 80, 100], and stochastic multi-path lung models [81, 82]. Hofmann [68] 

recently reviewed the applicability of these models by comparing the predicted deposition 

efficiencies of inhaled monodisperse particles with available experimental results. The 

simplified deposition models are still popular because of their easy implementation and low 

requirements of computational resources. However, the computed deposition results are not 

predictive, being based on simple inlet conditions and semi-analytical correlations for the 

deposition mechanisms [68]. Hence, such models may not be able to predict realistically the 

drug inhalation conditions from inhaler devices, where inhaler mouth pieces, high 

momentum flow and dense drug-suspensions may significantly affect the air-particle flow to 

the lung. As an example, the modeling results by Katz et al. [83] did not provide successful 

comparison with in vivo deposition results, due to the model’s inability to successfully 

capture the complex secondary flow structures and resultant particle deposition in the extra-

thoracic airways. Additionally, processes like drug evaporation/condensation, agglomeration, 

aerosol atomization and drug-wall interactions cannot be easily incorporated into these 

simplified models without additional corrections which again require experimental data. 

While a few reduced whole-lung models have focused on these topics, these models may not 

be suitable for predicting complex particle dynamics when inhalers are used [101-105]. 

These limitations can be overcome by employing computational fluid-particle dynamics (CF-

PD) techniques, i.e., a modeling approach in which the laminar/turbulent airflow and particle 

transport/deposition are simulated based on the solution of suitable transport equations [84, 

85]. However, the sheer complexity of the human lung, featuring a total of 16 million 
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complex airways, prohibits full-scale computer simulations of the fluid-particle dynamics for 

the entire respiratory system [98]. Additionally, realistic airway configurations are currently 

restricted to the few upper airway generations since lower airway configurations are not easy 

to reconstruct due to the limited resolution of the scanned images [29]. Nevertheless, even 

CF-PD simulations covering only mouth/nose to generation 4 are computationally taxing and 

time consuming. Examples of multiscale hybrid modeling have been provided by several 

research teams [34, 74, 88, 106]. However, their focus was on applying appropriate boundary 

conditions, while detailed particle dynamics modeling was not conducted. Additionally, most 

of the previously reported extensive CF-PD lung models either considered steady-state 

inhalation conditions [98] or focused on the tracheobronchial airways only [29, 68, 71], or 

assumed inhalation-phase alone [26]. The objective of this study was to develop a three-

dimensional Whole Lung Airway Model (WLAM II) which can realistically simulate airflow 

through the lung airways under physiological inhalation conditions and predict and particle 

transport/deposition of inhaled particles in the lung airways.  

5.1.2 Model geometry 

The sheer complexity of human lung airways prohibits full-scale computer simulations of air-

particle flow in the entire respiratory system. Hence, an alternate computer simulation model 

for lung airflow and particle transport with physiological boundary conditions was developed 

using a representative whole lung model to predict the particle transport and deposition 

during breathing. The model geometry consists of subject-specific upper airways (from 

nose/mouth to, say, generation 3 in 3-D) which are connected to adjusted triple bifurcation 
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units (TBUs), in series and parallel to cover the remaining generations,  based on 

morphometric measurements of human lung casts [223]. TBUs are used to extend the 

geometry from upper airway because the influence of bifurcating geometry (carinal ridge) on 

particle deposition can be better captured (see Fig. 5.1).  

 

 

Fig. 5.1. Schematic representation of scaled Triple Bifurcation Unit (TBU) models connected in 

series and parallel (TBUs are scaled down to match the outlet diameter with the inlet diameter of the 

successive TBU)  

 

The combined nasal-oral upper airway geometry is shown in Fig. 5.2a. The nasal airway 

geometry was developed from a magnetic resonance imaging (MRI) scan of a healthy male. 

The oral airway model was developed by scanning a wax model using NextEngine’s Desktop 

3D Scanner. The human airway wax replica is the same one as used by [120] for their 



 

152 

experiments. The oral airway consists of oral cavity, oropharynx, and larynx. The 

tracheobronchial part of the upper airway model has trachea with three generations of 

bronchial airways. The tracheobronchial part has been trimmed to get a Triple Bifurcation 

Model (TBU) with eight outlets at generation three. Based on the hydraulic diameter at the 

tracheobronchial airway outlets, the irregular outlet cross-section has been modified to 

circular cross-section. 

 

                

Fig. 5.2. (a) Human nasal-oral upper airway model, (b) representative TBU 

 

Bronchial airway configurations are not easy to reconstruct from scanned images due to the 

limited resolution. Hence idealized lung geometrical models were developed based on 
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morphometric measurements of human lung cast. A representative TBU model is shown in 

Fig. 5.2b. The TBUs were used to represent generation 4 to 15. 

The alveolar region of the lung was modeled by attaching spherical alveoli to the TBU units. 

The alveoli attached TBU units were developed using computer aided design software Solid 

Works. A cylindrical projection from the lumen was used to anchor the spherical alveolus to 

the duct. The final alveolus has a ¾ spheroid shape. The dimensions of the TBU units and the 

alveolar cavities were based on the morphometric measurements of [2, 223] Figure 5.3a and 

5.3b shows TBUs with alveoli for generation 16-18 and 19-21 respectively. The geometrical 

dimensions of the TBUs are given in detail in Chapter 4.2. [224]. 

 

 

Fig. 5.3. (a) TBU model with alveoli for generation 16-18, (b) TBU model with alveoli for generation 

19-21 
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The last two generations of the lung model were represented using a Double Bifurcation Unit 

(DBU) with alveoli attached to the first bifurcation geometry and four alveolar sacs attached 

to the outlet of the second bifurcation, which is formed by cluster of alveoli. The alveolar sac 

in the whole lung model was modeled using spherical alveolus (Fig. 5.4) which has the same 

volume as per the morphological data for generation 23 [2]. 

 

 

Fig. 5.4. Alveolar sac model for generation 22-23 

 

 

Single-path whole lung model: In a single-path whole lung model only one outlet of the 

upper airway model has been extended by attaching TBUs in series (see Fig. 5.5). In order to 

quantify the average particle deposition in a whole lung model, the outlet which was 

extended is the median diameter outlet compared to all other outlet diameters at generation 

three. Hence the attached TBUs have an average diameter and each TBU will be a 

representative model.  
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Fig. 5.5.  Single-path whole lung model 

 

Dual-path whole lung airway model: In a dual-path whole lung model two outlets of the 

upper airway model have been extended by attaching TBUs in series (see Fig. 5.6). In order 

to quantify the average particle deposition in a whole lung model, two outlets which were 

extended, are the median diameter outlets compared to all other outlet diameters at 
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generation three in the left and right lung respectively. The right lung path is smaller in 

dimension than the left lung path. This model can predict the differences in particle 

deposition in the left and right lungs.  

 

 

Fig. 5.6.  Dual-path whole lung model 
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5.1.3 Wall deformation and boundary conditions 

Assuming that the extrathoracic airways and the conducting airways are rigid and only 

alveolar airways deform during breathing, the volume flow rate for the whole lung model 

was maintained due to wall motion of the alveoli in generation 17-21 and alveolar sac 

representing generation 22-23. The details on alveolar wall deformation and modeling 

approach are given in chapter 6.  

5.1.4 Numerical methods 

It is not feasible to model a complete lung with all tracheobronchial airways and acinar 

airways using the current computational resources. Hence, in this study, a simplified single 

path and dual path geometrical configuration was used to replicate the whole lung. Only one 

TBU per generation per path was modeled. Hence, the airways are truncated from generation 

3 onwards except for outlets where the TBUs are attached. In order to reduce the 

computational effort and resources required for simulating the whole lung model, each 

individual TBU/DBU were simulated independently (divide and conquer approach). For 

simulating inhalation phase, at the inlet of each TBU/DBU, an opening boundary condition 

(entrainment) was applied and at the outlet a mass flow rate boundary condition was applied. 

For the extrathoracic model, the mass flow rates through the outlets were divided based on 

the ratio of each outlet area to the total outlet area (similar to the Horsfield flow division 

[10]). This boundary condition will ensure that the physiological breathing mechanism (air 

sucked in during inspirations and air pushed out during expiration) will be replicated. During 
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exhalation, the outlets were converted to an inlet boundary and identical mass flow rate 

boundary condition was applied. The Shear Stress Transport (SST) k-ω turbulence model 

was employed to simulate the laminar as well as turbulent flow regimes in the upper lung 

airways up to generation 6 and a laminar model was used modeling airflow in other lung 

generations (refer chapter 2 and ANSYS 15.0 CFX-Solver Modeling Guide [91]). 

A wall deformation vector (depend on the alveolar TBU/DBU) was applied on the alveoli 

surface and rest of the airway wall was assumed to be rigid. In order to study the effects of 

inhalation conditions on alveolar flow pattern, constant oral inhalation flow rates were 

assumed (refer chapter 6 for inhalation profiles and details). No slip boundary condition was 

applied at the wall boundaries (duct and alveoli) so that the fluid velocity matches with the 

wall velocity at the fluid wall interface. A user defined CEL (CFX Expression Language) 

functions was used to apply the wall deformation vector. 

Assuming a dilute particle suspensions, one-way coupling was assumed between the fluid 

and particle phases. 50,000 particles per second were injected at the oral inlet and particles 

were assumed to deposit on the walls on contact. A particle independent study was conducted 

to ensure that the results are independent of the number of particles injected per second. 

Increasing the number of particles by a factor of 2 showed less than 2% difference in the 

results. Particles were distributed uniformly at the oral inlet with an initial velocity being the 

same as the inlet-air velocity. Since the upstream particle distribution has a significant 

influence on the particle deposition in subsequent generations, the outlet measurements 

(particle distributions) from the upper TBU  were exported at each time step to become the 

inlet conditions for the next generation TBUs and the process was continued for all TBUs 
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attached later on. A particle injected into a domain (can be oral-upper airway model or any 

TBUs) will either deposit or remain suspended in the domain or exit the domain. The particle 

exited per time step was re-injected into the subsequent TBUs. During exhalation the 

simulation started from the distal DBU and upwards. The exhalation continued from the end 

of the inhalation in each domain, so that the suspended particles will be again tracked from 

their last position. This modeling approach will provide detailed results for the number of 

particles deposited; remain suspended and exited from the whole lung domain. If the number 

of particles remain suspended in the domain is more than 2 %, the breathing cycle is 

repeated. The simulation was stopped when the number of particles remain suspended in the 

domain was less than 2 %, and the suspended particles were assumed to deposit following the 

same deposition fraction as in the previous cycle. The remaining particles are assumed to exit 

after the corresponding cycle.  

5.1.5 Experimental data set 

Heyder [119] calculated the particle deposition in normal subject lungs for different particle 

diameters and inhalation conditions. The subjects were asked to breathe through nose and 

mouth under constant respiratory flow rates without pauses. Table 5.1 lists the experimental 

deposition results for mouth breathing condition at 15 L/min (LPM). Based on their study, it 

has been concluded that, the total lung deposition fraction is independent of the subject lung 

volume. Their results indicate that the particle deposition in lung is governed by time-

dependent mechanisms. As the tidal volume increases the total lung deposition increases, 

indicating deposition is highly influenced by the residence time of particles inside lung 
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airways. As the residence time increases the deposition increases. From the experimental 

study it has been concluded that, even though the total residence time for particles in the lung 

is more at higher tidal volumes, the deposition in the upper tracheobronchial airways is 

constant. It is because of the constant residence time and flow rate at the upper 

tracheobronchial airways. But the total lung deposition increases with the tidal volume 

because of the increase in pulmonary deposition.  

Table 5.1. Experimental deposition results from Heyder [119] for mouth breathing condition at 15 

L/min (LPM) 

Tidal volume 3 𝛍𝐦 diamter 

500 ml 0.44 

1000 ml 0.67 

 

5.1.6 Results and discussion 

The whole lung model was used to study two inhalation conditions: inhalation flow rate of 15 

LPM with tidal volume 500 ml (inhalation phase 2s followed by 2s exhalation) and 

inhalation flow rate of 15 LPM with tidal volume 1000 ml (inhalation phase 4s followed by 

4s exhalation). The inhalation flow into lung airways was modeled by applying an expanding 

wall boundary condition on alveoli. A displacement function was created to get required flow 

rate at the alveolar generations and thereby at the oral inlet.  
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5.1.6.1 Air flow 

 Flow fields for the oral-upper airway model for an inhalation flow rate of 15 L/min were 

simulated. Figure 5.7 shows the flow stream lines which provide a quantitative visualization 

of the flow behavior, captured by following massless particles released from oral inlets. As 

the flow proceeds from the oral cavity to the oropharynx, several secondary flow structures 

including recirculation and flow detachment were noticed because of the change in flow 

direction. Due to the sudden geometric constriction at the glottis, an asymmetric high-speed 

laryngeal jet was developed. The laryngeal jet produced a recirculation zone near the anterior 

wall of the upper trachea. Also the curved geometry of the epiglottis produced secondary 

vortical structures. Due to the secondary flow structures, the velocity profile in the trachea is 

skewed towards the anterior part. Once the flow advances in the trachea, the velocity profile 

is redistributed by the secondary motion, producing a parabolic profile. Flow separation and 

recirculation was noticed in the bronchial airway bifurcation regions. The flow profile and 

secondary flow structures in the daughter branches of the bronchial airways were found to 

vary with the bifurcation angle and daughter tube diameters. 
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Fig. 5.7. Flow stream lines through the oral-upper airway model for an inhalation flow rate of 15 

L/min  

 

For the dual-path whole lung airway model, two outlets of the combined nasal-oral upper 

airway model (one outlet from right lung lobe and left lung lobe) were selected and the 

scaled TBUs were connected to these outlets to simulate the particle transport, distribution 

and deposition in the bronchiolar airways. Figure 5.8 depicts the flow stream lines through 

the TBUs representing generation 4-15 started from outlet 3 and outlet 7 of the oral-upper 
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airway model. The inlet condition for this TBU was obtained from respective outlets of the 

oral-upper airway model. Since the diameters of the bronchiolar airways of the oral-upper 

airway model were different, the flow rates through each outlet were also different. So the 

attached TBUs also had different inlet flow rates. This helped in calculating an average 

deposition data for left and right lung based on different bronchiolar airway diameters. 

Secondary flow structures were noticed near the vicinity of bronchial bifurcations. The 

velocity profile changed significantly down the bifurcation. Change of cross section causing 

adverse pressure gradient and curved geometry drives the fluid towards the inner wall, 

producing skewed velocity profile with maximum velocity near the inner wall. As the flow 

proceeds from the bifurcation, fluid from the center line where the velocity is high, move 

towards the inner wall of the bifurcation. This secondary motion can be attributed to the 

curvature of the daughter tubes. As the daughter tubes become straight, the secondary motion 

damps out and the velocity profile changes back to parabolic distribution. Hence the divide 

and conquer approach for the whole long modeling will not have any influence on the airflow 

pattern and particle transport. 
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Fig. 5.8. Flow stream lines through the TBUs of the dual-path WLAM for an inhalation flow rate of 

15 L/min  
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5.1.6.2 Whole lung particle transport and deposition 

The trajectories of the particle with diameter 3 𝜇𝑚 were simulated using the single- and dual-

path whole lung airway model. The gravity was assumed to act in the negative z direction 

(the axis is shown in Fig.5.1). The particle transport simulation was continued until the 

number of particles remained in suspension in the domain at the end of the exhalation cycle 

was less than 2%.   

Total and segmental lung deposition: The total and segmental particle deposition results 

are highly desirable for toxicological studies as well as for impact analyses of administered 

drug-aerosols. More than 90% of the particle deposition was observed in the bronchoalveolar 

region of the lung. The total and segmental lung deposition results are compared with the 

human in vivo deposition results reported by Heyder [119]. 

15 LPM with tidal volume 500ml: The comparison of the model predicted results with the 

experimental results are shown in in Fig. 5.9. The results show that the results predicted by a 

dual-path whole lung model are reasonably accurate than a single-path. It indicates that the 

model prediction can be improved by adding additional path which will allow improved 

resolution of particle transport through different lung lobes. Compared to the in vivo total 

lung deposition results, single-path model prediction were off by 14 % and dual-path by 

10%. In another published result by the same group (Heyder [225]), the total lung deposition 

has shown a standard deviation of 6%, indicating that the current dual-path whole lung model 

predictions are excellent.  
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Fig. 5.9. Total and segmental particle deposition results in (a) single- and (b) dual-path whole lung 

models for an inhalation tidal volume 500ml 
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15 LPM with tidal volume 1000ml: Similar deposition trend was observed when the 

inhalation tidal volume was increased to 1000ml. However, the total lung deposition was 

increased by almost 20%. The comparison of the model predicted results with the 

experimental results (in Fig. 5.10) shows that the results predicted by a dual-path whole lung 

model are reasonably accurate. Compared to the in vivo total lung deposition results, single-

path model prediction were off by 12 % and dual-path by 7%. This error in model prediction 

could be because of unresolved flow paths in the upper lung lobes which are positioned 

against the gravity. Additionally these lung lobes are smaller in dimension compared to the 

left lung lobe considered for extension. Hence increased particle deposition can be expected 

in these lung lobes. In another published result by the same group (Heyder [225]), the total 

lung deposition has shown a standard deviation of 3%, indicating that the current dual-path 

whole lung model predictions are excellent. 
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Fig. 5.10. Total and segmental particle deposition results in (a) single- and (b) dual-path whole lung 

models for an inhalation tidal volume 1000ml 
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5.1.6.3 Segmental lung deposition results 

15 LPM with tidal volume 500ml: For 15 LPM with tidal volume 500 ml, two breathing 

cycles were simulated to ensure that the number of particles remained in suspension in the 

domain were below 2%.  

During inhalation: The regional deposition results during the inhalation phase in single- and 

dual-path whole lung models are plotted in Fig. 5.11. The results indicate that the number of 

particles deposited is higher in the distal alveolar airways compared to other airway 

generations. However, due to the short inhalation period, only limited number of particles 

reached the final alveolar DBU model. In the dual-path model higher number of particles was 

transported to the distal sac model of the left lung than in the right lung. The number of 

particles deposited in each TBU domain during inhalation cycle 1 is more than that during 

inhalation cycle 2. The deposition trend in both cycles was similar except for the DBU sac 

model. In the DBU sac model, more particles were deposited in the second inhalation cycle. 

This indicates that the suspended particles after the inhalation cycle 1 are carried into the 

distal lung regions during the subsequent breathing cycles.  
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Fig. 5.11.  Regional deposition results during the inhalation phase in (a) single- and (b) dual-path 

whole lung models 
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During exhalation: The regional deposition results during the exhalation phase in single- 

and dual-path whole lung models are plotted in Fig. 5.12. The results indicate that the 

number of particles deposited is higher in the distal alveolar airways compared to other 

airway generations. The particle deposition in the distal DBU sac model is higher during 

exhalation cycle 2 than in exhalation cycle 1. It indicates that more numbers of particles have 

reached these distal alveolar regions during subsequent breathing cycles. The number of 

particles deposited in each TBU domain during inhalation cycle 1 is more than that during 

inhalation cycle 2. In the dual-path model higher number of particles was transported to the 

distal sac model of the left lung than in the right lung. The deposition trend in both cycles 

was similar except for the DBU sac model. In the DBU sac model, more particles were 

deposited in the second inhalation cycle. 
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Fig. 5.12. Regional deposition results during the exhalation phase in (a) single- and (b) dual-path 

whole lung models 
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15 LPM with tidal volume 1000ml: For 15 LPM with tidal volume 1000 ml, most of the 

particles exited the lung during the first breathing cycle itself. Hence, only one breathing 

cycle was simulated, and the number of particles remained in suspension in the domain were 

below 2% at the end of exhalation.  

During inhalation: The regional deposition results during the inhalation phase in single- and 

dual-path whole lung models are plotted in Fig. 5.13  The results shows that as the inhalation 

tidal volume increases more number of particles are being pulled into the distal lung airways. 

Due to the increased particle residence time, the deposition increased in the distal alveolar 

region significantly. The deposition trend is identical to that with inhalation tidal volume 

500ml except at the distal DBU sac model where significantly high deposition was noticed. 

Similarly, the regional deposition is identical in the single-path and dual-path whole lung 

models except at the distal DBU sac model where significantly high deposition was noticed 

for the dual-path whole lung model. This indicates that small lung lobes will have higher 

deposition in the distal alveolar generations. 
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Fig. 5.13. Regional deposition results during the inhalation phase in (a) single- and (b) dual-path 

whole lung models 
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During exhalation: The regional deposition results during the exhalation phase in single- 

and dual-path whole lung models are plotted in Fig. 5.14. Significantly high deposition was 

noticed in the distal DBU sac model compared to the exhalation with tidal volume 500ml. 

 

 

 

Fig. 5.14. Regional deposition results during the exhalation phase in (a) single- and (b) dual-path 

whole lung models 
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5.1.7 Why alveolar sac model and why transient over steady state? 

The expansion and contraction of the alveolar sacs causes inhalation of air into lungs. The 

travel distance of the flow wave front depends on the breathing frequency and flow rate, 

which means if the frequency is lower; the flow front will get more time to reach the inner 

lung airways. If the breathing frequency is higher, the inhalation time will be lesser and 

hence the flow will be exhaled out before reaching the inner lung airways. The particle is 

transported corresponding to the flow front. Hence the number of particles reaching the inner 

alveolar sacs will be higher for breathing with long inhalation time. This is better modeled 

using the alveolar sac model at the peripheral airway generations. If an airway with an outlet 

was used to model the final generation, the flow would have been let out of the geometry and 

hence the particles, which is not realistic. Hence alveolar sac model better predicts the 

particle transport. 

In a steady state simulation, the particles are injected without any injection timing. Hence the 

deposition will be same irrespective of the breathing frequency. Also an alveolar sac model 

cannot be used under steady state condition.  

The following figure explains the particle transport through the alveolar sac model. The 

particle track is displayed in the DBU sac model for the single-path whole lung model during 

inhalation with tidal volume 1000ml. The particles reached the generation only after 1.8s, it 

can be noticed that the particle velocity is very low or the particle residence time is very high 

in the alveolar generations. At t = 2s only a limited number of particles reached the DBU. As 

simulation time increases more number of particles reaches the sac wall. It means the 

inhalation time controls the particle deposition and as the inhalation time increases, the 
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particle deposition increases. This explains the reason for higher particle deposition under 

high tidal volume. 

 

 

 

Fig. 5.15.  Particle transport in alveolar DBU model at t= 2s, 3s, 4s 

3s 

4s 

 

 

 

2s 



 

178 

5.1.8 Limitations of the current model 

A major shortcoming of the current numerical study is the approximation of the bronchial 

and alveolar airways. The lung airway bifurcations were assumed to be symmetrical within a 

resolved lung path. Lung airways are actually asymmetric and nonplanar, which can 

influence both fluid flow and particle distribution. Another limitation of the current model is 

that the displacement function for the alveolar geometries should be predetermined. Also, the 

influence of breath hold on particle deposition was not considered in this study. Another 

limitation of the model is that intersubject and intra-subject variability in lung morphometric 

measurements has not been considered yet. However, the dimensions of the lung airways at 

the same generation in dual-path whole lung model are different. Hence, the model is 

incorporating different lung data to represent intra-subject variability. 

5.1.9 Future work 

The primary objective of this work was to show the modeling framework for a 

physiologically realistic whole acinar model. In future, the influence of inhalation flow rate 

and orientation of gravity vector, non-planar lung extensions may be analyzed. In an 

extension of the dual-path configuration, a five-path WLAM III can be developed; again, 

with attached TBUs extending from multiple outlets of the upper airway model in order to 

quantify particle deposition in five lung lobes (see Fig. 5.16). The results from single-path 

and dual-path study indicate that the accuracy of the model results was improved by 

incorporating additional lung paths. Hence, CF-PD analyses employing a quintuple –path 
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WLAM will help to understand the effects of intra-subject variabilities on airflow 

characteristics and drug aerosol deposition per generation of especially small airways in 

different lungs and lung lobes.  

 

 

Fig. 5.16.  WLAM III (multi-path whole lung model) 
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5.1.10 Conclusion 

In this study, a detailed, physiologically realistic whole lung model (WLAM II) was 

developed. In WLAM II, a more realistic approximation of the human lung was achieved by 

using geometric data sets for subject-specific human upper airways, typically from 

nose/mouth to generation three, with triple bifurcation units (TBUs) attached to capture a few 

additional generations. Specifically, the model geometry consists of subject-specific upper 

airways in 3-D, which are connected to geometrically and flow-rate adjusted TBUs plus the 

alveolar model in series and parallel - all based on morphometric measurements of human 

lung casts. So, the TBUs are used to extend the geometry from the 3-D upper airways to 

simulate the local airflow and hence capture the influence of the bifurcating geometry 

(carinal ridge) on particle deposition. In this new whole-lung model, the alveolar movement 

was applied on the alveoli surface to control any given inhalation and exhalation waveform, 

and hence physiological lung breathing mechanism was captured. The model accounts for 

lung airway resistances in series and parallel and thereby effectively models the upstream 

velocity profiles which depend on downstream airway resistances. The airflow and particle 

transport through the lung airways were successfully simulated and analyzed, using 

computational fluid-particle dynamics. Total and regional particle depositions were 

calculated and validated with experimental lung deposition data. These model results indicate 

that large number of particles is deposited in the distal alveolar airways compared to the 

upper conducting airways. The model predicted results also indicate that for short inhalation 

under light breathing conditions, multiple breathing cycles are required to exhale the 
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particles. These results provide critical insight into aerosol transport and deposition in lung 

airways. 
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6.1   General conclusions 

Epidemiological and pathological studies of occupational and environmental exposures 

indicate that particulate matter (PM) can cause detrimental effects on human health. 

Accumulation and retention of toxic particles can result in serious lung diseases, including 

inflammatory effects and may even lead to lung cancer. Adverse cardiovascular and 

respiratory problems have been linked to inhalation of high mass concentration of PM. At the 

same time, respiratory drug delivery is becoming an increasingly popular way of 

administering medicine. It is efficient for treating both pulmonary and systemic pathogenic 

conditions. Thus, investigations related to the deposition and removal of inhaled particles are 

of great importance because mathematical models and associated computer simulations, 

which can predict realistic particulate lung burden for specific parameters of exposure 

conditions, can offer valuable assistance in epidemiological, toxicological and pathological 

inhalation studies and in developing new preventive strategies. This study was conducted to 

further our understanding and in providing toxicological and pharmacological assessment of 

inhaled aerosols using two Whole Lung Airway Models.  

In this study, a new whole lung-airway model (WLAM I) was introduced. In WLAM I, the 

actual lung geometry was first represented by a basic 3-D mouth-to-trachea configuration and 

then all subsequent airways were lumped together, i.e., reduced to an exponentially 

expanding 1-D conduit. This new whole-lung model combines the advantages of the 

simplified lung deposition models and the CF-PD model. The diameter for each generation of 

the 1-D extension can be obtained on a subject-specific basis from the calculated total 

volume which represents each generation of the individual. The alveolar volume was added 
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based on the approximate number of alveoli per generation. A wall-displacement boundary 

condition was applied at the bottom surface of the WLAM I so that any breathing pattern due 

to the negative alveolar pressure can be reproduced. Specifically, different 

inhalation/exhalation scenarios (rest, exercise, etc.) were implemented by controlling the 

mesh displacement to simulate realistic breathing cycles in the WLAM I. Similar to the 

expansion and contraction of the thoracic cavity, the WLAM I-volume expands and 

contracts, thereby producing pressure differences resulting in realistic inhalation and 

exhalation flow waveforms. The WLAM I is able to capture the transient airflow and particle 

behavior under realistic breathing conditions, providing total as well as regional particle 

deposition results. By assuming a closed geometry, the model is replicating the human lung 

action while breathing. The total and regional particle deposition results under transient 

conditions were compared with measured in vivo deposition results. The validated WLAM I 

was then used to analyze particle transport and deposition in a human respiratory tract 

configuration when an anti-inflammatory drug was inhaled from a commercial DPI. The drug 

considered was curcumin, which is a polyphenol compound present in Curcuma longa plant 

(commonly known as turmeric) which is largely cultivated in subtropical Asian countries. 

Recent investigations have shown that curcumin possess high therapeutic potential as an 

antioxidant, anti-inflammatory and anti-cancer agent. More recent studies have reported that 

curcumin has the therapeutic potential to inhibit lung inflammatory reactions and 

additionally, curcumin has shown to possess potential to reverse steroid resistance in patients 

with asthma and COPD. The efficacy of the DPI to administer curcumin dry powder to lung 

airways was evaluated in terms of total and regional lung-deposition efficiencies. The model 
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results provide critical insights regarding drug aerosol transport and deposition in lung 

airways, where the observations can be used to improve inhaler device design and drug 

formulation in terms of best physical properties. 

In WLAM II, the model geometry consists of subject-specific upper airways in 3-D, which 

are connected to geometrically and flow-rate adjusted TBUs plus the alveolar model in series 

- all based on morphometric measurements of human lung casts. So, the TBUs were used to 

extend the geometry from the 3-D upper airways to simulate the local airflow and hence 

capture the influence of the bifurcating geometry (carinal ridge) on particle deposition. This 

model further improves the steady-state model previously reported. In this new WLAM II, the 

alveolar movement was applied on the alveoli surface to control any given inhalation and 

exhalation waveform, and hence the lung breathing mechanism is captured. The airflow and 

particle transport through the lung airways were successfully modeled using computational 

fluid-particle dynamics. The model results indicate that inhalation flow rate and inhalation 

period determines the particle trajectories. Results also indicate that for short inhalation 

under light breathing conditions, multiple breathing cycles are required to exhale the 

particles. Particle deposition trend is different for inhalation vs. exhalation, and in subsequent 

cycles. During subsequent cycles, the suspended particles reach the distal airways. The 

model predictions have excellent agreement with in vivo particle lung deposition results.  

These models provide critical insight into aerosol deposition in lung airways. The 

models can be used in analyzing the toxicological effects of exposure to particulate matters 

or can be used in estimating pharmacological effects of pulmonary drugs and providing 

inhaler-design guidelines for improved drug-aerosol targeting. 
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6.2   Comparison of total lung deposition by WLAM I and WLAM II 

Figure 6.1 shows the comparison of total lung deposition prediction by the two models for a 

3 𝜇m particle under two inhalation conditions. Reasonably accurate agreement was noticed 

with both model predictions when compared with experimental deposition results from 

Heyder [119]. However, the WLAM I model is slightly over predicting under slow breathing 

conditions, while it is under predicting under deep breathing conditions. The trend for 

WLAM II model predictions is consistent for both inhalation conditions.  
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Fig. 6.1 Comparison of total lung deposition prediction by WLAM I and WLAM II with experimental 

results for (a) TV 500ml and (b) TV 1000ml. 
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6.3   Computational resource requirement for WLAM I and WLAM II 

Run time for a transient simulation for 1s inhalation with particle track on an engineering 

workstation (Dell computer with 32 GB RAM and four 3.0-GHz Intel Xeon processors) 

using the two whole-lung models are compared in Table 6.1. As indicated, the computational 

resource requirement for WLAM I is low compared WLAM II. Increasing the paths of 

WLAM II resulted in increased computational time. 

 

Table 6.1. Run time comparison between WLAM I and WLAM II 

Model WLAM I Single-path WLAM II Dual-path WLAM II 

Simulation time 4 hrs. 20 hrs. 27 hrs. 
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