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a b s t r a c t

Effective management of asthma is dependent on achieving adequate delivery of the drugs into the lung.
Inhalers come in the form of dry powder inhalers (DPIs) and metered dose inhalers (pMDIs) with the
former requiring a deep fast breath for activation while there are no restrictions on inhalation rates
for the latter. This study investigates two aerosol medication delivery methods (i) an idealised case for
drug particle delivery under a normal breathing cycle (inhalation–exhalation) and (ii) for an increased
effort during the inhalation with a breath hold. A computational model of a human tracheobronchial
airway was reconstructed from computerised tomography (CT) scans. The model’s geometry and lobar
flow distribution were compared with experimental and empirical models to verify the current model.
Velocity contours and secondary flow vectors showed vortex formation downstream of the bifurcations

which enhanced particle deposition. The velocity contour profiles served as a predictive tool for the final
deposition patterns. Different spherical aerosol particle sizes (3–10 �m, 1.55 g/cm3) were introduced into
the airway for comparison over a range of Stokes number. It was found that a deep inhalation with a breath
hold of 2 s did not necessarily increase later deposition up to the sixth branch generation, but rather there
was an increase in the deposition in the first few airway generations was found. In addition the breath hold

ment
“hot-
allows deposition by sedi
deposition showed local

. Introduction

Successful management of asthma is dependent on achieving
dequate delivery of drugs into the lungs through integration of the
rug formulation and the delivery device performance. The main
ypes of devices in use include pressurised metered dose inhalers
pMDIs) and dry powder inhalers (DPIs). Having been used since the

id 1950 s, the MDI is still the most frequently prescribed inhaler
evice worldwide, despite the fact that most patients cannot use

t correctly [1,2]. The application of pMDIs requires the patient to
lowly inhale while actuating the device by pressing down on the
op of the canister which releases a single metered dose of the
rug formulation (Fig. 1). Usually it is the timing or coordination
f the inhalation breath with respect to the actuation that causes
he incorrect use. For example patients often fail in producing a
ontinuous inhalation after actuation, or actuation occurs before

nhalation or at the end of inhalation [3].

As an alternative, DPIs are designed without any propellant
as and therefore rely on sufficient inspiratory flow to trigger
he dosage and deagglomerate the drug powder. This eliminates

∗ Corresponding author. Tel.: +61 3 9925 6191; fax: +61 3 9925 6108.
E-mail address: jiyuan.tu@rmit.edu.au (J. Tu).
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ation which assists in locally targeted deposition. Visualisation of particle
spots” where particle deposition was concentrated in the lung airway.

© 2010 IPEM. Published by Elsevier Ltd. All rights reserved.

the need for coordination of inhalation and actuation and instead
reliance is now on achieving a high inspiratory flow. The applica-
tion of DPIs requires the patient to firstly load the drug dosage,
then inhale with adequate inspiratory flow, and then a breath hold
to allow sedimentation of the drug particle. The requirement of a
sufficient inspiratory flow can be problematic for some patients,
e.g., children younger than 8 years who had difficulty in generating
sufficient inspiratory flow with the Turbuhaler [4,5]. Studies into
optimising pulmonary drug delivery for patients with asthma have
focused on the drug deposition effectiveness in the lung due to the
inhaler device design, and delivery method [6,7]. Since particles
are transported by the inhaled air, computational studies of the
airflow mechanisms and patterns within the airway can provide
detailed data that can complement the existing experimental data
in order to improve the drug delivery efficiency. It is also appar-
ent that studies of pulmonary drug deposition need to consider
unsteady inhalation patterns, not just steady flow rates.

Early studies of airflow in the lung airways include the exper-
imental work by Proetz [8] and Schroter and Sudlow [9]. A few

velocity profiles and flow patterns were presented for a double-
bifurcation model. In other experimental studies the central airway
up to the third generation of the bifurcation was used [10,11]. In
these studies, the respiratory flow was treated as a steady or quasi-
steady condition based on the Womersley parameter for normal

d.
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ig. 1. Pulmonary drug delivery devices. (a) A pressurised MDI showing the canister
hat holds the drug formulation and its typical delivery technique. (b) DPI which
equires sufficient inspiratory flow to deagglomerate the drug formulation.

reathing. Two important parameters that influence the deposi-
ion pattern include the local geometry of the tracheobronchial (TB)
ree, and the inhalation patterns. Most experimental and numerical
tudies in the literature on flow in the human airways have been
ased on simplified, idealised airway models extracted from the
arly morphological studies by Weibel [12] and Horsfield et al. [13].
an Ertbruggen et al. [14] used irregular dichotomy models based
n the morphometric data of Horsfield et al. [13], comparing their
umerical results with experimental data [15] in terms of regional
eposition efficiency. More recently, studies have explored flow
nd/or aerosol transport numerically in realistic airway models
ased on computerised tomography (CT) scanner imaging [16,17].
owever these studies used a steady flow rate rather than a sinu-

oidal breathing pattern.
Micron particle deposition in wall-bounded flows such as the

irway is susceptible to inertial impaction, and has often been
efined by the inertial parameter IP = d2

aQ where da is the aero-
ynamic diameter (�m) and Q is the inhalation flow rate (cm3/s).
ince advection transports the particles through the airway, the
article’s inertial property increases proportionally with the flow
eld velocity, thereby increasing the likelihood of impaction. Grav-

tational sedimentation of particles is common in the smaller
ronchi, the bronchioles, and the alveolar spaces due to the smaller
irway diameters and very low airflow velocities. Lippman et al.
18] points out that the effects of sedimentation become significant
hen the terminal settling velocity of the particles is greater than
0.001 cm/s, which for unit density spheres is equivalent to a diam-
ter of 0.5 �m. The terminal velocity is reached when viscous and
uoyancy forces balance out with gravitational force, and given as
T = 1
18

(�P − �f )
�

gd2
a (1)

here g is the gravitational force, � is the fluid dynamic viscosity
nd � is the density. In the TB airway, where the spaces are greater
& Physics 32 (2010) 1198–1212 1199

than the alveolar region, sedimentation can be achieved through a
pause (breath hold) after inhalation. This action may allow particles
that have been transported to a local region to deposit within that
region. For MDI devices the aerosol bolus is ejected into the patient
until the subject stops breathing. As Matthys [19] points out depo-
sition can be improved by a hold of 5–10 s at a maximal inspiratory
level until expiration is started. This study investigates two aerosol
medication delivery methods (i) an idealised case for drug particle
delivery under a normal breathing cycle (inhalation–exhalation)
and (ii) an increased effort during the inhalation (as found for drug
delivery through DPIs) with a breath hold. Based on the results
of this study, particle deposition patterns caused by the induced
airflow patterns can provide a deeper understanding of air-particle
dynamics in the tracheobronchial airway and contribute towards
improved strategies for more efficient drug delivery.

2. Methods

2.1. Model reconstruction from CT scans

The geometry data was obtained through a computed tomogra-
phy (CT) scan of the airways of a healthy 53-year-old, non-smoking
Caucasian female (164 cm height, 59 kg weight) for the first six
generations (from trachea—G0 to bronchi—G5, hence Generation
0–Generation 5). CT scan was performed using a CTI Whole Body
Scanner (General Electric). The single-matrix scanner was used
in helical mode with 1-mm collimation, a 40-cm field of view
(FOV), 120 kV peak and 200 mA. At baseline, 2 cm axial length of
lung caudad to the inferior pulmonary ligament was scanned dur-
ing a single full inhalation total lung capacity breath hold (FEV1
was measured at 2.31 L), which yielded 146 contiguous images
(slices in transverse direction, Z) of 1-mm thickness with voxel
size 0.25 mm × 0.25 mm × 1 mm. Then, the CT data was fed into an
airway tree geometrical reconstruction software that can identify
the airway lumen in the CT image (Pulmonary Workstation, VIDA
Diagnostics, Iowa). The segmentation step is a semi-automated
system which segments a 3D data set by performing 2D analy-
sis. The segmentation algorithm is a region-based growing method
where the growth of the foreground region and growth of the
background region compete against each other (Fig. 2). The accu-
racy/fidelity of the algorithm has been published in Tschirren et
al. [20]. The segmentation extraction was performed by an expert
medical practitioner to interactively manipulate parameters such
as region-grow thresholds using visual examination on the slice
by slice basis. This inevitably leads to some user specific variabil-
ity which is unavoidable. For example, the threshold setting in
Hounsfeld Units (HU) was defined with an upper and lower bound
which then selects the pixels in the image which have a value within
that range. This setting is thus dependent on the expertise of the
user since the threshold setting is used to delineate a wall region
from its mucus lining. In this instance, the lining of mucus was
determined by measuring pixels that contained a different colour
to the main airway mask found at the interface region between the
airway wall and the actual airway. On average the mucus thickness
of the airway was estimated to be 0.7 mm, which was included as
part of the airway. The 3D model was then converted to IGES (Initial
Graphics Exchange Specification) file. Based on the IGES file, Solid-
Works 2005 was used to segment the model in terms of trachea,
bifurcation and outlet. Finally, face, volume, mesh and extension
tubes at outlets were created using GAMBIT 2.2 and a mesh file
was produced, which was then read into FLUENT 6.2.
2.2. Geometry generation

The reconstructed model of the human TB airway is depicted in
Fig. 3a which consists of the first six generations from the trachea
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Fig. 2. Steps in the reconstruction of the

own to the fifth generation. The outlets were artificially extended

ownstream given by, Lextension = 0.05ReD to allow fully developed
rofiles at the exits to avoid any reverse flow that may be caused,
ue to an abrupt end to the flow field. The trachea was also extended
pstream by the same fully developed length (Lextension) thus allow-

ng the flow to be fully developed by the time it reached the tracheal

ig. 3. Realistic six-generation airway lung model (a) the front view of the studied 3D airw
eposition analysis. The airway identification number (AIN) is based on the scheme by M
ay from CT scans to a 3D surface model.

inlet. Fig. 3b illustrates the bifurcation regions used for measuring

deposition fraction and its identification scheme. Geometric mea-
surements of the airway model were taken by measuring selected
vertex points found at the relevant cross-section in the CFD soft-
ware. Branch measurements of the length, diameter and bifurcation
angles (where applicable) are given in Table 1 with comparative

ay model; (b) schematic of the airway model with branch identification for particle
ortensen et al. [23].
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Table 1
Geometric measurements of the CFD model compared with measurements by Zhou and Cheng [21] and Sauret et al. [22].

Description AIN Length (mm) Diameter (mm) Bifurcation angle (◦)

CFD ZC Sau CFD ZC Sau CFD ZC

First generation Tracheaa 1 105 74 16 16 15.2

Second generation
Right main B. 11 15 3 21 16 12 12.2 61 35
Left main B. 12 46 18 10 7

Third generation

Right U.L. B. 111 11 15 17 14 6 9.5 90 84
B. Intermedius 110 32 16 13 9
Left U.L. B. 121 15 6 10 7 17 35
Left L.L. B. 126 12 21 10 3

Fourth generation

Right U.L. post. B. 111-5 6 9 6 5 18 80
Right U.L. ant. B. 110-2 14 8 54
Right L.L. B. 110-0 8 9 14 11 8 6.7 35
Upper division Left L.L. 121-1 6 7
Lower division Left L.U. 121-6 10 7 9 6 45 50
Left L.L. basal B. 126-0 12 7 9 6 78

Fifth generation

– 111-53 7 11 5 3.4 33
Right L.L. basal B 110-00 13 8 54
Left U.L. ant. B 121-12 7 6 42
Left U.L. apical-post. B 121-11 7 8
Left L.L. post. basal B 126-05 11 8 46

Sixth generation
– 110-002 12 9 7 2.9 35
– 121-110 7 6
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– 121-121 6

ote: CFD, CFD model measurement; ZC, Zhou and Cheng [21] measurements; Sau,
a Trachea has a slight bend caused by the presence of the aortic vessel.

ata from Zhou and Cheng [21], and Sauret et al. [22]. The air-
ay identification scheme is based on the method presented by
ortensen et al. [23] which assigns an airway identification num-

er (AIN) to a specific airway. The initial model underwent mesh
efinement by cell adaption techniques that included refining large
olume cells, cells that displayed high velocity gradients, and near
all refinements. Velocity profiles were compared between each

ubsequent model until the profiles remained the same and hence
ecame independent of the grid size. The final model had a mesh
ize of 1.3 million cells (Fig. 4a).

.3. Breathing conditions

The inhalation requirements differ for the use of a DPI in
omparison with an MDI. Broeders et al. [24] showed that dose

missions from the Diskus brand DPI operated effectively with a
eak inspiratory flow (PIF) of 30 L/min, however for the Turbuhaler
rand the DPI was operational at 30 L/min and was optimal at a PIF
f 60 L/min. For some DPIs that are low resistance devices (Spin-
aler and Rotahaler), the operational PIF is 90 L/min [25]. From these

ig. 4. (a) Finite volume mesh (b) the flow input waveforms used in this study. The time
nhalation and at exhalation.
4 11

t et al. [22] measurements. B., bronchus; U.L., upper lobe; L.L., lower lobe.

conditions an idealised sinusoidal breathing condition with a PIF of
90 L/min (i.e., 1.5 L/s) over a 2-s period is used. This breathing condi-
tion is labelled as Case 1 (Fig. 4b and Table 2) which may represent
inhalation for operating a DPI device where a patient inhales with
exertion to achieve 2 L in 2 s and then holds the breath for 2 s for
the drug particles to settle. In this breathing method, the aerosol is
introduced into the airway system during the first 0.805 s of inhala-
tion (equal to 400 mL inhaled). This was chosen so that the tidal
volume is the same as the second breathing case which exhibits
a smaller PIF. The second breathing condition, labelled Case 2 will
be the benchmark case where the patient breathes in and out for
5 breaths in 2-s cycles with a tidal volume of 400 mL; hence 10 s
of breathing and total volume of inhaled air is 2 L as well. How-
ever, only one breathing cycle was used for the analysis in this
study. This was mainly because one breathing cycle was enough

to achieve statistically independent results of deposition efficiency
(percentage of total particles entered) and hence the deposition
pattern would have been similar irrespective of how many breaths
were numerically simulated. In this breathing method, the aerosol
is introduced into the airway system during throughout the entire

s T1 = 0.82 s and T2 = 1.74 s are chosen at the flow rate producing Re = 2250 during
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Table 2
Flow and particle transport details.

Method Case 1 Case 2

Mean respiratory rate (Q, L/min) 66 24
Mean Reynolds numbera at inlet 5500 2250
Inspiratory capacity (mL) 2000 400
Time ratio of inspiratory phase (tin/ttotal) 0.5 0.5
Frequency (cycle/min) 15 30
Peak inspiratory and expiratory Reynolds number at inlet 8649 3459
Particle diameter (dp , �m) 5 (plus 3, 7 and 10)
Particle density (�p , kg/m3) 1550
Mean Stokes numberb at inlet for dp = 5 �m 0.03861 0.01930
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ote: U, D, �air , �, �p and dp are the mean velocity, inlet diameter, air density, air dy
a Reynolds number, Re = UD�/�.
b Stokes number, St = �pd2

pU/18�D.

nhalation (400 mL tidal volume during 1 s). The input waveform
or Case 2 is defined by

˙ = 3.91 sin(�t), (2)

here ṁ is the mass flux, and t is the time.
The major differences between Case 1 and Case 2 are not only

he different flow rate and frequency, but also that there is no
xhalation phase in Case 1. The absence of exhalation in Case 1
s applied in this instance to highlight the effects of allowing the
articles to settle by having a user hold their breath as suggested
y Matthys [19]. Therefore in the breathing condition simulation
f Case 1 applies 2 s of inhalation and 2 s of breath holding, instead
f exhalation. Since no exhalation is considered, the results of Case
do not reflect the fraction of particles that remain airborne at

he end of the breath hold period which may be deposited in the
pper bronchial airways upon exhalation. In contrast, Case 2 sim-
lates an entire breathing cycle. During the exhalation phase a
ew set of particles are released from the outlets (for 1-s dura-
ion) to account for some particles that are suspended in the air
ast the fifth generation. These particles are tracked in addition to
ny particles suspended inside the computational domain (airway
eometry) during the inhalation phase. The number of new parti-
les at the outlet is equal to the number of particles that escaped
nd therefore neglects any particle-airflow dynamics and deposi-
ion downstream of the fifth airway generation. In reality some
articles will deposit downstream and therefore the actual num-
er of new particles being introduced at the outlet cannot be known
ithout a full lung model. Instead the number of particles becomes
representative value which is acceptable given that the discrete
hase modelling approach uses the parcel approach where a single
article is a statistical representation of a fixed number of physical
articles. This means that the number of particles per parcel will be
onstant along its trajectory and the number of particles per parcel
s determined by the total mass flow rate of the disperse phase dis-
ributed between and the number of parcel traces. The particles at
ach outlet are assumed to be uniformly distributed over the area
f the outlet. The unsteady breathing condition was simulated by a
inusoidal waveform in both cases and applied at the inlet through
ser-defined functions in FLUENT 6.2. For this study the method
rom previous studies in the literature [26–29] is used here, where
parabolic inlet profile from an extended trachea is used. In a recent
umerical study by Li et al. [30], it was found that the type of veloc-

ty inlet condition and existence of cartilaginous rings influences
he airflow field; however, their impact is less important in compar-
son with the variations in the upper airway geometry, e.g., branch

urvature. One cycle without releasing particles was also simu-
ated to avoid start-up effects on the air-particle flow fields before
he actual simulation took place. Particles were released at each
ime step (0.005 s) according to the preset particle flow rate which
as assumed to be 300 micrograms per second (�g/s). A parabolic
c viscosity, particle density and particle diameter, respectively.

profile of particles was injected matching the fully developed inlet
profile due to the exclusion of the larynx. Zhang et al. [31] demon-
strated that different flow rates and particle sizes would affect the
particle deposition in the trachea after the glottis. The role of the
larynx in producing a laryngeal jet and its effect on the downstream
flow field and subsequent particle deposition have been published
[32–34]. In this study the absence of the laryngeal jet is expected
to produce an underprediction of the deposition efficiency in the
first bifurcation at the carina. However deeper into the lung airways
the effects of the laryngeal jet diminishes and eventually becomes
negligible. The parameters of the respiratory and associated parti-
cle characteristics are summarized in Table 2. During the exhalation
phase particles are re-introduced into the airway from the outlets
(for 1-s duration). This idealised condition is used as it allows com-
parisons for the deposition efficiencies purely from the effects of the
breathing cycle for the given limited geometry (six generations). In
reality the fate of the particles that initially pass through the out-
lets is unknown and a fraction of these particles that did not deposit
may re-enter the airway. Instead the particle concentration at each
outlet is assumed to be proportional to the area of the outlet.

Particles in the range of 3–10 �m were used to match the depo-
sition data found in the literature. This particle size range is also
typical of those particles that are likely to reach the TB airways
from inhalation [35]. Although 10 �m particles are highly suscep-
tible to early impaction in the upper respiratory region (i.e., mouth,
larynx, etc.), for quantitative demonstration of local deposition,
5 �m and 10 �m particles are analysed which reflects the deposi-
tion efficiencies of two highly different Stokes numbered particles.
Particle deposition fractions were recorded for the first two bifur-
cation regions. The demarcation lines that define the bifurcation
regions are shown in Fig. 5 which are based on the regions found in
the experimental work of Zhou and Cheng [21]. The deposition frac-
tion in the first generation is compared with experimental data [21]
and several theoretical models of Cai and Yu [36] and Cheng et al.
[37]. All collected data were plotted against the local Stokes num-
ber for the first three bifurcations where the local Stokes number
is defined as

St = �pdpUlocal

18�Dlocal
(3)

The local velocity and diameter are taken as the average velocity
and diameters within the specific airway branch as identified in
Table 1.

2.4. Numerical equations
The low Reynolds number (LRN) k–ω model is used to capture
the airflow structures in the laminar to turbulent flow regimes
for internal flow [38–40]. The airway tree was constructed from
unstructured tetrahedral cells and the commercial CFD code, FLU-
ENT was used to predict the continuum gas phase flow under
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ig. 5. Schematic of the upper respiratory airway replica adapted from Zhou and
heng [21] showing the regions for the first and second bifurcation regions.

nsteady-state, isothermal, and incompressible conditions through
olutions of the conservation equations of mass and momentum.
hese equations in Cartesian tensor notation are

Continuity equation:

∂ūi

∂xi
= 0 (4)

Momentum equation:

∂ūi

∂t
+ ūj

∂ūi

∂xj
= − 1

�

∂p

∂xi
+ ∂

∂xj

[
�

(
∂ūi

∂xj
+ ∂ūj

∂xi
− 2

3
ıij

∂ūk

∂xk

)]

+ ∂

∂xj

(
−�u′

iu
′
j

)
(5)

The Reynolds stresses are related to the mean velocity gradients
s

�u′
i
u′

j
= �T

(
∂ui

∂uj
+ ∂uj

∂ui

)
− 2

3

(
�k + �T

∂uk

∂uk

)
ıij (6)

Turbulence kinetic energy (k) equation:

∂k

∂t
+ ūj

∂k

∂xj
= �ij

∂ūi

∂xj
− ˇ ∗ kω + ∂

∂xj

[
(� + 	k�T )

∂k

∂xj

]
(7)

Specific dissipation rate (ω) equation:

∂ω

∂t
+ ūj

∂ω

∂xj
= ˛

ω

k
�ij

∂ūi

∂xj
− ˇω2 + ∂

∂xj

[
(� + 	ω�T )

∂ω

∂xj

]
(8)

The symbols in the above equations, t, �, p, �, �T, �ij, k and
, are time, density, pressure, kinetic molecular viscosity, turbu-

ent viscosity, Reynolds stress tensor, turbulence kinetic energy,
nd specific dissipation rate, respectively. �T is given as �T = f�k/ω,
nd the function f� is defined as f� = exp[−3.4/(1 + ReT/50)2]

ith ReT = �k/(�ω) and � being the dynamic molecular viscosity

� = ��). C�, ˛, ˇ, ˇ*, 	k, and 	ω are turbulence constants [41]:
� = 0.09, ˛ = 0.555, ˇ = 0.8333, ˇ* = 1 and 	k = 	ω = 0.5.

For a low volume fraction of the dispersed particle phase, an
ulerian–Lagrangian approach can be used. Trajectories of individ-
& Physics 32 (2010) 1198–1212 1203

ual particles are tracked by integrating a force balance equation on
the particle. The force balance equation is given as

dup
i

dt
= FD

(
ug

i
− up

i

)
+ g(�p − �g)

�p
+ Si (9)

The drag force per unit particle mass is FD

(
ug

i
− up

i

)
and FD is

given by

FD = 18�g

�pd2
p

CDRe

24
(10)

Re is the particle Reynolds number, which is defined as

Re ≡
�gdp

∣∣up − ug
∣∣

�
(11)

where ug, up, �, �g, �p and dp are gas (air) velocity, particle velocity,
molecular viscosity of the fluid, fluid density, particle density and
particle diameter, respectively. The drag coefficient, CD, is evaluated
from an experimental-fitted expression [42]. One-way coupling is
assumed between the air and particle flow fields and the interac-
tion between particles is also neglected because the particle flow
is dilute (i.e., the volume fraction of the particles is <0.1%). Si is
additional forces that include the Saffman lift force, pressure force,
buoyancy force, virtual mass effect and Basset force. Solid aerosols
such as drug particles or toxic fibres are generally in the micron size
range and typically far denser than air, causing terms that depend
on the density ratio, such as those in Si to be negligibly small. The
number of particles tracked was checked for statistical indepen-
dence. This was determined by increasing the number of particles
inhaled (5 �m was used) and increasing the particle injection time
step until the total deposition efficiency within the airway became
statistically independent of the total number of particles injected.
Individual deposition fraction within a branch is defined as the ratio
of the number of particles depositing in a branch to the total num-
ber of particles injected. The number of particles introduced into
the airway was 1539 particles per time step. For Case 1 breathing
this equated to 247,779 particles during the first 0.805 s of inhala-
tion, while for Case 2 breathing this equated to 307,800 particles
during the 1 s of inhalation.

The turbulent dispersion of the particle trajectory equations
can be modelled through the stochastic Eddy Interaction Model
(EIM). The effect of instantaneous turbulent velocity fluctuations
on the particle trajectories for each time step was calculated after a
converged flow fields was achieved. The instantaneous fluctuating
velocity components u

′
i

are obtained from a Gaussian probability
distribution, so that

u′
i = 


√
u′

i
2 (12)

where 
 is a normally distributed random number, and the remain-
ing right-hand side is the local root mean square (RMS) velocity
fluctuations which is obtained through the following relation:√

u′
i
2 =

√
2kg/3 (13)

This implies isotropic fluctuations in all three dimensions which
produce significantly higher fluctuation values in the normal direc-
tion (v′) at no-slip surfaces such as wall-bounded flows. As a result,
particle deposition is much higher than expected for small Stokes
numbered particles. Several authors have applied near wall correc-
tions to damp the fluctuations damping functions at the near wall
[43,44]. In a previous study by the authors [45], a hybrid method

that involves the turbulent dispersion for larger particles and a
mean-flow tracking (no turbulent particle dispersion) for smaller
particles was used and is adopted here. In this model it was found
that the EIM model was valid for particles with an inertial param-
eter

(
IP = d2

aQ
)

above 10,000. For particles with an IP < 10,000 the
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ig. 6. Deposition efficiency testing for monodisperse particles released into a nasal
racking, and (b) a combination of the two tracking methods in a hybrid tracking
omparison data comes from experimental and numerical data found in the literat

IM overpredicted the particle deposition, and instead the mean-
ow tracking was used (Fig. 6). This idealised system improves the
redictions of particle deposition in comparison with experimental
ata.

The unsteady governing equations were solved in FLUENT 6.2
Ansys Inc.) using the segregated method with implicit formulation.
he advantage of the fully implicit scheme is that it is uncondition-
lly stable with respect to time step size. The SIMPLEC algorithm
ith under-relaxation was selected for the pressure–velocity cou-
ling. The convective terms of the transport equations were all
iscretised using second-order-upwind scheme in order to obtain
ufficiently accurate solutions. For stable and accurate iterative pro-
ess, the relaxation factors for momentum and pressure were set
o 0.5 and 0.2 respectively. In addition, the residual values of the
overning equations and the transport equations were all set to
onverge at 10−4 with a time step size of 0.005 s for both simula-
ion cases. All calculations were performed on a Dell P4 3-GHz PC
orkstation with 2 GB of RAM. A typical run time for fluid flow and
article transport simulations was approximately 96 h.

. Results
.1. Airflow analysis

Axial and secondary velocity profiles were obtained throughout
he six-generation airway model under the two breathing condi-
ions (i.e., Case 1 and Case 2). For brevity, only the velocity profiles

ig. 7. (a) View of stations (S) for axial velocity. Letter, S represents station with thinner l
econdary flow vectors. Normalised axial velocity profile for (b) inhalation and (c) exhalati
ata of Menon et al. [46] are plotted as (�) for the corresponding stations.
with flow rate between 10 and 30 L/min airflow using a (a) the EIM and mean-flow
e. The switch between the EIM and mean flow tracking occurs at d2

aQ = 10, 000.
2–54].

for Case 2, which includes the inhalation and exhalation phase, are
discussed (Fig. 7) as the flow conditions are comparable with exist-
ing experimental data [46]. For Case 1 which exhibits an increased
exertion, it is expected that the profiles will retain the general pro-
file shape but be more exaggerated in terms of the skewed profiles
and the magnitudes. Normalised axial velocity profiles for inspi-
ration and expiration were plotted which showed generally good
agreement with experimental results in terms of the main char-
acteristic flow features. Discrepancies are found at S2, S5, and S8
where the computational model cannot capture the sharp gradients
in the profiles at these cross-sections. The locations of these dis-
crepancies appear in the daughter branches, immediately after the
bifurcation of the parent branch. In these regions, complex flow pat-
terns have been reported [47] which is difficult to match. In addition
the Reynolds number matching in the trachea was not perfect
(2250 compared with 2040 for Menon et al. [46] and CFD simula-
tion respectively) due to the selection of the simulated inhalation
condition.

For inspiratory flow (Fig. 7b), the velocity profile at S1 exhibited
a skewed parabolic shape caused by the bend in the trachea region.
The flow splits at the first bifurcation and the profiles become
skewed towards the inner walls of the first bifurcation as shown

at S2 and S3. The profile at S2 was more skewed than S3 because
the right main bronchus has a more acute branching angle than the
left main bronchus. The flow begins to recover, and downstream in
the left main bronchus the profile at S4 is less skewed than at S2.
Similar asymmetric velocity fields are found at S5 and S6, where the

ine. Slices are labelled alphabetically (A–A′ to G–G′) used for velocity contours and
on at Re = 2250, plotted as a function of the normalised arc length. The experimental
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ig. 8. (a) Velocity contours and secondary flow vector slices taken during inhalat
aken for the RIGHT airway side as defined in Fig. 7a.

kewed direction is towards the inner walls of the second bifurca-
ion. It can be seen that S5 is more highly skewed than S6 which
s attributed to the upstream skewed profile as well as the high
ranching angle at the bifurcation.

In the right bronchi, a flat shaped profile at S7 was observed for
he small branching angle and a less distorted upstream velocity
eld from the first bifurcation (i.e., S3). However it is noted that S8 is
ot as skewed as S5 despite S8 having a larger branching angle than

5. The branching angle at S5 was less than 90◦ (approx. 60◦ from
he centre axis of left main bronchus), while at S8 the branching
ngle was approximately 90◦ which may affect the flow not in a
istorted profile sense, but rather a greater reduction in the velocity
agnitude. As an indication, axial velocity magnitude contours in
time T1 = 0.82 s and exhalation at time T2 = 1.74 s. Times are defined in Fig. 4b are

Fig. 8 show that the right upper bronchi (S8) has a greater rate of
reduction in maximum velocity than the left upper bronchi (S5)
from their parent tubes (S3 and S4, respectively).

The flow features during the exhalation phase show differ-
ent profiles. Instead of the airflow bifurcating during inhalation,
a merging of the exhaled air into a single parent branch from
the daughter branches (two or three in trifurcation, e.g., branch
AIN = 111, the third right, upper trifurcation) occurs. The velocity

profiles at the bifurcations naturally have indentations at the cen-
tres due to effects of merging coupled with the twists found in the
airway geometry. In contrast to simple airway models [29,48,49],
realistic airway models contain non-planar bifurcations where
daughter tubes are often twisted which contribute to the indenta-
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ig. 9. (a) Velocity contours and secondary flow vector slices taken during inhalati
he sections are taken for the LEFT airway side as defined in Fig. 7a.

ion at the centre of the axial velocity profile, causing an M-shaped
rofile. However, depending on the branching angle and the length
nd cross-sectional shape of daughter branches, this phenomenon
id not necessary occur at some stations. S3, S5 and S6 in Fig. 7c
howed that no indentations were observed at the given plane. This
ay be attributed to the large branching angle found at S3, where

he upper daughter tube (S8) is perpendicular to the parent tube
S3) and the bottom tube (S7) is almost collinear to its parent tube.

In Figs. 8 and 9, secondary flow vectors overlayed onto axial
elocity contour on selected cross-sections describe the flow phe-

omena in more detail. Firstly for the inhalation phase at T1 = 0.82 s,
he secondary motion at the trachea just before the flow reaches
he first bifurcation shows flow directed towards the anterior walls.

hen the flow reaches the right main bronchus (S3), two vor-
ices appear as expected. This phenomenon has also been found by
time T1 = 0.82 s and exhalation at time T2 = 1.74 s. Times are defined in Fig. 4b and

other researchers [9,17]. Axial velocity contours at S8 show high
velocities close to the inner wall of the second bifurcation, whereas
the high velocity region is found at the outer wall of S7. This can
be explained by the principle of preferential flow distribution for
daughter branches where a bias towards the smallest branching
angle is achieved [17]. This also explains the magnitude scales at
S7 which is larger than S8 and also in S5, S6 in Fig. 8. Recirculating
flow in the form of vortices is found in S5 and S6. The vortex at
S5 is weaker than the vortex at slice S6. In the left main bronchus,
vortices are found at slices S2 and S4 which show strong motions

travelling along the back of the slice as well as directing towards
the front of the slice.

During the exhalation phase the flow changes direction which
results in each daughter stream generating vortices. The result-
ing flow in the parent tube is the sum up of the vortices from its
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ig. 10. Comparison of the CFD predicted deposition fraction versus reported lung
ast deposition data, theoretical models and CFD predicted data at (a) the first
ifurcation, and (b) the second bifurcation.

aughter tubes. S1 shows more vortices than its daughter tubes (S2
nd S3). Likewise, slices at the left main bronchus (i.e., S2 and S4)
howed how the vortices develop in a relatively long tube. The four
ortices, resulting from the bulk flow develops upstream, but loses
ntensity as depicted by the length of the vectors. As previously

entioned, the branching angle and the length of the daughter
ube can directly affect the indentations in axial velocity profile
M-shape) in the parent tube; similarly, secondary flow in the form
f vortices is also influenced by the same factors. This can be seen in
3, S5–S8 where up to two vortices are weakly present in the slices.
n terms of the streamlines’ direction, the vectors during expiration

ere generally found to be in the opposite direction to the vectors
uring inspiration.

.2. Particle deposition

In the following descriptions, the deposition fraction refers to
he local deposition fraction in each individual branch. The total
eposition fraction comparison is limited to the first two airway
enerations, and deposition in distal generations is not discussed,
iven the available data in the literature. The simulated results in
he first bifurcation (Fig. 10a) generally lie between the theoretical

odels of Cheng et al. [37] and Cai and Yu [36]. The slope of CFD
redictions is flatter than any of the data of Zhou and Cheng [21]
hich implies that greater differences in the deposition fraction are

ound as the particle size increases. The deposition mechanism of

icron particle is dominated by inertial impaction (amongst sedi-
entation, interception and diffusion) which needs to be overcome

n the first few branches for targeted drug delivery to deeper lung
egions. This provides an explanation for the differences in compar-
son of the deposition pattern between the different airway models.
& Physics 32 (2010) 1198–1212 1207

For smaller particles with shorter relaxation times, the particles are
able to adjust to flow streamlines more readily and hence the effect
of different geometries is less significant. In contrast, larger parti-
cles with longer relaxation times are more likely to continue their
own trajectory under their own inertia and thus, more likely to
deviate from a curving streamline.

The CFD simulation results show an underprediction in compar-
ison with the experimental data of Zhou and Cheng [21]. The lower
deposition may be attributed to the computational models missing
the larynx and the effects of the laryngeal jet, while the experimen-
tal model includes the oral cavity and the larynx. The laryngeal jet
provides additional momentum and enhances the deposition frac-
tion especially in the region at the beginning of the trachea. Current
CT-scanning protocols must ensure patient safety and to obtain an
accurate model, six generations deep prohibited the inclusion of
the laryngeal region, due to long exposure times to radiation. The
effects due to the exclusion of the larynx are most significant in the
tracheal region and as the flow travels deeper into the airway, the
effects begin to diminish.

The second bifurcation region includes the bifurcation of
the right main bronchus (AIN = 11) and the left main bronchus
(AIN = 12), and hence two bifurcations exist (Fig. 10b). The multiple
lines for the empirical model of Cai and Yu [36] reflect the equiv-
alent deposition fraction based on the different branch diameter
and lengths for the left and right lung airway. The CFD predicted
deposition fractions are compared with the experiment of Zhou
and Cheng [21] and theoretical model of Cai and Yu [36]. In the
medium Stokes number range of 0.07–0.2, the deposition frac-
tion slope is consistent with the comparative data, while in the
lower Stokes number range of <0.07 the deposition slope is much
flatter than the comparative data. In the higher Stokes number
range of >0.2, the experimental and theoretical data exhibit an
inflexion point in the slope, which is not captured by the CFD
results.

The deposition fraction for individual branches during the
inhalation phase of the two breathing conditions is compared in
Fig. 11. The increase in the total deposition fraction by inhalation
for Case 1 is significantly higher (30.1% and 50.9% for 5 �m and
10 �m respectively) than for Case 2 (12.9% and 21.6% for 5 �m
and 10 �m respectively) as a consequence of the higher inhalation
rate increasing the particle inertia. In addition the 2 s breath hold
time also becomes significantly important, allowing the particles
to deposit by sedimentation rather than by inertial impaction. In
Fig. 12 deposition by exhalation in individual branches during Case
2 breathing is shown to highlight the deposition contribution by
inhalation and exhalation. It can be seen that the deposition frac-
tion contribution from the exhalation phase increases for larger
particles. For example in the deposition fraction during expira-
tion in the first bifurcation contributed 15% of the final deposition
fraction value for 10 �m particles, while for 5 �m particles the con-
tribution during exhalation is 8%. This may be attributed to the
merging of the branches, where the generation of vortices enhances
the deposition of the particles. In the second bifurcation, at the
right main bronchus (AIN = 11) more particles were captured when
the breathing condition is by inhalation only (Fig. 11). However
when exhalation is introduced the deposition fraction becomes
much higher in the left main bronchus bifurcation (AIN = 12). The
larger particle in this case magnifies this effect. In fact, the stronger
secondary flow generated during exhalation at sections C and D
(Figs. 8 and 9) leading to vortices in section D enhances the parti-
cle deposition. For brevity, the rest of the bifurcations showed that

deposition fraction at exhalation could play a critical role in particle
deposition, although how much of a proportion during expiration
cannot be fully justified using the data provided here because lower
generations of the airway are missing which can have an influence
on the deposition fraction.
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ig. 11. Deposition fraction in each bifurcation for 5 �m and 10 �m for the entire b
(c and d).
.3. Deposition patterns

Deposition patterns on the three-dimensional airway model
sing the two breathing conditions, Case 1 and Case 2 were deter-
ined. There are several common findings for both cases in this

ig. 12. Deposition fraction of particles in all bifurcations during inhalation and exhal
xhalation results represent only a fraction of the actual contribution to the total deposit
odel downstream upon inspiration will be deposited in the distal airways.
ng condition of Case 1 (a and b) and for the inhalation phase (first 1 s) only for Case
particular model. The bend in the trachea just before the first bifur-
cation not only affected the flow profiles, but it also influenced the
deposition pattern. This led to a higher concentration of particle
deposition in the right side of the airway (Figs. 13 and 14). The par-
ticle deposition patterns for both particles sizes were qualitatively

ation for particles of (a) 5 �m and (b) 10 �m in breathing Case 2. Note that the
ion under realistic breathing conditions, given that particles exiting the bifurcation
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ig. 13. Deposition patterns 5 �m particles (Stmean@inlet = 0.03861 and Remean@inlet = 5500)
iews C and D are the enlarged views of left bronchus.

ig. 14. Deposition patterns 5 �m particles (Stmean@inlet = 0.01930 and Remean@inlet = 2250)
iews C and D are the enlarged views of left bronchus.
for breathing Case 1. Views A and B show enlarged views of right bronchus while

for breathing Case 2. Views A and B show enlarged views of right bronchus while
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imilar and for brevity, only the deposition patterns for 5 �m are
hown here. The main difference for the two different particle sizes
as a slightly wider spread of particles and higher concentration

alues of localised “hot-spots” for the larger particle. However the
ocations of where the particles deposit are similar for both par-
icle sizes. The deposition pattern for Case 1 can be predicted by
nalysing the secondary flow patterns during the inhalation phase
n Figs. 8 and 9 since the secondary flow patterns during inhalation
n Case 1 and Case 2 are identical. Due to the strong double vortices
t S3 (Fig. 8, inhalation column), particles are concentrated at the
nner wall of the first bifurcation. During exhalation particles were
lso transferred to the outer wall of the first bifurcation, but due
o the relatively weaker movement of the flow, the concentration
as not as high and not as widespread as found at the inner wall.

his can be seen in the comparison of View B in Figs. 12 and 13. In
eneral there is a tendency for the particles to deposit at the carina
idge.

The deposition patterns in Case 2 which are inclusive of the
xhalation breathing phase show a greater surface area of depo-
ition. Similarly it is the airflow patterns which are the inherent
ause of the particle transport. The secondary flow vectors shown
n S3 (Fig. 8, exhalation column) are directed towards the outer

all, enhancing deposition in this region. In addition it was shown
n Fig. 12 that particle deposition from exhalation contributes to
he total deposition fraction. A comparison of the deposition sites
n the first bifurcation (View B) shows that some deposition occurs
osteriorly for Case 2 but this deposition site is absent in Case 1.
his is caused by the presence of a vortex generated from exhala-
ion breath, which transports the particles to the posterior region
f the tracheal bifurcation. Most of the particle deposition dur-
ng exhalation was not only concentrated along carina ridges in
he bifurcation but also downstream in the exhalation direction
upwards in the airway). The difference can be seen in the first
ifurcation between the two cases (Figs. 13 and 14).

. Discussion

Flow field analysis of secondary motion at the trachea just before
he flow reaches the first bifurcation found the presence of sev-
ral vortices during inhalation. In addition the there were vortices
ownstream as a result of the bifurcating flow for inhalation. Dur-

ng the exhalation phase the flow changes direction which results
n each daughter stream generating vortices, and the resulting flow
n the parent tube becomes the sum up of the vortices from its
aughter tubes. In general the vortices during exhalation were
eaker than for the inhalation. In terms of the streamlines’ direc-

ion, the vectors during expiration were generally in the opposite
irection to the vectors during inspiration, as a result of the oppos-

ng flow directions during the breathing cycle. It is expected that
he increased effort in inhalation will magnify the vortices that
re shown in Figs. 8 and 9. Therefore the flow field descriptions
re useful for the understanding of the particles being transported
hrough the airway. Breathing Case 1 is applicable to DPIs which
equire a high PIF for device activation, while breathing Case 2 can
e applicable to pMDIs which require a slow steady inhalation. A

ower PIF rate may not be able to produce drug particles fine enough
o transport the particles into the TB tree given that the particles

ust traverse through the mouth and throat airway region. DPIs
ave the advantage that they have no propellant, and are easier
o use than pMDIs. However the high PIF requirement can lead to

arly particle deposition (more so in the pharyngeal region) and
reatment for very deep lung regions such as the acinus may not
e achieved. The increased effort in breathing showed significantly
igher deposition as expected because of the increase in the par-
icle inertia. The breath hold after the initially high flow rate does
& Physics 32 (2010) 1198–1212

however allow those particles suspended in the airway to settle
and deposit by sedimentation. This is significant for the fine par-
ticles that can be produced that are able to follow the streamlines
during any convective flow, to deposit by sedimentation. The com-
bination of increased inhalation effort with breath hold, increased
the deposition efficiency of 5 �m particles from 12.9% to 30.1% dur-
ing normal inhalation only. The increased deposition efficiency is
also found for 10 �m particle although this result is not as practical
since the high inertia property of a 10 �m particle can prohibit its
presence in the lung airways.

While most inhalers will deliver some of the drug to the main
bronchi, treatment of respiratory diseases often requires particle
deposition onto targeted specific sites such as the constricting
bronchi caused by asthma, tumors, or in the deep lung regions
(acinus). It is therefore evident that specific delivery devices are
needed to achieve the particular desired effect. For example tar-
geted delivery into the acinus lung region requires fine particles
to be delivered through the device without such a high a PIF, in
order to minimise the inertial impaction of the particles. Further
developments in extending the geometry to include the mouth and
larynx, and deeper into the lung airways past the sixth airway gen-
eration may be used to determine the extent of particle flow which
was not captured in this study. The particles that escaped the lim-
ited domain may benefit from a longer settling time, and even the
immediate exhalation following will increase the deposition.

Overall the deposition caused by exhalation was approximately
50% to that of inhalation. The particles are largely concentrated in
the first few bifurcations despite the exhalation phase. In addition
the deposition patterns showed that the deposition is located at the
carina at each bifurcation. This suggests that the deposition mecha-
nism is dominantly by inertial impaction (amongst sedimentation,
interception and diffusion) which needs to be overcome in the first
few branches for targeted drug delivery to deeper lung regions. In
general the right airway side captured more particles than the left
side which may be due to: the relatively large diameter branches in
the right side which reduces the airflow velocity; and the branching
angles of the daughter branches which in most lung airway cases
is biased towards the trachea-AIN11 branch (right lung). Inter-
individual variations amongst subjects exist between all models,
however understanding the gross flow features such as the domi-
nance towards the right lung can help guide new and novel delivery
methods such as guided drug delivery [50,51].

4.1. Limitations of this study

Several assumptions were made when carrying out this anal-
ysis which limited the degree to which the present work can be
extrapolated to real world scenarios. One such limitation is the
representativeness of the computational model which was recon-
structed from CT scans of a 53-year-old non-smoking Caucasian
female. Thus the results are limited to similar anatomical sub-
jects. Also, in terms of simulation, a fully developed profile was
used at the trachea inlet and the airway outlets. In anatomical and
physiological terms, the larynx and additional lower branch gener-
ations were excluded and thus, the larynx effect and effects of the
upstream flow for inhalation and exhalation were not included.
The input waveform was simplified as a sinusoidal wave which
may have an effect on the particle deposition fraction and pat-
terns; however, there are few studies on this matter, so the effect
of the input waveform may be studied in the future. For the par-
ticle analysis, deposition occurring upstream of the trachea is not

considered because of the geometry limitation. Physically the parti-
cles are introduced at the mouth and must pass through the larynx
before entering the trachea. Therefore the particle deposition given
in this study is the deposition fraction relative to the number of
particles that reach the trachea.
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. Conclusion

Velocity profiles, local deposition fraction and deposition pat-
erns of aerosol particles in the first six generations of an airway

odel were simulated. Two realistic inhalation conditions were
pplied to study the particle-fluid interactions. Deposition pat-
erns were used to illustrate local deposition regions in the
irway that highlighted the differences between the two breath-
ng conditions—specifically the different inhalation conditions.
elocity profiles were also used to analyse the deposition pattern

orming. From a deposition efficiency perspective, a deep inhala-
ion with a breath hold of 2 s did not necessarily increase later
eposition up to the sixth branch generation, but rather increase

n the deposition in the first few airway generations was found.
n certain conditions, complete cyclic breaths with high frequency
an enhance the transportation of aerosols to the same location. A
hort tidal breath with a small air volume gave a lower total depo-
ition fractions in the first six generations during the inhalation
hase (5 �m = 12.9%; 10 �m = 21.6%) when compared with a single
eeper inhalation and breath hold (5 �m = 30.1%; 10 �m = 50.9%).
his finding can be further refined by incorporating the percent-
ge of aerosols that may be captured by the lower generations
after sixth generation) during expiration, which may affect the
esults to a certain extent. Furthermore, individuals display unique
irway geometries and it is important to evaluate the particle depo-
ition pattern and particle density accordingly in order to provide
ccurate inhalation risk or dose–response assessment. This study
emonstrated that CFD is capable of providing insight into fluid-
article dynamics and visualising particle deposition for health risk
ssessment and/or clinical assessment using the realistic human
irway models.
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