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Abstract

The authors’ recent research in the application of three-dimensional, mul-
tiphase Computational Fluid Dynamics (CFD) analysis of particle transport and 
deposition in the human lung is summarized in this paper. A physically accurate 
representation of the trachea and upper bronchi generations are obtained using 
high-resolution computed tomography (HRCT) of a rubber cast of an adult human 
tracheobronchial tree. A computer model of this data is used as a bounding surface 
for a hybrid unstructured CFD mesh. The differential model employed in the anal-
yses is the ensemble averaged n-fluid system, wherein continuity, momentum, and 
turbulence quantity conservation equations are solved for an arbitrary number of 
constituents, here one carrier phase (air) and multiple particulate fields represent-
ing different characteristic sizes. Models for non-equilibrium interfacial transfer 
are incorporated to account for particle drag, dispersion, and deposition. In the 
present work, steady state simulations were performed corresponding to a nominal 
adult human inhalation rate 770 of cm3/s. It is found that the detailed geometric 
and physical modeling employed gives rise to qualitatively and quantitatively cor-
rect deposition rate predictions for particle size ranges of pharmaceutical interest.
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1 Introduction

Respiratory delivery of pharmaceuticals can be attractive in that doses can be 
introduced into the blood stream rapidly and conveniently. For this reason, a good 
deal of research has been carried out to optimize the efficiency of inhaled delivery 
systems. Such work involves elements of substance manufacturing, particle/drop-
let atomization, inhaler design, lung tissue absorption, and fluid dynamics. 
Assessing the effectiveness of delivery systems involves some form of absorption 
measurement, but local measurements within the lung are difficult due to the 
complex geometry of the lung and the inherent difficulties associated with instru-
menting a living subject. Accordingly, non-local measurements, such as blood 
sampling, have historically been utilized to provide comparative performance 
data. Recently, non-invasive, optical techniques have been developed (see Mob-
ley and Hochhaus [1]). These techniques provide direct or indirect local absorp-
tion information, but are evolving in their maturity, and have accuracy and safety 
limitations.

The inherent difficulties with measuring human respiratory deposition have 
motivated a range of modeling efforts that span in complexity from one-dimen-
sional models through three-dimensional computational fluid dynamics (CFD) 
analysis. 1D models are generally empirical in nature, modeling the lung as a 
multi-generation symmetric tree (see Yu and Diu [2], for example) with statistical 
models for relevant geometric quantities (e.g., total number, length, diameter, 
bifurcation angle for each generation) and bulk deposition rate models accommo-
dating convection, sedimentation and dispersion physics. Models of this type 
have been widely developed and explored, and are the basis of pharmaceutical 
industry assessment tools. However, these models are empirical in nature and 
thereby unreliable if applied outside their range of calibration. Also, details of 
lung morphology, and three-dimensional/secondary flows are not accounted for 
directly.

In the present work, three-dimensional, multiphase CFD analysis is employed 
in the analysis of lung deposition. The motivation for adopting this level of mod-
eling is that, in principle, drug deposition can be predicted much more accurately 
than with 1D models. This is because one can directly utilize clinically obtained 
multidimensional geometry, explicitly resolve multidimensional carrier phase 
fluid mechanics (e.g., convection, diffusion, secondary motions, flow splits) and 
apply local conditions based physical models for important deposition flow phys-
ics associated with the particles (e.g., buoyancy/sedimentation, drag, dispersion, 
wall deposition). The approach taken here is based on employing an accurate, 
three-dimensional representation of the human lung, obtained from high-resolu-
tion computed tomography of a cast of an adult human lung. Attendant to the 
inherent complexity of the geometry, large hybrid unstructured meshes are con-
structed to discretize the computational domain. An Eulerian n-fluid differential 
model is employed, wherein the ensemble averaged continuity and Navier-Stokes 
equations are solved for a continuous carrier field (air) and multiple particulate 



fields, each characterized by a representative particle size. The dynamics associ-
ated with particle transport are accounted for by using models for drag, dispersion 
and wall deposition that appear as closure terms in the averaged governing differ-
ential system. A code based on modern CFD technology (parallel, unstructured, 
high order, n-fluid) is employed in the numerical simulation of the model.

 Several groups have employed multidimensional, multiphase CFD techniques 
in the analysis of respiratory flows. For example, Asgharian and Anjilvel [3] and 
Zhang et. al. [4] have used an Eulerian-Lagrangian approach (for carrier and parti-
cle phases respectively) and applied their code to geometrically simplified bron-
chial branch elements and obtained qualitatively good results. To the knowledge 
of the authors, two groups, in addition to the present authors, are currently 
involved in multiphase CFD analysis of a highly geometrically accurate human 
lung model (a European consortium, COPHIT [5] and researchers at Pacific 
Northwest National Laboratory in the US [6]). As in the present work, these 
efforts pursue the benefits of modern medical imaging and CFD technologies to 
provide accurate local predictions of particle deposition.

This paper is organized as follows: First, an overview of the surface definition 
and volume grid generation is provided. Next details of the physical modeling and 
numerics are summarized. Results obtained to date are then presented, with 
emphasis placed on local and bulk particle deposition predictions for various par-
ticle sizes.

2 Geometric Modeling

2.1 Lung Surface Definition

The geometric model that was used here is based on a rubber cast of an adult 
human tracheobronchial tree that also includes the system of vessels of the left 
lobe. A photo of the complete cast is given in figure 1. From this rubber cast, a set 
of digital volume data was produced by using high-resolution computed tomogra-
phy (HRCT), with a pixel dimension of 0.35 mm x 0.35 mm and with 0.4 mm dis-
tance between slices. The quality of resolution of this data set goes far beyond 
what can be obtained in clinical imaging, due to the absence of bones and tissue 
that limit the contrast, absence of motion artifacts, and the high degree of the radi-
ation doses applicable. The resulting HRCT volume data set was segmented with 
a threshold-based algorithm to archive a binary volume representation of the tra-
chea and the connected bronchial tubes, with focus from the trachea to the main 
stem bronchi. The gray value volume data as well as the binary segmentation 
result were edited under visual control to overcome minor imperfections of the 
rubber cast. For image processing, we used the package ILAB 4 (Schröcker et. al. 
[7]).

Surface extraction based on the binary volume data was established by a 
marching cube algorithm (Lorensen and Cline [8]). A volume-preserving algo-
rithm was applied to the resulting polygonal surface representation in order to 



reduce small scale noise artifacts and discretization artifacts in the data. The final 
surface representation consists of about 81000 triangles. Finally, the surface 
geometry was exported into a stereolithographic ('.stl') format to allow further 
processing with commercial grid generation packages. This data set contains dis-
tinct anatomical structures like regular imprints of the hyaline C - shaped carti-
lage rings around the trachea and the primary bronchi visible in figure 2, so that a 
realistic modeling of the gas flow can be achieved. 

Figure 1 Photograph of the cast model used for surface reconstruction of the 
first several bronchi generations.

Figure 2a) Surface front view of final .stl model, b) Designation of generations 
for postprocessing (rear view).
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2.2 Volume Grid Generation

The software package ICEM CFD 4.2 [9] was used to generate the unstructured 
grid on the lung model. The surface geometry definition described above was 
imported as an “.stl” file into the software, and the TETRA meshing module was 
used to generate a triangular surface domain and an interior tetrahedral mesh. In 
order to accurately represent the detailed geometry in the smaller branches of the 
model, parameters within TETRA were set such that an adequate number of triangu-
lar surface domains existed on each of the terminal bronchi outlets. In this case, the 
height of the triangles measured approximately 10% to 15% of the diameter of the 
smallest branch. To retain accuracy of the solution throughout the domain of interest, 
these sizes were kept constant throughout the interior of the volume to be meshed. 
After the mesh was complete, the iterative smoothing capabilities within ICEM were 
utilized to increase the quality of the mesh and to maximize the isotropy of the tetra-
hedral elements.

In order to model near-wall physics appropriately, the PRISM module within 
ICEM was used to generate a single layer of prism elements along the boundary sur-
faces of the model. The thickness of this prism layer is approximately half the height 
of an average tetrahedron. As the tetrahedral elements near the walls were distorted 
and in some cases replaced by the newly generated prism elements, the quality of the 
mesh was decreased. After the iterative smoothing and manual editing was com-
pleted on the hybrid mesh, the quality was slightly lower than in the original mesh, 
but still was deemed high enough to yield an accurate solution. The final mesh con-
tained a total of 456,463 prism and tetrahedral elements.

Once the mesh was complete, the inlet of the trachea, each of the 29 terminal bron-
chi outlet boundaries, and the walls of each successive branch generation were 
labeled. These family labels were necessary in order to apply the inlet and outflow 
boundary conditions. Also, the wall labels were useful during the post-processing in 
order to determine the volume fraction of particles deposited at each level of branch-
ing.

3 Theoretical Formulation

3.1 Differential Model

An ensemble averaged, single-pressure, n-fluid differential system is employed. The 
continuity and momentum equations, cast in Cartesian coordinates, are presented in 
eqn (1). 
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Here, superscript k is the constituent or “field” designator. In the present work, we 
consider adiabatic flows and each field’s density is taken as constant. Interfacial drag 
and non-drag forces, Dkl and , respectively, appear in the momentum equation. 
In these force terms, superscripts k and l represent donor and receptor fields. The 
term  represents a modeled deposition mass flux sink which is non-zero for par-
ticle fields.

3.2 Physical Modeling

An eleven-field prescription is employed here. The carrier air is represented by 
field 1 and fields 2-11 correspond to particle fields of characteristic particle diameters 
.0625, .125, .25, .5, 1, 2, 4, 8, 16 and 32 µm respectively. To account for turbulence in 
the carrier field, a high-Reynolds number k-ε turbulence model (Jones and Launder 
[10]) is employed, i.e., for gas field k=1:

(2)

Standard high-Reynolds number wall functions are used to account for wall-shear. 
This gives rise to wall grid spacing requirements, nominally 30 < y+ < 300, that are 
accommodated in the grid generation process.

We employ a standard drag model based on an empirically derived fit to data 
available for spherical particles in an incompressible flow (Loth [11]):

(3)

The effect of turbulence on the particle fields is accounted for following Aquino 
and Drew [12], and Carrica et. al. [13]. Specifically, we assume that for these dis-
persed flows, gas field turbulence drives the particle turbulence. Accordingly, the 
effective diffusion term for the particle fields is replaced with [12]:
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In addition to the particle turbulence diffusion model given in equation (4), a tur-
bulence dispersion force due to Carrica et. al. [13] is employed:

(5)

This dispersion model is the only non-drag force employed in the formulation.
In the literature, it is generally accepted that there are three dominant physical 

mechanisms that contribute to lung aerosol deposition: impaction sedimentation and 
diffusion (see Yu and Diu [2], for example). At the level of modeling employed here, 
impaction and sedimentation arise from transport associated with exact convection 
and buoyancy terms that arise in the momentum equations. Accordingly, a convec-
tion-based wall deposition model that accounts for sedimentation and impaction is 
used:

(6)

Here, values of particle volume fraction and velocity are taken at the center of the 
cell adjacent to the wall, and the mass flux is formed with the wall face area vector. 
For diffusion flux, a standard gradient diffusion approximation is employed, consis-
tent with the high-Reynolds number law-of-the-wall based wall functions that are 
employed for the carrier phase turbulence. Specifically, the wall diffusion flux is 
modeled as:

(7)

The quantities Scm and Sct refer to the molecular and turbulent Schmidt numbers 
respectively. Relatively little diffusion occurs due to the large particle sizes, and 
therefore, a molecular Schmidt number is taken as Scm = 1000. Sct is set equal to 1.0. 
The function g(Scm,Sct) is a form that is used to model turbulent heat and species 
transport at walls based on a Reynolds analogy. The total deposition mass flux sink in 
eqns (1) and (2) is taken as .

3.3 Numerical Method

3.3.1 Discretization
The governing equations are discretized using a face-based, cell centered, finite 

volume method applied to arbitrary polyhedral cell types. For inviscid flux evalua-
tion, a second order upwind scheme is utilized for all scalars except k and ε, for 
which a first order upwind scheme is employed. Viscous terms are evaluated using 
second order accurate central differences. Gradients appearing in pressure gradient 
and force source terms are also evaluated using second order central differencing.
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3.3.2 Solution Procedure
A lagged-coefficient linearization is employed for non-linear convection terms. 

The discretized governing equation for transport scalar, φk, is written in ∆-form as: 

(8)

where  and  represent cell and neighbor influence coefficients arising from 
convection, diffusion and implicitly treated source terms,  corresponds to explic-
itly treated source terms, and . A local timestepping proce-
dure is employed wherein at each pseudo-timestep, the momentum equations are 
solved first (for all fields and coordinate directions simultaneously), followed by 
solution of a mixture mass continuity equation which is constructed based on the 
SIMPLE-C algorithm. The volume fraction and continuous field turbulence equa-
tions are then solved in succession. A standard under-relaxation procedure is 
employed where an appropriate under-relaxation factor, ω is selected ( ) 
and the pseudo-timestep is evaluated from:

(9)

Further details on the numerics can be found in Kunz et. al. [14].

4 Results

A steady state simulation was performed as an approximation to a deep steady 
inhalation. An inlet air volumetric flow rate of 773 cm3/s was specified as nominally 
representative of an adult human (Rudolf et. al. [15]). A constant velocity of 2.0 m/s 
was specified normal to the trachea inlet boundary corresponding to this volume flow 
rate. A turbulence intensity of 10% and a turbulence length scale of ≅ 15% of the 
inlet diameter were specified and used to construct constant inflow values of k and ε 
for the continuous field. Particle field inlet velocities were also set to 2.0 m/s. For the 
lightly mass loaded particulate flows of interest here, the specified inlet volume frac-
tions of particle fields does not significantly affect the dynamics of the flow, so long 
as they are small. Accordingly, for the present computations, a volume fraction of  
αin, p = 0.0001 was specified for all particulate fields, and αin, g = 1.-Σαin, p. The den-
sity of the air and particles was set to 1.2 kg/m3 and 1200 kg/m3 respectively. The 
pressure was set to 0 Pa at each of the 29 terminal bronchi outlet boundaries.

The CFD code was run until the residuals of the non-linear system had all dropped 
by 3 orders of magnitude or more. The code was instrumented to output wall flux 
deposition rates along each of the generations designated in figure 2b. From these 
absolute values, deposition efficiencies could be computed, based on the inlet mass 
flux and the cumulative deposition rates to earlier branches.
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Figure 3 Elements of lung particle deposition simulation. a) Front view of shaded 
solid model, b) Carrier gas field streamlines seeded from inlet plane, c)-e) Parti-
cle field streamlines for dp = 1, 16 and 32 µm particles, seeded at same locations 
as gas field streamlines, f) predicted surface pressure contours, g)-h) Surface par-
ticle field volume fractions (α/αinlet) for dp = 16, and 1 µm fields, i) Contours of 
helicity density at a cut plane just below the trachea-generation 1 branch, illus-

trating the counterrotating secondary flows in the bends. White indicates a clock-
wise secondary motion, while black indicates counter-clockwise.
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Figure 3 shows representative results of the simulation. A front view of the lung is 
provided in figure 3a for reference. Computed streamlines for the air, 1µm, 16µm and 
32µm particle fields are shown in figures 3b-e. It is observed that the 1µm particle 
streamlines are virtually identical to the gas field, due to the low Stokes number for 
this particle size ( , 
where Dmean and Vmean are nominal mean flow length and velocity scales). The 16 
and 32 µm particles show successively increased slip between particle and gas fields, 
with 32 µm particle streamlines clearly intersecting the lung walls due to impaction 
and sedimentation. Figure 3(f) shows surface pressure contours along the lung wall 
boundaries (note that modified pressure P=p+ρfgz is plotted, which effectively 
removes the gravity head from the contours). A richly varying pressure field is 
observed associated with curvature and blockage induced accelerations and decelera-
tions within the bronchi passages. Figures 3(g) and (h) show predicted particle vol-
ume fractions for 16 µm and 1 µm particles, along the lung wall boundaries. The 
smaller particles (1 µm) exhibit little deviation from the inlet values since very little 
slip arises in these fields. Several interesting observations can be made from the 
16µm result. Most notable is the accumulation of particles due to impaction and sed-
imentation at branch concave curvatures and at bronchi sections that are facing 
upward (against gravity). “Starvation” of particle volume fraction is predicted in 
higher generation branches, especially along convex curvatures and at downward 
directed lung wall faces. Also observed is a slight reduction in particle volume frac-
tion near the inlet (i.e. αp < αp

inlet) due to gravity-induced acceleration of the parti-
cles from the no-slip relative velocity specified at the inlet. Figure 3(i) illustrates the 
presence of secondary flows. There, contours of helicity density ( ) 
are plotted. This normalized dot product of the velocity and vorticity vectors is a sca-
lar that can be conveniently used to identify vortical structures in complex geome-
tries. Also, in figure 3(i) the counter-rotating secondary motions associated with 
turning of the developing trachea boundary layers are easily identified.
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2/18µg( )/ Dmean/Vmean( ) O 10 4–( )≈=

H uiωi/ ui ωi≡

Figure 4  Cumulative deposition rates vs. generation number for the range of       
particle diameters considered.
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Figure 4 shows cumulative deposition rates vs. generation number for the range of 
particle diameters considered. Cumulative deposition rate is defined as the particles 
deposited in the current generation as a percentage of that available from the previous 
generation. Larger particles show a significant increase in deposition rate once they 
pass the nearly vertical thorax due to impaction and sedimentation, consistent with 
figures 3(d), 3(e) and 3(g). The significantly lower deposition rates associated with 
the smaller particles exhibit relatively flat deposition efficiency profiles with genera-
tion as observed in figure 4(b).

In figure 5, total deposition for the entire model is plotted vs. particle diameter. 
There the convection and diffusion components of the deposition rates are plotted 
along with total deposition. Convection-induced deposition (i.e., impaction and sedi-
mentation) dominates for particle diameters greater than 1µm, approaching Deff = 1 
(all particles deposited) for 32µm. Diffusion dominated deposition rates are relatively 
independent of particle diameter below 1µm and drop off significantly at higher parti-
cle diameters.

5 Conclusions

A three-dimensional multiphase CFD method has been presented and applied for 
modeling particle deposition in the human lung. In the authors’ view, the accuracy 
inherent in the geometric modeling employed, coupled with unstructured multiphase 
CFD analysis and physical modeling, provides a modern framework for building an 
accurate tool for pharmaceutical delivery assessments.

The modeling framework presented is being evolved beyond the baseline capabil-
ity demonstrated here. Specifically, the basic approach outlined is currently, or will be 
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Figure 5  Convection, diffusion and total deposition efficiency predictions for first 
five generations of tracheobrochial tree for the range of particle diameters considered.



in the future, extended in a number of ways. These advancements include incorporation 
of improved drag and non-drag interfacial dynamics models, improved deposition mod-
els, unsteady boundary conditions to accommodate complete breathing cycles, variable 
geometry/moving meshes to account for geometric variations in the breathing cycle, 
incorporation of the upper-trachea, mouth and nasal airway passages, and the represen-
tation/modeling of higher generations (i.e., > 5 considered here).
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7 Nomenclature

7.1 Symbols

Ai area vector
C1, C2, Cµ, κ, E turbulence model constants
CD drag coefficient
Cf cell face mass flux
Dkl drag force kernel
dp particle diameter
f, g drag force and deposition modeling functions
Jk diffusive mass flow rate
k turbulent kinetic energy
Mkl non-drag force
P, p modified and static pressure
Pk turbulence production
Prk, Prε turbulent Prandtl numbers
Rep particle Reynolds number
Scm, Sct molecular and turbulent Schmidt numbers
xi Cartesian coordinates
ui Cartesian velocity components
u+, u* velocity in inner variables, friction velocity
V cell volume
yw, y+ wall proximity in physical, inner variables

α volume fraction
ε turbulent dissipation rate
φ general transport scalar
Γ deposition mass flux
µm, µt, νt molecular, eddy viscosity, kinematic eddy viscosity
ρ density
τw wall shear stress
τ pseudo-timestep
ω, ωi under-relaxation factor, vorticity vector



7.2 Superscripts and subscripts

c, d convection, diffusion
g, p gas, particle field
k, l field indicators
m pseudo-timestep indicator
P, nb current, neighbor cell indicators
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