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Abstract

Medical simulations of physically-based lung morphology constitute promises as
effective tools for teaching and training clinical and surgical procedures related to lungs.
Their effectiveness may be greatly enhanced when visualized in an Augmented Reality
(AR) environment. However the computational requirements of AR environments limit
the availability of Central Processing Unit (CPU) for the lung dynamics simulation under
different conditions. In this paper we present a method for real-time lungs deformation
simulation that takes advantage of the programmable Graphics Processing Unit (GPU),
saving the CPU time for other AR associated tasks (e.g. tracking, communication and
interaction management). We extend a method previously developed for simulations of
the 3D lung dynamics using Green’s formulation in the case of the upright position, to
other patient’s orientation as well as the subsequent changes in the lung dynamics.
Specifically, the proposed method presents a computational optimization and its
implementation in a GPU. Results show that the computational requirements for
simulating the deformation of a 3D lung model are significantly reduced.
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1. Introduction

Medical simulation of respiratory physiology allows the development of promising tools
for applications ranging from teaching and training to surgical guidance. Of particular
importance is the simulation and visualization of physically-based lung dynamics based
on the lung morphology. A medical evaluation of regional lung structure and its
associated behavior during breathing, aids in estimating the available courses for medical
intervention.(Kaye et al., 1998) In the case of lung disease, the physician may better
understand patient outcomes of the clinical intervention possibilities. This paper focuses



on the simulation of physically-accurate lung morphology presented in an Augmented
Reality (AR) stereoscopic visualization environment. AR environments “augment” the
users view of the real world with virtual information.(Tang et al., 1998) Recently these
AR environments find applications from manufacturing and scientific guidance to
entertainment. Visualizing 3D lung morphology in an AR environment would involve
graphically super-imposing the 3D lung models onto the patient himself or a human
patient simulator (HPS) and visualizing their dynamics in a physiologically-accurate
manner. Fig.1 shows a snapshot of a 3D lung model super-imposed over a HPS.(Rolland
et al., 2003) Such visualization may significantly improve the clinical teaching and
surgical guidance of respiratory medical simulation. The key aims in achieving this
visualization involved (i) tracking the real-world position of the patient or HPS, (ii)
computing the subsequent global positions of the 3D lung models, (iii) registering the 3D
models onto the patient or HPS and (iv) deforming and graphically rendering the 3D lung
models.

Fig 1. View of breathing lungs superimposed over a HPS in the Augmented Reality
Center.(Rolland, Davis et al., 2003)

The technical challenges involved in designing a medical simulation for lung morphology
and its visualization in an AR environment arise from their computational complexity.
Specifically, in an AR environment the position and orientation of the patient are
updated by the tracking sensor every 16 ms, which requires deforming and rendering 3D
lung models at 30-66 steps per second.(Rolland, Davis et al., 2003) This subsequently
limits the usage of high resolution 3D lung models for real-time deformation and
visualization. A method to overcome this limitation was proposed in (Santhanam et al.,
2004a). In this method the 3D lung dynamics caused by the air-flow into the lungs was
modeled using Green’s Formulation and the lung deformation was pre-computed and
simulated in real-time for the upright position. However the changes in the 3D lung
deformations for changes in the patient position and orientation in an AR environment
were not accounted for. This paper extends the work in (Santhanam, Fidopiastis et al.,
2004a). The method presented in this paper extends the 3D lung dynamics previously
modeled in (Santhanam, Fidopiastis et al., 2004a) by off-loading the run-time
deformation computations from the CPU to the GPU. The paper is organized as follows.
Section 2 discusses the related work done in 3D lung morphology modeling and
deformation methods implemented using programmable graphics hardware. Section 3
briefly discusses the framework developed for 3D lung morphology simulation. Section 4
discusses the proposed method for simulating 3D lung morphology and the representation



of the associated computations in the GPU. Experimental results are presented in Section
5.

2. Related Work

Lung dynamics have been investigated for the verification of thoracic medical imaging
equipment and for medical training purposes.(Segars, 2002) Initial methods to model the
respiratory physiology were designed as regional pressure-volume equilibrium equations
based on physiology and clinical measurements. Mechanical and electrical analogues of
these balancing equations were simulated for understanding the lung behavior.(Rideout,
1990) These analogues substantially aid in providing controlled mechanical
ventilations.(Mesic et al., 2003)

Deformation methods compute the displacement of surface positions of a 3D virtual
model. These methods have been previously employed in applications ranging from
surgery simulation to animations. The deformation methods can be either geometrically-
based or physically-based. The geometrical methods are mathematical methods that model
the lung deformation during respiration by changing the positions of the 3D mesh surface
points.(Segars et al., 2001) Such methods can accurately model the lungs change in shape
in real time, but they have no physiological basis. Physically based deformation methods
attempt to model the lungs with more physiological accuracy. The physically based
deformation methods vary from simple functional representations such as mass-spring
models,(Terzopolous et al., 1987) to representations using polynomial basis functions,
such as Finite FElement Methods (FEM), (Bro-nielsen, 1998) and Green’s
formulation.(James et al., 2003).

An FEM based deformation was proposed by DeCarlo in order to visualize 3D lung
dynamics,(DeCarlo et al., 1995) and was further improved by Kaye in order to model
pneumothorax related conditions.(Kaye, Primiano et al., 1998) In both of these methods a
3D lung surface model was considered as a single-compartment model.(Kaye, Primiano et
al., 1998) An alternative method for modeling lung deformations using an FEM based
functional representation of bronchioles and parenchyma was investigated by
Tawhai.(Tawhai et al., 2003) In this method, the air-flow inside the bronchial airways
was modeled using computational fluid dynamic methods. The volumetric lung space was
divided into multiple compartments. The bronchial airway and the surrounding
parenchyma were modeled using FEM.(Tawhai and Burrowes, 2003) The computational
complexity of the FEM is limited by the number of nodes or elements used for the 3D
virtual model.

Green’s formulation represents the physics of non-vibrational deformation and is
computationally inexpensive as compared to the FEM. This formulation has been
extensively used in medical simulation of anatomical organs and their haptic



interactions.(James and Pai, 2003) Such formulation provides scope for real-time
deformation of high density 3D models obtained from medical imaging methods that
subsequently leads to the development of real-time medical simulation and visualization.
The computational complexity of green’s formulation is based on the number of elements
in the 3D model used and the elastic tissue behavior. Two key mathematical components
of this method are (i) the applied force on each node of the 3D model and (ii) the transfer
function matrix which is a square matrix representing the tissue property. The deformation
is obtained as a matrix-vector multiplcation of the transfer function matrix and the applied
force vector.(Stakgold, 1979) In order to increase the computation speed, we discuss the
usage of Programmable GPUs.

Programmable GPUs have been previously used for implementing both geometrically
and physically-based deformation methods. The geometrically-based methods of
particular importance were Key-framing and Vertex skinning.(Fernando et al., 2003) Key-
framing allowed a cartoon artist animate a 3D character (model) by interpolating among a
set of intermediate 3D frame sequences. Implementing this method in a GPU however had
the down-side that the intermediate 3D frames needed to be stored.(Fernando and Kilgard,
2003) Vertex skinning allowed a cartoon artist to create animations by associating the
movement of a node of a 3D model to the movement of set of key nodes in the 3D model.
These key nodes as a group were represented as a matrix (referred to as a bone matrix)
and the animation was reduced to a matrix-vector multiplication in a GPU.(Fernando,
2004) Physically-based methods were implemented in a GPU using the “Render-to-
Texture” feature. This feature allowed intermediate values of a computation to be stored
into a texture memory in GPU which was referred to as P-buffer.(d'Eon, 2004) This
approach was used in obtaining physically-based wave motions for fluid and cloud
simulations, (Harris, 2004) and FEM computations (Rumpf et al., 2001) in a GPU.

The focus of our research is on obtaining real-time deformations of high-resolution 3D
lung models and to visualize them in an AR environment. We off-load the deformation’s
computation from the CPU to the GPU. Specifically while the CPU caters to the
computational requirements of AR environment the GPU caters to the computational
requirements of deforming and rendering the 3D model in this AR environment.

3. Proposed Method for 3D Lung Deformation

In this section we outline the methodology adopted for the dynamic simulation of 3D
lungs deformation. This method is sub-divided into three stages of which the first two
stages have been previously addressed in (Santhanam et al., 2004c) and (Santhanam,
Fidopiastis et al., 2004a). In the first stage we parameterize the change in lung volume for
a change in pressure (referred to as trans-pulmonary pressure).(Santhanam et al., 2004b;
Santhanam, Fidopiastis et al., 2004c) This change in pressure which caused the air-flow
inside lungs accounts for both the local muscle resistance caused by anatomical



components such as lung tissue, diaphragm and rib-cages as well as the motor drive of
breathing controlled by a network of neurons in the medulla. This relation between the
lung volume and the trans-pulmonary pressure was referred to as a Pressure-Volume (PV)
relation. Both normal and abnormal PV relations may be simulated.

In the second stage we estimated the change in the global lung shape for an increase in
lung volume.(Santhanam, Fidopiastis et al., 2004a) This is obtained using a physically
based deformation method. Within the context of computer animation, a green’s function
based deformation was chosen since it has been observed that lung deformations do not
undergo vibrations.(Mead, 1956) The total number of nodes on each of the 3D high-
resolution lung models is approximately 400,000 which is high as compared to the usage
of 500 elements in (Kaye, Primiano et al., 1998). Such a large number of nodes facilitate
effective modeling of both normal and patho-physical lung deformations. Also a Young’s
modulus was first associated to every node of the 3D lung model based on the lung’s
regional alveolar expansion. A unit force was then applied on each node and the transfer
function matrix was computed using an iterative approach. In each step of the iteration the
force applied on a node was shared with its neighboring nodes based on a local average of
Young’s modulus as described in (Santhanam, Fidopiastis et al., 2004a). The iteration
stopped when this sharing of applied force reached equilibrium. At this point of
equilibrium the force shared by a node with its neighbors formed a row of the transfer
function matrix. In order to deform the 3D lung model an upright orientation was
considered. The applied force due to the air-flow inside lungs was given by the vertical
pressure gradient of lungs.(West, 1995; Fan et al., 2001; Krishnan et al., 2004) The
computed force was then normalized so that the sum of applied force magnitude on all the
nodes was equal to a unit increase in volume. A unit increase in volume was set as the
ratio between the tidal volume of human lungs (i.e, 500 ml) and the product of the
deformation steps per second (i.e, 66.66 steps/sec) multiplied by the ventilation rate of
inhalation or exhalation (normally 3 sec/breathing). Thus for an increase in lung volume
the subsequent change in lung shape was computed.(Santhanam, Fidopiastis et al., 2004a)

The third stage of the proposed methodology forms the focus of this paper. We present a
method to optimally compute the matrix-vector multiplication in a GPU during run-time.
Specifically the matrix-vector multiplication is represented in steps which can be pre-
computed off-line partially and is explained as follows. The columns of the transfer
function matrix are pre-computed and represented using spherical harmonic (SH)
coefficients. These coefficients are obtained from orthonormal decomposition of the
transfer function matrix using SH transformations.(MacRobert et al., 1967) A unique
property of lung deformations we make use in our approach is the property that the
transfer function remains a constant until the tissue properties undergo irreversible
damage.(Hauth et al., 2003) Since lungs do not undergo irreversible damages under
normal breathing conditions, the transfer matrix can be considered a constant. The transfer
function matrix is pre-computed using the method proposed in (Santhanam, Fidopiastis et
al., 2004a) and its SH coefficients are transferred into the local memory of the GPU along



with the 3D model before starting the simulation. The SH coefficients of the force applied
on the 3D model are also pre-computed. During the simulation, 3D deformation is
computed in GPU as a dot product of pre-computed SH coefficients of the applied force
and the transfer function matrix, which is computationally inexpensive when compared to
the dot product of the transfer function matrix and the applied force for a high-resolution
3D model. The usage of this representation in deforming the 3D lung model is as
explained in the section 4.

(a)
Fig 2a-b. Fig.2a shows the 3D polygonal lung model and Fig 2b shows the polar
coordinate representation.

4. Mathematical Model

In this section we discuss the steps in the third stage of the methodology adopted for
simulating 3D lung dynamics. The nodes of the 3D lung model ( as shown in Fig.2a) are
represented using polar coordinates (as shown in Fig.2b). Let 6;,9; represent the polar
coordinate of node I of the 3D lung model. At any instant during deformation a force is
applied on each node. Based on the values of the force applied on each node at that
instant we can determine the function F(6;,9;) that best approximates them.(Braess,

1986) Similarly we can also determine the function 7(6;,9;,6;,9,) that best approximates

the transfer function matrix of the 3D lung model which represents the elastic interaction
between node / and J associated with the deformation. The fundamental form of the
transfer matrix is as given in (MacRobert and Murray, 1967; Stakgold, 1979).
Let D(4;,9) be the displacement of the node I. For simplicity in notation we denote
D(;,9) by D), F@©;,95) by F(J) and 1(6;,9.,0;,9;) by T(IJ). D(I) using Green’s
formulation can be written as,

N
D)= FU)-TUJ) (1)
J=0
where N is the total number of nodes in the 3D lung model. Further to reduce the
complexity of the computation we approximate this function using a set of SH basis




functions (polynomials). The displacement and the transfer matrix have been previously
shown to be elements of a Hilbert space which can thus be re-represented using SH
polynomials.(Reddy, 1998) We use this theoretical fact to modify the computations
involved in the dot product on the right hand side of equation (1). A finite set of SH
coefficients are used for representing an array of numbers. Let Y;,,(4;,9;) represent the

SH polynomials and ¥",(6,.9,) be their conjugates polynomial at node J.(Ramamoorthi
et al., 2001) For simplicity in notation we denote ¥,(6,.9,) by Yi(J) and Y"k(6,.,9))esin(0))

by Y'«(J). The applied force can be represented as
n_bands |

F= YD Fin YD), 2)
=0  m=-[
where n_bands specifies the total number of SH bands and is the square root of the total
number of SH coefficients. The values of F, are the SH coefficients of the force where /

and m are indexes for the SH coefficients and the SH polynomials. The SH coefficients
can be computed from the applied force by the following relation

N
Fim= Y FO)-Y i (). (3)
J=0
The I"™ row of the transfer function can now be given as
n_bands |
= D D ), @)
=0 m=-1

where 774, represents the SH coefficients of the /” row of transfer matrix. Now we re-
write equation (1) by substituting the expansions of the applied force and the transfer
function row with their expansions given in equation (2) and (4) respectively. Thus
equation (1) can be written as

N | n_bands | n_bands '
DU)Z{ > > Fzmnm(J)H DD Y

J=0 =0 m=-1 =0 m'=-I'
It is worth mentioning the orthonormal property of SH functions. The summation (for
values of J from 0 to N) of the product of Y}, and Y., is 1 when / equals /" and m equals
m’ are equal and 0 otherwise.(Reddy, 1998) We thus reduce the equation (6) to be
represented in terms of the SH projected function

. (5)

n_bands |
D= D" P Tlwed, (6)
1=0  m=-I
where 4 is a constant ( of value 1) representing the summation of the square of v, (whose

value is 1 due to its orthonormal property) for all values of J.(Reddy, 1998) We now
introduce the following modification to equation 6.



n_bands |
pih=a T im - 4. )
1=0  m=-I
where @ is a coefficient which allows to account for finite value of n_bands. Further
discussion on the choice of n_bands and the corresponding value of & are discussed in
Section 5. The SH coefficients of both the applied force and the transfer function matrix
can be pre-computed and thus we need to compute only equation (7) during run-time in
order to obtain deformation of the 3D model.

Having discussed a method to optimize the dot product, we propose to compute SH
coefficients of the applied force for different patient’s orientation in run-time by
interpolating among a set of specified orientations. The origin of the coordinate system is
set to be the centriod of the lung model. The orientation of the lung model is now
represented in terms of the rotation angles along the X, Y and Z axes. Let pi,qi,and ¥ be
the arrays of pre-computed SH coefficients for the applied force at rotation angle i of
range in the set n/2,71,31/2, and 27 along X, Y, and Z axes respectively. Let @, b and ¢ be
arbitrary values for current rotation angles for the 3D lung model. For such orientation,
the SH coefficients for the applied force are computed by smoothly interpolating among
pi,qi,and 7. Let ag, al, b0, bl, c0 and c! be the angles of i that form the closest lower and
upper limits for a,b, and c, respectively. The SH coefficients of the applied force for the
orientation a, b, and ¢ are now given by

fabclm = falm +fblm +fclm (8)
where
= 1o xcosta=a0)+ piy " <costa—a) = 1" xcosts ~50) + g3, costo b |
" 3 S 3 ’
c0 cl
[ x cos(c—c0)+ x cos(c— '1}
fclm: ’7m ((/ c )3 ’/Zm ((’ L) . (9)

The advantage of using SH coefficients is that it reduces the dot product of two arrays of
variable length of non-zero values to a dot product of two arrays of fixed length of non-
zero values. Since the SH coefficients of the transfer function matrix as well as the
applied force are pre-computed, a significant amount of computation time is saved.

We now summarize the third stage in three steps.

1. In the first step, the position, color and normal of a node in the 3D lung model as
well as the transfer function matrix are transferred into the GPU’s vertex array.
Since GPU 1is a per-vertex processor, every row of the transfer matrix is
associated with a node of the 3D model and is transferred into the vertex array
as multi-texture coordinates.

2. The second step involves computing the SH coefficients of the applied force
array using equation (8-9) for the current orientation of lungs. The AR steps in



tracking the orientation of the patient or HPS is beyond the scope of this paper
and thus the orientation angles are assumed to be obtained from AR components.
3. The third step of the third phase is the implementation of equation (7) in GPU at
every frame. We use a GeForce4 FX Ti4200 for rendering and deforming the 3D
lung model. Specifically we use a CG 1.1 based programmable vertex-
shader,(Fernando and Kilgard, 2003) for the shading of the 3D model and
implementing the dot-product of the per-vertex transfer matrix’s row and the
applied force.(Fernando and Kilgard, 2003)
We now investigate the mathematical computational requirements of equation (1). For
High-Resolution 3D lung models, it was observed that each row of the transfer function
matrix has an average of 50 non-zero values. Thus the computation of deformation of a
node, using equation (1) will undergo an average of 50 multiplications and 49 additions.
We now continue by analyzing the computational requirements of equation (7). We first
compute the SH coefficients of the transfer function, which can be performed off-line as
the transfer function for lungs is considered a constant. The SH coefficients of the applied
force at pre-determined orientations can be computed from equation (3) offline. For any
orientation of the 3D lung model the applied force is interpolated using equations (8-9)
The deformation computation of equation (7) would be 16 multiplications and 15
additions per node which reduces the number of computations by approximately one-
third.

5. Lung Deformation Results

In this section we first discuss the speed-up obtained in using GPU-based deformations. It
is followed by a discussion on the graphic outputs obtained from those deformations. Fig
3a presents a comparison of the lung ventilation (volume change with time ) visualized
using the equation (1) for the deformation in a CPU (2800+ AMD Athlon) with the
ventilation visualized using equation (7) in a GPU (NVIDIA GeForce4 Ti4200). It can be
seen that the difference (referred as Lag) between the lung’s ventilation using a GPU-
based deformation (i.e. blue line in Fig.3a) and the actual ventilation simulated using only
the first phase of the proposed framework (i.e. red line in Fig.3a) is negligible. Such
small difference can be explained from the off-loading of the deformation computations
from the CPU to the GPU. Thus a 3D high-resolution lung model deformation is obtained
with a negligible lag in simulation. A lag in simulation is however observed in the case of
a CPU-based high-resolution 3D lung deformation (i.e. pink line in Fig.3a). This lag in
CPU based deformation increases linearly with simulation time as shown in Fig 3b.
These graphs support the computational speed-up results obtained from using GPU.

A snapshot of the visualization of high-resolution 3D lungs in the upright position at the
start of an inhalation phase is shown in Fig4a. The change in shape and volume at the end
of the inhalation phase using a GPU based computation is shown in Fig 4b. The
difference in this change in shape and volume was negligible when compared to the
change in shape and volume obtained using the CPU based computation. A side-view of



lung dynamics in upright and supine positions are shown in Fig 5a and 5b respectively.
The subtle difference in the deformation of the base of the lungs in the upright and supine
positions can be seen. Specifically the front side of the base region in the supine position
displaces more when compared to the back side of the base region in the supine position
which is not observed in the upright position. The total number of SH coefficients used in
the GPU-based implementation is 16, as it yield a close to 1 in using equation (7) for
lung deformations. The value of a was experimentally found to be 1.03. For less than 16
coefficients the value of o dropped significantlty below 1. For values more than 16 the
value of a stayed around 1. An accurate number of SH coefficients and the value of o
needed for modeling patho-physical lung deformations need to be established in future
work.

300 - —— Lung Volume without deformation
—— Patient's lung volume with CPU based deformation —__ CPU-based Simulation
—— Lung Volume with GPU based deformation

—— GPU-based Simulation

T
(I

i
U U

5 10 15 20 25 30 35 40 45 50 55 60 65

-

=

N
a
o

——

N

=]

S
o

Lung Volume (ml)
> o
o o
R
Aji74

~

S}

Simulation lag (Seconds)
w

o

o g
N~~~
E

10 20 30 40 50 &

-50

Simulation time (Seconds)

Seconds

Fig 2 (a) Delay caused by the usage of CPU based lung deformation and the subsequent
optimization seen in a GPU based lung deformation. (b) Demonstraton of the increase in
simulation lag with the usage of the CPU based deformations as opposed to GPU.

(b)
Fig 3 . 3D lung shape (frontal view) in an upright position at (a) the start of inhalation
and (b) at the end of inhalation.




. b)
Fig 4 . 3D lung shape (side view) at the end of inhalation (a) in an upright position.and
(b) in a supine position.

6 Conclusion

In this paper we have discussed a method to compute 3D lung deformations in a GPU for
an AR environment that accounts for changes in the deformations for changes in the
orientation of the patient or HPS. Such visualization may play a significant role in
assessing clinical interventions for a patient. The usage of high-resolution models in the
visualization supports meticulous modeling of tissue-degenerations. Future work will
involve validating the number of SH coefficients used and applying the proposed
framework for visualization of patho-physical lung morphology.
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