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Modeling real-time 3D lung defor mations for
medical visualization

Anand P. Santhanam, Cedlina Imielinska, Paul Davenport, Patrick Kupelian, and Jannick P. Rolland

Abstract—In this paper we propose a physics-based and
physiology-based approach for modeling real-time deformations
of 3D high-resolution polygonal lung models obtained from
High-Resolution Computed Tomography (HRCT) images of
normal human subjects. The physics-based deformation
operator is non-symmetric, which accounts for the
heter ogeneous elastic properties of the lung tissue and spatial-
dynamic flow properties of the air. An iterative approach is
used to estimate the defor mation with the defor mation operator
initialized based on the regional alveolar expandability, a key
physiology-based parameter. The force applied on each surface
node is based on the air-flow pattern inside the lungs, which is
known to be based on the orientation of the human subject. The
validation of lung dynamics is done by computing the force
applied on each node derived from a 4D HRCT data-set of a
normal human subject using the proposed defor mation operator
and verifying its gradient with the orientation.

Index Terms— Organ Morphology, Lung Physiology, Green’s
function

I. INTRODUCTION

edica modeling, simulation, and visuaization

constitute a framework for the development of
application tools for teaching and training in medicine.
When coupled with a stereoscopic visualization paradigm
such as Virtual and Augmented Redlity (V/AR), 3D
visualization is enabled. Simulated physiological lung
models may facilitate a better understanding of lung
physiology for the trainees.[1] Clinicians may utilize such
modes, derived from a patient-specific data, to determine
immediate treatment course and future interventions for the
patient. The need for such visualization arises from the cost
and complexity in capturing temporal continuous patient-
specific lung dynamics within a single breathing cycle.
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Deformation methods can capture the shape change in a 3D
breathing lung model, a key step in modding of lung
dynamics. Such methods facilitate accurate deformation of a
3D lung modd from its shape at the beginning and the end
of the inhalation cycle. Of particular importance is
modeling the shape change of high-resolution 3D modds
with a large number of elements (e.g. nodes, triangles).[1]
Such high resolution lung models may be obtained from
either Computed Tomography (CT) imaging and controlled
mechanical ventilation,[2] or from the Visble Human
data[l] The large number of elements in these high-
resolution 3D modes contributes to computational
complexity of the deformation computation and graphical
rendering, therefore limiting the real-time capabilities of the
application.

The real-time requirements of the deformation algorithm
may be best understood in the context of a general
description of the AR environment employed in the 3D
visualization as previoudy described in [3]. The
components of this AR environment consist of a Head Worn
Display (HWD), an optical tracker, a few landmarks in the
physical world, and a virtual scene to be rendered. The
landmarks are placed on a physical human patient
simulator. The optical tracker tracks the position of the
landmarks and the position and orientation of the HMPD at
the rate of once per 15 msec. A virtual static 3D lung model
is superimposed and viewed through the HWD on the
human patient simulator. Any changes in the position and
orientation of the HWD are tracked and the superimposed
virtual lung model is updated and rendered according to the
new viewpoint. Fig.1 shows static lungs superimposed over
a human patient simulator. To replace this static model with
physiologically correct deformable lung mode that is
displayed without flicker, the deformation must be
computed at greater than one frame per 15 msec. In order to
achieve this challenging rate of deformation, we present a
physically-based deformation method that is combined with
pre-computation.

The paper is structured as follows. Section Il summarizes
the related work on physicaly-based deformation
algorithms, tissue deformation methods, and lung
deformation methods, section 111 discusses the proposed
deformation method, section 1V discusses the validation of
3D lung dynamics using 4D HRCT data-sets, and section V
discusses the real -time deformations.
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Fig. 1. Visudlization of non-deforming lungs when
registered with a Human Patient Simulator.

Il RELATED WORK

In this section we overview related work on physically-
based deformation methods and discuss tissue and lung
deformation methods.

I1.A Physically-based Deformations

Physically-based deformation methods use a differentia
equation based formulation that alows modeling
deformations under dynamic conditions. These deformation
methods can be used extensively in areas ranging from
basic animations to surgica simulations. They can,
however, be classified into two groups (a) dynamic and (b)
static. While the dynamic methods more precisely represent
the transient stages of the deformation, the static methods
compute the equilibrium or final values of deformation.

A brief review of these deformation methods is as follows.
Initial models for dynamic physically-based deformations
were pioneered for modeing rigid-body simulation.[4]
While Platt used mass-spring models for creating animated
facial expressions,[6] Terzopolous used Finite Difference
Methods (FDM) to create smple animations[4] Of
particular interest is the mass-spring mode that has been
widdy used in  modeing deformations. Specific
implementations of mass-spring models can be seen for
cloth  smulations[7] facid animations[8] human
animations,[9] and organ deformationg10]. Additionally,
the mass-spring modd was modified into a mass-spring-
damper mode, which was suitable for modeing flow-
induced vibrations and was discussed by Blevins.[11] These
methods represent the mechanics of deformation as a
second-order differential equation of the position change for
a vertex on the 3D modd. The FDM was further modified
to simulate deformation of rigid bodies that lead to its
fracture. These formulations were computationally
expensive for high-resolution models. The methods that
improved computational complexity were based on either
decimating the 3D mode or simplifying the equation
complexity. The first approach used graph simplification
algorithms,[12] while the second approach used matrix
smplification methods[13]  An integration of both
approaches was done using multi-resolution wavelets.[14]
However, the performance of these dynamic deformation
methods is limited by the real-time requirements of the

computing system. Additionally, an increase in the number
of dements of the 3D models increases the graphical
rendering complexity.

To achieve real-time deformation, a linearization of
dynamic deformations may be used. This linearization can
be implemented wusng a first-order differentia
representation of equation of the motion. Generally, the
linearity in deformations occurs only for smaller and non-
torsional deformations. [15] A key advantage of
linearization of dynamic deformations is the possibility to
pre-compute the deformation. Once the deformation is pre-
computed for a unit force, the deformation is linearly
computed according to the applied force[16] Iterative
solutions for solving the first-order differential equation for
pre-computation purposes have also been proposed for
structural modeling purposes.[17]

Static physically-based (Elastostatic) methods represent
linearized dynamic methods that further improve the real-
time capabilities by directly computing the equilibrium or the
final position of a 3D modd when a force is applied. First
static methods were introduced by Lord Kelvin in 1848 for
bending an eastic rod. Furthermore, Lagrange suggested a
tensor based method for computing the equilibrium
displacements of the eastic rod.[18]. This method was
further improved by Green and was referred to as Green's
function.[19] The Green's matrix or tensor mathematically
relates the displacement of a node to the force applied on the
node and its neighboring nodes, for a given 3D mesh. A
measurement of Green's matrix for a given 3D real object
was done by computing the above deformation for an applied
force on a node. The surface properties of the 3D mesh is
generally taken to be homogenous (i.e, surface has the same
material properties at all the surface points), which renders
the computation to be inexpensive.[20]

A fundamental solution to heterogeneous e asticity problems
using Green's function was given by Nakamura[21], and
Ting.[22] While these methods were used in different
applications, they were based on inverting a known Green's
tensor.[23] The material properties used in the Green's
tensor were the dastic moduli of each surface point.[22]
However a method to represent a heterogeneous Green's
matrix in a computationally inexpensive manner till poses a
challenge.

I1.B Physically-based Tissue Deformations

Methods for representing tissue deformation were discussed
in the context of the tissue bio-mechanical propertiesin [24].
They were further developed to provide a basis for defining
static deformation methods for tissue modding.[25] An
analysis of soft-tissue modding usng the linearized
elastostatic reversible deformation approach was introduced
by Ddingette.[26] To deform modes that represent tissue
samples and organs, Finite Element Methods (FEM) were
used and the computations were further optimized using
condensation techniques.[13] The inability of linearized
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deformation approaches to model rotational tissue
deformations was addressed by Ayache[27] A non-linear
tensor model based on St. Venant-Kirchoff model was further
discussed.[27] Linear Element Methods [28] based on tensor
deformations were introduced in order to modd interactive
tissue deformations. This method was further modified to
include torsional deformations and was referred to as Radial
Element Methods[29] The scalability and run-time
complexity of these methods for deforming high-resolution
models need to be addressed further. An approach of
particular importance, which is based on wesk FEM [17]
with hierarchical levels of detail for soft tissue simulation
was presented by Hauth et al.[30]. In this method, Green’s
function was used for representing the strain tensors (ratio of
the change in length to the actual length). The stress (force
per unit area) tensor was represented as a convolution
equation of integration time for visco-elastic materials. The
transfer matrices were further computed using an iterative
approach. The heterogeneous eagticity of the tissue was
taken into account for every element by using a negative
exponential function of the Lame's constants of its
neighboring elements.[31]

[1.C Lung Deformations

Lung deformations have been studied for verifying different
brands of medical imaging equipments such as myocardial
SPECT, [32-34] understanding pulmonary mechanics,
registering MRI images, generating in-vitro lung models, and
for medical training purposes [35]. The initial methods to
model the 3D human lung deformation were based on
physiology and clinical measurements.[36] Significant
amount of work has been undergone in understanding and
modeling pulmonary mechanics using animal and human
data. Key parameters extracted from pulmonary imaging
modalities are the Green’'s strain tensor and Jacobian of the
displacement gradient. While the Lagrangian strain tensor
provided the change in length of the edgesin the 3D data, the
Jacobian of the displacement gradient provided insights on
thelocal changein lung volume.

From a smulation and visualization perspective, we
concentrate on deforming a given 3D human lung model for
a known air-flow inside it. It is done by using both the stress
and strain components at every lung node and using a
physics-based deformation paradigm that relates the stress
and strain in a local lung neighborhood. Under this context,
the human lung modeling literature has been mainly divided
into two approaches: (1) Single compartment model and (2)
multi-compartment modd. The physically-based deformation
of the human lung mode as a linearized single-compartment
model was proposed by Promayon.[37] An FEM based
single-compartment model was proposed by Decarlo for real-
time medical visualization.[38] It was then extended by Kaye
in order to moded pneumothorax related conditions.[39]
Additionally, a visualization-based training method was
developed for pneumothorax using a single-compartment

modedl.[35] The method had an andogy for lung
deformations to an eectrical circuit.[39] Ancther FEM based
single-compartmental surface lung modd was developed
from HRCT data of patients with lung tumors. Using this
FEM representation, CT images were smulated at different
breathing phases and used for pre-operative treatment
planning. Such procedures not only modeled the lung surface
deformations but also modeled the motion of lung tumors
inside the lung during breathing. The lung surface and lung
tumor motions were validated using patient data. The real-
timeissues in this approach was not discussed.[40]

A multi-compartment functional FEM model, which modeled
the tissue congtituents (i.e. parenchyma, bronchiole and
alveoli) of lungs was done by Tawhai. This effort aimed in
analyzing the anatomical functions of lungs during
breathing.[41] The run-time computational complexity of this
approach was reduced by modeling solely the bronchioles and
the air-flow inside the lung.[42] Of particular importance is
the role of air-flow inside lungs. Based on medical image
analysis, the spatial air distribution inside lungs was shown
to be dependent on the gravity and thus the orientation of the
subject. From the perspective of a  physically-based
deformation, the air distribution defines the force applied on
the lung modd and thus needs to accounted.

A non-physically based analysis of lung morphology has been
extensively investigated in the field of lung physiology and
imaging. Some of the key works include the analysis of lung
morphology using image warping.[43] A non-physically-
based method to lung deformations was also proposed using
NURBS surfaces based on imaging data from CT scans of
actual patients.[33] The usage of a high-resolution model for
lung deformations and its real-time visualization were not
addressed in these efforts. From a modeling and simulation
perspective, the physically-based deformation methods are
apt for smulating lung dynamics since they alow the
inclusion of different breathing parameters.

[l The Proposed Method

In this section we present a method for deforming and
visualizing 3D lung dynamics. The proposed model of lung
dynamics is based on the anaysis of both pulmonary
measurements to account for the physiology and CT imaging
datasets to account for the morphology. The usage of both
single and multi-compartmental modds for lungs is
discussed in section 11.C. Although the multi-compartment
mode for 3D lung dynamics can be observed to be a more
accurate mode for 3D lungs, its visualization cannot be in
real-time due to the high computational complexity induced
by the collison detection among the lobes. The single-
compartment model has the ability to satisfy the rea-time
requirement of the visualization system. Segars and Kaye
have also previoudy validated the accuracy of the single-
compartment model. Since our aim is to develop 3D real-
time deformable lung models that can be integrated with AR
based medical visualization systems, we choose a single-
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compartment model for representing the 3D lung dynamics.
Two components that are addressed in the proposed method
of 3D lung dynamics are: (1) Pressure-Volume (PV)
relationship of lungs, and (2) physics and physiol ogy-based
deformation of lungs. The former isintroduced and discussed
briefly in sections I11.A and 111.B. Specificaly section I11.A
presents the physiology of breathing, where the sequence of
steps in the respiratory process that leads to the inhalation
and exhalation is described. The role of the PV rdation in
representing this physiology is discussed. Section I11.B
presents a discussion on the pulmonary measurement and
parameterization of the PV reation. The physics and
physiol ogy-based deformation of lungs form the main topic of
the paper is detailed in sections 111.C-111.F. Specificaly an
introduction of the proposed deformation is given in section
[11.C. Section I11.D presents a discussion on the modifications
done to the 3D polygonal lung model, in order for the model
to be deformable The mathematicad mode of the
deformation method is discussed in sections 111.E and I11.F.

[11.A Physiology of breathing

The first step in the respiratory process is initiated by the
anatomical components that deal with the control of
ventilation. The control of ventilation is managed at the
highest level by a network of neurons that starts with the
brainstem and ends with spiral motor neurons. Such
networks of neurons drive the muscles of breathing. The
motor drive of breathing controls the respiratory rhythm and
the adaptation to physical conditions. The respiratory rhythm
is generated by the Central Respiratory Pattern Generator
(CRPG), which is formed by synaptic connections of neurons
generating a specific firing pattern in the brainstem. The
outputs of the CRPG are the phrenic activation and
intercostals activation. While the phrenic activation controls
the diaphragm movement, the intercostal activation controls
the intercostal muscles movement.  These activations
innervate the muscles of the thoracic cavity, and the motor
units of the respective muscles respond. The diaphragm isthe
muscle that forms the floor of the thoracic cavity. It is made
of two sets of fibres, namely Costal (anterior part of the
diaphragm) and Crura (posterior part of the diaphragm).
The diaphragm contracts during the inspiration cycle and
relaxes during the expiration cycle, creating an upward-
downward (cranio-caudal) movement. The intercostal
muscles mainly constitute the rib-cage. And has a forward-
backward (anterior-posterior movement) The combined
output of the activations causes the non-uniform change in
shape of the thoracic cavity, which subsequently leads to the
decompression of air insde the lungs and a decrease in
pressure inside the lungs. This decrease in pressure leads to
the flow of air inside lungs. The relation between the change
in pressure and volume is referred to as a Pressure-Volume
(PV) rdation. The PV relation reflects key respiratory
parameters of the patient such as lung tissue properties and
aso indicates the presence of changes in pulmonary
mechanics. Ventilation and the movement of ar are

dependent on the compliance of the airway and tissue
resistance of the lungs during breathing. The regional change
in 3D lung shape was observed by [44] to be mainly
attributed to the change in the dimensions of alveolus and
alvedlar ducts. This change can be related to the change in
the alveolar blood pressure and alveolar air volume. The
blood pressure in alveolus and aveolar ducts was discussed
by [44] to be a constant through out the breathing process.
Thus the regional change in lung shape depends on the
alveolar air volume capacity. From a modeing and
simulation perspective, the two key components related to the
physiology that are to be taken into account are the PV
relation that provides the details on the volume of air-flow
inside lungs and the alveolar expandability (alveolus and
alveolar duct expandability) that provides the regional air
distribution inside the lungs.

[11.B Extraction and parameterization of PV datasets

A method to parameterize the PV relation is discussed in
[45, 46]. From a modeling and simulation perspective, such
an approach alows us to model the PV rdations of both
norma and disease states (eg. Chronic Obstructive
Pulmonary Disease & Dyspnea). The method takes into
account both the control of ventilation and the muscle
mechanics. Such an approach alows us to smulate PV
curves in different breathing conditions, which can then
drive the smulation of 3D lung dynamics for medical
visualization applications. The PV relation was represented
using both a second-order differential equation that
represents the increase and decrease in volume, and a non-
linear control function that represents the summary muscle
resistance. The control function was given as a linear
summation of products of control parameters and a set of
basis functions. The basis functions allowed us to steer the
control function which accounts for variations in the
breathing condition. The proposed method can be reversed
in order to estimate the values of control parameters from
human subject data. Results show that a set of five control
parameters may define accurately the PV relation system.
The associated PV relation showed less than 1% RMS
difference with the normal human subject data.

The validation of the proposed PV relation using pulmonary
measurements from human subjects was done as follows: A
set of two adult subjects was considered. They were informed
of the purpose of the study prior to starting the experiment
and consent was obtained. The Institutional Review Board,
at the University of Florida reviewed and approved this
project. Two adult men with no history of pulmonary or
cardiovascular disease participated in this study. At the
beginning of the experiment, a standard set of instructions
was presented to each subject, informing them of their task.
Each subject was told to respire as normally as possible. The
subjects were seated comfortably in a chair. The subject wore
anose clip and breathed through a mouthpiece connected to a
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non-rebreathing valve. Care was taken to suspend the valve
to eliminate the need for the subject to bite the mouthpiece
yet maintain an airtight seal. PM was recorded from a port in
the center of the valve. In esophageal pressure, Pes was
recorded. A thin-walled latex balloon (length of 10 cm, and
adiameter of 3.5 cm) was placed over a polyethylene catheter
(i.d.= 0.14 cm). The balloon-catheter was connected to a
calibrated differential pressure transducer (Micro Switch,

the oropharynx before each experiment to reduce the gag
reflex, and the balloon was lubricated with 2% viscous
xylocaine. Pes was measured by advancing the balloon-
catheter transnasally down the esophagus until the balloon
was in the middle third of the esophagus. During calibration
Pes sensitivity was adjusted to zero. The subjects were aso
asked to close their eyes throughout the experiment to
prevent eye blinks and reduce visual distractions. The

14PC). A topical anaesthetic (Citacaine 2%) was applied to  subjects inspired
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Fig 2a-b show the PV curves measured from two human subjects and their parameterized representation.
through  the  non-rebreathing  valve  with a models by using the segmentation functions from the

pneumotachograph placed between the mouthpiece and the
mouth port of the valve. The pneumotachograph was
connected to a differential pressure transducer for the
measurement of airflow, V'. Volume was measured by
electrical integration of the airflow signal. PM, Pes, V’'and
V were digitalized and stored on computer disc for
subsequent analysis. Pes-V curves were obtained for quiet
breathing and a dow vital capacity maneuver for each
subject. The cardiac artifact was removed by digital filtering
of the Pes signal. Figs. 2a-d show the normalized PV curves
extracted from the human subjects and the normalized PV
curves parameterized for each of the subject data. The
figures show outstanding agreement with the subject data
and their parameterization.

[11.C Lung Morphology

3D lung deformations can be effectively understood by
analyzing the 3D lung morphology obtained from CT
imaging scans. The datasets have been collected as follows.
Four CT scans of a normal subject lying in the supine
position were aobtained by Dr. Eric A. Hoffman from the
University of lowa[47]. Each scan was taken at a different
time point during respiration with the lung volume held at
approximately 5%, 40%, 75%, and 100% of the vital
capacity. It was measured by a pneumotachometer and a high
frequency balloon valve prohibited air flow at the mouth
when lung volume reached the desired level on the expiratory
limb.[2] The surfaces for the right and left lungs were
computed from each scan and converted into 3D mesh

Analyze software developed at the Mayo Clinic.[48]

Fig.3a and Fig.3b show the frontal and side view of the 3D
lung models obtained in a supine position at the start of the
inhalation (blue model) and at the end of the inhalation
(brown modd) cycle. In Fig.3a the cranio-caudal
displacement of the lung base is shown to be greater than that
of the lung apex. In Fig.3b the anterior-posterior
displacement of the apex region of the lungs, which is
minimal as compared to the base region of the lungs, is
showed. Such non-uniform changes in lung dimension is
caused by (1) the non-uniform change in the thoracic cavity
dimension, (2) the heterogeneity of the lung tissue easticity,
and (3) the regional variation in the airflow caused by
gravity. From the lung physiology it can be seen that the
change in thoracic cavity dimensions is caused by the
contraction of the diaphragm and the rotation of rib-cage
during breathing, both of which can vary for every one. In
Fig.3a and 3b, the base of the lungs shows no significant
variations in the costal and crural diaphragm segments and
thus the image data shows the uniform movements of the
diaphragm segments. In this paper we thus consider the rate
of change of costal and crural segmentsto be O, as seen in the
CT images, which alows us to focus on modeling the shape
change induced by lung tissues.

It can also be observed from clinical data that there exists
linearity in the change in lung dimensions with an increase
in volume. Fig.4a represents the linear change in the
dimensions of the lung’'s bounding box (a box that exactly
encloses the 3D lungs) with an increase in volume during a
single breathing cycle. Fig.4b represents the linear changein
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the ratio of the lung volume and the bounding box volume as
lung volume increases. Theratio is aso seen to liein aclose
range of 0.32-0.40.

A clinical anaysis of the linearity in individua node
displacements was presented in [47]. In summary, a set of
landmarks were chosen and tracked in the sequence of 3D
models obtained during a single breathing cycle. The
magnitude of the landmark displacements was observed to
be linear with an increase in volume. Thus the change in
lung shape can be modeled as a linear function of the
change in lung volume. The directional component of the
nodal displacement was not reported. In this paper, the
directions of the displacements of nodes in the surface of the
3D lung modd is taken as a constant during a single
breathing. The constant direction is motivated by two
anatomical facts: (a) the radial and linear expansion of
alveoli throughout a breathing cycle (based on
morphometric analysis),[49] and (b) the pleura liquid that
allows the lungs to slide during rib-cage rotation.[50] From
a mechanical perspective the constant direction of nodal
displacement is supported by the work minimization
principle]51] This property is further analyzed in Section
II.F.

[11.D Quitline of the proposed method for real-time 3D lung
dynamics

The first component of the proposed methodology was
detailed in section Ill.LA. The second component of the
proposed methodology constitutes the main contribution of
this paper, which estimates the localized change in the lung
shape as the function of an increase in lung volume.[52] The
proposed method of visualization can accommodate
deformation of a high-resolution 3D human lung model. The
usage of high-resolution models is needed in modeling both
normal and patho-physical lung dynamics with high fiddlity.
The change in lung shape is modeled using an eastostatic
deformation method. This deformation method has the
following properties. First, it compensates for the lack of
information about the lung tissue's elastic heterogeneity by
usng an estimate of local tissue easticity. Second, the
method accounts for the fact that there are no contact forces
at surface points, as commonly encountered in physically
based deformation methods, given the air flowing everywhere
inside the lungs. The method is detailed in sub-sections I11.C-
I.E.

The third component of the methodology adopted for the
simulation of 3D lung dynamics deals with the
implementation of 3D lung deformations in a graphics
processing unit and is summarized in section V and detailed
in [53].

s
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Fig.3 (a) A frontal view of human 3D lung modd at the start of inhalation (blue) and at the end of inhalation (brown) (b) A
sideview of human 3D lung modd at the start of inhalation (blue) and at the end of inhalation (brown)
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Model Discretization
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Fig.5. (a) A schematic representation of a discrete 3D model using the proposed approach and the corresponding
representation using a mass-spring model.[5] (b) A schematic representation of force application in the proposed approach as
well asin the mass-spring model

[11.C 3D Model Representation

We now explain the modifications applied to a 3D lung mesh
model, then present the method for computing the magnitude
of the node displacement. The input is a high-resolution mesh
lung mode that is to be deformed using the following
modifications. For each link of the polygonal moddl, we add a
node called a spring node. The spring node is used to damp
the flow of applied forces between two mass nodes. A
schematic representation of the mass-spring model together
with the proposed mode is shown in Fig.5a. Additionally,
each node in this modified polygonal mode is given an
associated attribute representing its stiffness. These stiffness
values are equivalent to the Y oung modulus, which represents
the ratio of the strain experienced by the node to the stress
applied.[31] These values are assigned based on the regional
alveolar expansion of the human lungs.[50] In the proposed
approach on every mass node a force is applied. A schematic
representation of force application is as shown in Fig.5b.
There are two ways in which the applied force for a mass
node can be set. First, it can be estimated based on the
orientation of the lungs since the air-flow inside the lungs is
caused by the vertical pressure gradient. The computation of
displacement of every node from this applied force is
discussed in sections 111.D & I11.E. Second, the applied force
on every node can also be more accurately extracted using
clinical data combined with the mathematical mode
discussed in Section I11.D. This extraction of applied force
from the clinical dataisfurther explained in section 1V.B.

I11.D Mathematical model

We now explain the mathematical modd that is used to
compute the displacement of mass nodes for a given applied
force. Let the mass, displacement, and velocity of the i
node be M[i], D[i] and D’[i] respectively. The velocity

(using Newton’ s laws of motion [54]) is computed as follows
. F[i
D'[i] :Mi[[i]] ’
(D

where F[i] is an elastostatic force and is computed for every
node from the direct force applied on it and the force it
receives from the neighboring nodes. Because the Young's
modulus accounts for the mass, the value of M[i] isset to 1.
The dastostatic force is computed using the following
physical principle. A given amount of direct force that is
applied on any node on the surface is transferred in part to
the neighbors of that node in a particular ratio given by a
transfer matrix. This transfer of forceis caused by the elastic
interaction, which causes the neighboring nodes to exhibit
displacement. The transfer matrix contains the ratio with
which the direct force is transferred between nodes. This
principle is mathematically represented by the Green's
formulation.

Let f[j] bethedirect force applied on node j, and T[j® i] be
the transfer matrix element of the Green’s formulation that
represents the transfer of force from node j to i. The
resulting elastostatic force F[i] can bewritten as

N
Flil=g L1 Tl @l @

j=0
where N is the total number of nodes. Some of the key
properties of the transfer matrix are as follows. The
dynamics of air flow inside lungs follow fluid dynamic
properties, which eliminate the contact force on each lung
node. Such fluid flow properties alow the air to flow into
regions of lower resistance. The variation in regiona
resstance to expansion is caused by the heterogeneous
expansion of alveoli. While the transfer matrix is thus not
symmetric as previoudy used in traditional methods, the
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summation of its elements for a given value of j isalso set to
1

N
éT[j@ i]=1. 3

j=0

Using the equation (3), equation (2) can be expanded as

3 &
Flil=flil+ g flITMli®il- Q flITi® . (4
j=0,ji j=0,jti

From equation (4), it can be seen that the elastostatic forceis
a summation of the force directly applied on anodei and the
force received from its neighboring nodes, subtracted by the
direct force of i transferred to its neighbors. Thus, for a
known transfer matrix and applied force the displacement
can be computed using equation (4). Equation (4) describes
the force distribution that occurs in an dastic displacement
of nodes. However, since the transfer matrix is not known,
we consider a localized estimation of the transfer matrix
elements, which is based on an elastic equilibrium caused by
the laws of conservation of energy. Let T[j®i] be the

estimated transfer matrix element whose estimation is
discussed in section I11.E. The elastostatic force applied on
surface nodes under eastic equilibrium can be represented
as

N
Fil=F[]" THi® i+ &F( el O
j=0,jti

Equation (5) is an iterative equation, which represents the
local balance among the forces acting on each node of an
elastic surface, which in our case is a mesh lung modd. In
order to solve this equation an iterative solution is required.
The initial value F[i] on the right hand side of equation (5)
is subgtituted for f[i] . The equation (5) is now re-written as

F[i]=f[i]” T[i® i]+ éN_F[j]Te[j®i]. (6)

j=0jt i

Equation (6) is still an iterative equation as every neighbor
of node i experiences a smilar force distribution process.
Additionally, every node receives an elastostatic force based
on the elastic interaction among the nodes. Sincein the real-
world the lung tissues are thin, no vibrations are seen during
lung deformations and the elastostatic force is assumed to
reach its equilibrium in a negligible amount of time. Also,
the lung deformations are observed to be linear with an
increase in volume (as explained in section 111.B). For a
known value of the estimated transfer matrix and applied
force, the elastostatic force can be derived. The values of the
transfer matrix T can be computed by equating the right
hand side of equation (5) and equation (2) and by
considering the magnitude vectors f and F as diagonal
matrices. The elements of the transfer matrix T can thus be
written as

Tj® i]=%§' T®il. @

[11.E Iterative solutions for displacement computation

We now proceed on solving eguation (6) to estimate the
elastostatic force for an initial estimation of the applied
force. An iterative method to compute the elastostatic force
starts with an initial estimation of the transfer matrix. Using
estimation of the transfer matrix and the applied force we
compute the elastostatic force. The estimated transfer matrix
(Te) is computed for every node pair j and i. To estimate the
transfer matrix, a regularly connected mesh, as observed in
high-resolution 3D models, is considered. Let us consider
an accumulator matrix TP used by the transfer matrix for
storing intermediate computations. The transfer matrix from
every node to every other node is initially set to 0 and then
computed as follows. The transfer matrix from anodej to its
immediate neighbor i is first computed by dividing the
Y oung modulus of i by the summation of Young’'s modulus
of nodes in the immediate neighborhood of j, and is given as

Te[j®i]:TPe[j®i]+(cnqu°eofm Sae 1 6)*Dis;j i)’
q Sesnd
(8)
TPj® i]=T[j® ], ©

where S istheinverse of the Y oung modulus of the i"nodeif
i isa spring node. With respect to the mass node, the value of
S is the Young modulus. The Dist(i,j) is a function that
represents the Euclidean distance between the i and | node.
The minimum value of Dist(i,j) is set to be 1. The cliqueof(j)
represents the immediate neighboring nodes of j. The transfer
matrix is then propagated from j through i to other nodes
until the contribution reaches 0 in the following manner: the
transfer matrix from node j to a node k, which is an
immediate neighbor of nodei and not an immediate neighbor
tonodej isgiven as

TH®K=TP[j®K+T[j®i]" T[i® k] , (10)
TP[j ® K| =T,[j ® K]. (11)

The value of TJ[i® k] is computed using equation (8).

Equation (10) is used for computing the transfer matrix for al
nodes reachable from the node j along a forward path.
Equations (8-11) will always converge because the transfer
matrix between any two nodes is always less than 1. The
result of equations (8-11) gives an initial estimation of the
transfer matrix.
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Fig 6 Schematic representation of the accumulators used for the iterative solution
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To compute the elastostatic force, it is first initialized to the
applied force. The force applied on a spring node is initially
set to O since these nodes are used for damping the flow of
force between two mass nodes. Two sets of accumulators for
each node are introduced at each iteration time step t, which
are named Catcher' and Pitcher!, respectively. While the
former provides the final value of the force that causes the
displacement for a node, the latter indicates the force, which
needs to be distributed to its neighbors if it is greater than 0.
A schematic representation of the applied force and
accumulators are shown in Fig.6. During a sequence of
iterations denoted by t, a node i of maximum Pitcher™ is
chosen and the force in that accumulator is distributed to
other nodes as follows

Pitcher'[j] = Pitcher “'[j] + Pitcher “Y[i]” T[i® j],  (12)
Catcher'[i] = Catcher'[i] + Pitcher " [i]” T.[i ® i], (13)
Pitcher''{i]=0 . (14)

It can be seen that the Pitcher' accumulator reaches zero for
all the nodes for higher values of t. Each node i is either a
mass node or a spring node. The eastostatic force F[i] of a
mass node i in the modd are given by the Catcher([i]
accumulator. The Catcher'[i] for a spring node i is set to be
the average of its two mass nodes for deformation purposes.
The above equations are repeated in the same order until the
Pitcher accumulator of all the nodes becomes 0. Thus the
iterative solution can compute the equilibrium displacement
of each of the moddl nodes for a given applied force. This
completes the computation of the elastostatic force that can be
now used for animation of the lung mode. Before we proceed
with it, first we have to verify the validity of the iterative
solution. Fig.7 shows the convergence of the proposed method
as compared to the exponential convergence of the mass-
spring-damper model. The convergence of the proposed
method is superior as compared to the mass-spring-damper
modd.

IV Validation Procedure

The validation procedure first focuses on the accuracy of the
proposed mathematical moddl. It is then followed by the
validation of lung deformations.

IV.A Validation of the proposed mathematical model

The role played by physically-based deformations for the
deformation of both homogenous and heterogenous eastic
models is discussed in section 11.A.b. In order to account for
variations in the lung's eastic property, the proposed
mathematical model needs to be validated for both
homogenous and heterogenous e astic models. For validating
the mathematical model, the mass-spring-damper modd [11]
is chosen and simulated for both homogenous and
heterogenous models using the Kineticskit source code's
graphical interface[55] The same graphical interface was
also used to simulate and compare the deformation method
we proposed.

The mesh of the mass-spring-damper model was considered
to have homogenous el astic properties. A force pattern similar
to the expansion of lung models (bending force) was applied
on each node of the mesh. The origina mesh and the
deformed mesh using the proposed method are shown in
Figs.8a and 8b. The difference in the displacement using the
two methodsislessthan 0.1% RMS.

Fig.9a shows a 2D circular mesh with nodes (Blue spheres)
of variable size. The lower the radius of the node, the higher
is their Young's modulus. This 2D mesh is deformed by
applying a unit force on al the nodes along their radius.
Using the proposed method of computation the 2D deformed
mesh is as shown in Fig.9b. It can be seen that the radia
displacement of nodes with lower Young's modulus is less
than 0.1% RMS, which illustrates the absence of fixed contact
force on the nodes.
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Fig 7. Convergence of the proposed method as compared to the exponential convergence of the mass-spring-damper model

Fig.8. (a) A regular planar mesh of isotropic Young's modulus. (b) the deformed shape of the regular mesh using the proposed

method of deformation.

(@

Fig.9. (a) A regular 2D circularly connected mesh of nodes (blue spheres). The lower the radius of the node the higher is the
Young's modulus(b) A deformed 2D circularly connected mesh. A balloon-like expansion can be seen in the deformed state.

<

Iteration time
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IV.B Validation of 3D lung dynamics

The validation of 3D lung deformations is done by: (i)
validating the linearity in the direction of 3D lung
deformation for every node using the proposed method, (ii)
validating the deformation, and (iii) estimating the applied
force f from the 4D HRCT dataset coupled with equation (6)
and verifying that it correlates with the gradient of gravity

caused by the orientation of the human subject. The relation
of the air-flow and the gradient of gravity has been
previously quantified.

IV.B.1 Validation of the displacement direction

We compute the directions of the displacement of the model
nodes using 3D clinical data analysis while we compute the
magnitude of applied force using equation (6). A sequence
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of three 3D lung models obtained from a normal human
lung at 5%, 40%, and 75% tidal volume at supine position
were considered for analysis. The supine position imposes
no downward movement of the lung tissue at the apex and
no forward movement at the posterior part of the lung. Thus
the apex is chosen as the origin for the Z-axis, the posterior
part of the lung as the origin for the Y-axis and the heart as
the origin for the X axis. The surface node of these 3D
models at various tidal volumes needs to be put in
correspondence in order to compute the displacement of
nodes. Although, various correspondences corresponding to
different directions of deformation could be established, one
direction for each node will yield a linear displacement
when the lungs are expanding from 5% to 40% tidal volume
and 5% to 75%. The correspondences are established by
projecting a ray from a node of the 3D model at 5% tidal
volume in a specific direction and performing a ray-triangle
intersection analysis of that ray with the lungs at a higher
tidal volume. The specific direction is estimated as follows:
Let min and max be two vectors that represent the bounding
co-ordinates of the lungs at 5% tidal volume. Let p; be the
position of node i at 5% tidal volume, and d; be a vector that
represents the estimated direction of node i. Under the
hypothesis that the direction of displacement is constant, the
components of di may be simply modeled as first-order
polynomials given by

d.x=c ZRX-mnX o (15)
max.X - min.Xg
. ..C,

gy =gy BRY-miny o (16)

gmax.Y- minY g
, & p.Z- mnZ QCB

di.Z =c =
: s gmax.z-min.zg

: (17)

where ¢, ¢,, C3,Cs, Cs, and Cg are constants.

The choice of thisfirst-order polynomials are now validated
by ensuring that their use yidds the correct lung
deformation given by medical data within 1% root mean
square (RMS) error. The required values for the constants
must allow the displacement’s magnitude of every node to
be linear with an increase in volume as previoudy observed
in [47]. The constants were estimated by an exhaustive
searching approach to choose their values that has the
minimum RMS error. The searching approach may be
described as follows. The initial value of the constants was
set to be 0.01. We then computed different combinations of
values for the constants, with the difference between two
consecutive values of a constant set to 0.01. For each
combination we computed the displacement of surface
nodes.

The values of the computed constants that provided an RMS
error of less than 1% are given in Table 1. Results of the
corresponding deformations obtained are now detailed.
Fig.10a and 10b shows the side view of the left and right
lungs at 40% tidal volume (blue moddl) overlapped with the

corresponding left and right lungs projected along the
directions computed from equations 15-17 when expanding
from 5% to 40% tidal volume (red model). The overlap in
each of these cases was computed using Geomagic Software
to be within 1% RMS (2 mm) surface distance error. Such
results support the hypothesis that the direction of
displacement of the surface nodes of a 3D lung model under
normal breathing conditions can be modeled as a constant..

IV.B.2 Validation of 3D lung deformations

The validation of 3D lung deformations is performed in two
approaches: (i) comparing the shape of simulated lung shape
with subject lung shape (morphometric validation), and (ii)
comparing the positions of biologically relevant landmarks
in simulated lung shape and subject data.

The ability to accurately ssmulate the 3D lung shape at
100% tidal volume validates the proposed method of lung
deformation. Fig.11a and 11b shows a side view of the left
and right lungs at 100% tidal volume (blue model)
overlapped with the left and right lungs projected along the
same directions computed from equations 15-17 when the
lung is expanding from 5% to 100 % tidal volume. The
magnitude of the displacement in this case was computed by
linearly scaling the nodal displacement computed for a
deformation from 5% to 40% tidal volume.

Biologically relevant landmarks were chosen on the 3D
models of human subject data at 5% and the same
landmarks are aso chosen on the 3D modes of human
subject data at 100% tidal volume. The lung mode at 5%
tidal volume is then deformed using the proposed method
The new lanrmark positions matched with the landmark
positions marked on the human subject data at 100% tidal
volume with less than 2mm departure. Fig 12a and 12b
show the simulated landmarks (green) and landmarks
chosen on the human subject data at 100% tidal capacity
(blue).

IV.B.3 Validation of the applied force

The magnitude of force applied on each node of the data set
is then computed using equation (6) with the displacement
estimated from the above steps and the transfer function
estimated using equations (8) and (9). The next step is to
compute the magnitude of the applied force as a function of
node position. The applied force on a node i is first
normalized to fit within a range of O to 1 and then
approximated using the following function

fi]=c” &pX- mirJX9+ , &QY- min(9+ ,&EQZ-mirk ¢
“ e minG ® &max-ming ° Smaz- mii

(18)

where ¢;,¢cg and ¢y are constants, which are estimated by an

exhaustive search approach with the constraint that the
above function best fits the applied force computed from
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medical data. Using equation (16), the applied force of the
given 4D lung data-set is modeed to satisfy an RMS error of
less than 1%. The values of these constants are also
tabulated in Table 1, which can be used for obtaining a
physically-valid 3D lung deformation. It can be observed
that the value of c; and ¢y are very less as compared to the
value of cg, which shows the effect of the gravity (along the
Y axis) on the applied force. It must also be noted that the

values of these constants can be used in simulating 3D lung
deformations in supine orientation for any 3D static lung
modd such as the Visible Human dataset. Such a simulation
would yield a deformation similar to the 4D HRCT dataset.
Datasets are now being collected on which a statistical
analysis of these constants will be conducted in order to
establish their range of variability across a given population,
which in afirst step will be normal subjects.

Zavis

(@

Zhvis

(b)

Fig.10. (@) A side view of a 3D left lung model at 40% tidal volume (blue color) and a 3D left lung model obtained by
deforming the left lung at 5% tidal volume to 40% tidal volume (red color). (b) A side view of a 3D right lung modd at 40%
tidal volume (blue color) and a 3D right lung model obtained by deforming the left lung at 5% tidal volume to 100% tidal

volume using the same direction of displacement (red color).

Table.1 Tabulation of constants estimated from a normal human subj ect

Lung C1 Cc2 C3 07 C5 C6 Cc7 C8 C9
Left 0.09 0.23 0.4 0.5 01 23 0.01 0.95 0.07
Right 0.09 0.22 0.39 0.51 011 2.2 0.01 0.96 0.05

(@

(b)
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Figll. (a) A side view of a 3D right lung model at 100% tidal volume (blue color) and a 3D left lung model obtained by
deforming the left lung at 5% tidal volume to 100% tidal volume (red color). (b) A side view of a 3D right lung modd at
100% tidal volume (blue color) and a 3D right lung model obtained by deforming the right lung at 5% tidal volume to 100%
tidal volume (red points) using the same direction of displacement used for Fig.10. The magnitude of the displacement in this
case is computed by linearly scaling the nodal displacement computed for a deformation from 5% to 40% tidal volume

Fig12. (a) A side view of a 3D right lung model at 100% tidal volume in which the landmarks chosen on the subject data (blue
color) and and the simulated landmarks (green color) are shown. (b) A side view of a 3D right lung model at 100% tidal
volume in which the landmarks chosen on the subject data (blue color) and and the simulated landmarks (green color) are

shown.

(b)

V. Real-time deformations

We now have discussed a physics and physiology-based
method for modeling 3D lung deformations. Using this
method we can now animate various 3D lung modd in two
approaches. In the first approach,for real-time deformation
we make use of the Graphics Processing Unit's vertex
shaders to compute the lung deformation. In addition, we
aso make use of the Spherica Harmonic (SH)
transformations to reduce the computational complexity of
the matrix-vector product (of the transfer function and the
applied force). Such an approach allows us to use the applied
force approximated for different subject orientation, in order
to obtain the real-time lung deformations for subject at
different orientations. This implementation, which is further
detailed in [53], is then integrated into the AR environment
discussed in section |. This implementation, which is further
detailed in [54], has a per-vertex computation of
approximately 16 multiplications and 18 additions, which is
lower as compared to the per-vertex computation of equation
)

In the second approach we discuss a method for deforming
3D lung modds for static subject orientations. When
compared to the first approach, the second approach would
further reduce the per-vertex computation to three additions,
which improves the scalability of the simulation and
visualization environment. In this case, the displacement of
each node is pre-computed for a unit applied force, and for a
given orientation of the patient. The pre-computed

displacement is used for deforming 3D lung models in real-
time across the whole breathing cycle using the linearity in
displacement from lower to higher tidal volumes. Such an
approach reduces the run-time complexity of deforming a 3D
lung modd to 3 additions per node. We also use state-of-the-
art graphics processing units in order to avoid any rendering
delays. Fig.12a shows the initial shape of a high-resolution
3D lung model obtained from the 3D HR-CT data-sets of a
normal human subject other than the one used in the analysis
donein section 1V.B. The unit increase in volume was set as
the ratio of the tidal volume of human lungs (i.e, 500 ml), to
the product of the deformation steps per second (i.e, 66.66
steps/sec) and the ventilation rate of inhalation or exhalation
(normally 5 sec). For this increase in volume, the applied
force for the lungs in the supine position was computed using
equation (18). The deformed shape caused by inhalation is as
shown in Fig.13b. The run-time deformation takes O(n)
operations where n is the number of nodes. The
implementation system details are explained in Table 2.

V1 Discussion

Through our research we aim to extend the thoracic
simulation paradigm to include real-time visualization of
3D lung dynamics. Thisis achieved using the real-time pre-
computation based approach for lung dynamics discussed in
this paper, which closely modds the change in 3D lung
shape. Such an approach coupled with the PV relation
(discussed in section I11.A and 111.B) allows us to simulate
normal 3D lung deformations.
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Our method focuses on a physics and physiology-based
subject-specific 3D deformable lung models. The 3D
deformable models being generated from 4D HRCT
imaging show the effective role that such advanced imaging
systems can play in deciding clinical interventions for a
widerange of disease sates. Additionally, the 3D
deformable lung models also form a feasible and cost-
effective replacement for 4D HRCT imaging under
dynamics conditions. Coupled with the AR based
visualization, such deformable models facilitate the
prototype to have user-specific views of the subject-specific
lungs.

The proposed method takes into account the deformation
congtraints imposed by the diaphragm and rib-cage (
through the PV curve) on the lung's air-volume and the
regional alveolar expandability on the regional lung shape.
The above-mentioned physiological components can be
individually varied in order to obtain physically-realistic
variations of 3D lung deformation. For instance,
pneumothorax, a pathophysical state in which the changein
3D lung deformations is caused by an external wound, is
demonstrated using the proposed 3D lung deformations by
varying the PV relation and static lung shape.[56] Similarly
tumor-influenced lung dynamics, in which a change in 3D
lung deformations is caused by the presence of lung tumor,
is demonstrated using the proposed 3D lung deformations
by varying the regional alveolar expandability.[57]

The choice of a single compartmental mode enables
visualization of high-resolution 3D lung deformations. The
accuracy in the usage of single compartmental model has
been validated by some of the peers. The validation however
needs to be performed across a wide range of human
subjects of various age and race. Additionaly, the
applicability of a single compartmental modd to simulate
diseased lung dynamics needs to be further validated. The
simulated lung dynamics needs to be compared with 3D
HRCT images of norma lung subjects with different
breathing conditions.

The usage of a physically-based deformation approach for
lung deformations allows us to model lung deformations
with varations in physics-based parameters. The usage of
the regional alveolar expandability as one of the parameters
allows the proposed method to account for the physiology of
norma human subjects. The method can be extended by
analyzing the regional aveolar expandability for human
subjects across a wide range of age and race. An inverse
analysis of the proposed method can also be used to estimate
the alveolar expandability. Such an analysis of physiology
would facilitate modeling the 3D lung dynamics for a wide
range of human population. Additionally, the variations in
the air constituents also need to be included in the current
method. One may note that the variations in the air
constituents can lead to changes in the aveolar blood
pressure, which subsequently alters the aveolar
expandability. The proposed method can be expanded in
order to address this aspect of the lung physiology.

The validation of the proposed method of deformation is
discussed in section IV.A and the simulated lung
deformation in section 1V.B. Through this validation we
illustrate the method to obtain physicaly and
physiologically-based lung deformations.  Additional
validations can be done usng HRCT data obtained from a
higher number of normal and diseased human subjects
under different breathing conditions. The validation can
also be done by generating physically-based deformable
lung models using our human subject data as explained by
the peers and comparing it with the proposed simulation
method. The results of such a validation would discuss the
feasibility of the proposed method in different breathing
conditions of the human subject and will be discussed in
future.

From the clinical usage perspective, the prototype can be
considered for training and planning under three conditions:
(i) without any invasive intervention, (ii) with minimal
invasive intervention, and (iii) with thorough invasive
intervention.

() Without any invasive intervention: Such clinical
scenarios would include investigating a patient’s general
breathing patterns and discomfort (e.g. dyspnea). For this
case, the proposed method allows the user to smulate and
view subject-specific breathing as 3D lung surface
deformations under different physical conditions and
orientations of the patient.

(i) With minimal invasve intervention: Such
interventions would include procedures such as intubation,
endoscope, needle insertion and radiation oncology
treatments. The proposed method would be an effective tool
since it can show the position of the minimally invasive tools
as well as the breathing changes (external surface shape
changes) that are caused by the subjective discomfort and the
effect of the clinical intervention. The real-time capability of
the proposed method may further extend the utility of the
clinical applicationsfor real-timeclinical guidance.

(i) With thorough invasive intervention: Such
interventions would include pre-planned procedures such as
lung transplants and lung volume reduction. Under such
interventions, the proposed method would be an effective tool
for visualizing pre-operative conditions and post-operative
prognosis for the patient. For instance, in the case of lung
transplants, care needs to be taken regarding the changesin
the subject’s breathing pattern caused by (i) Pleural space
complications such as Pneumothorax, (ii) Parenchymal space
complications such as Empyema and (iii) Opportunistic
infections such as Pneumonitis. Emergency events, which
occur aong with lung transplants and volume reduction
surgery are discussed in [1]. Simulating intra-operative
conditions would heavily rely on the bio-mathematical
interactive 3D models that can accurately account for user-
induced variations in the subject’s anatomy. For a subject-
specific lung, developing such 3D models is currently an
open research problem and would account for a multi-
compartment volumetric model.
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VIl Conclusion

We demonstrated the pre-computation of physically-based
lung deformations and the deformation a high-resolution
lung modd. The deformation being independent of the
absolute assgnment of the initial Young modulus of each
node facilitates easier creation of physically-based
deformation. The pre-computation approach also provides
real-time deformations, which are highly suitable for AR
environments. The proposed method was validated by (i) re-
simulating the lung deformation and comparing it with the
actual patient data, and (ii) the applied force extracted from

the 4D HRCT data For additional validation we are
currently investigating the process of analyzing more
patient data using invasive methods. The results of this
study will be discussed in future work.

@
Fig.13. The deformation of a high-resolution lung models obtained from a normal human subject, using the proposed approach.
(a) The lung at residual volume (i.e. before inhalation), (b) The deformed lung at the end of inhal ation.

(b)

Table 2. Implementation system information.

I mplementation system information

CPU Athlon 2800
GPU GeForced Ti 5600
Shaders NVIDIA CG 1.1

Op. System

Linux Redhat 8.0
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