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A Computational Model for Tracking Subsurface
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Abstract—Recent advances in the field of sterotactic neuro-
surgery have made it possible to coregister preoperative com-
puted tomography (CT) and magnetic resonance (MR) images
with instrument locations in the operating field. However, ac-
counting for intraoperative movement of brain tissue remains a
challenging problem. While intraoperative CT and MR scanners
record concurrent tissue motion, there is motivation to develop
methodologies which would be significantly lower in cost and
more widely available. The approach we present is a compu-
tational model of brain tissue deformation that could be used
in conjunction with a limited amount of concurrently obtained
operative data to estimate subsurface tissue motion. Specifically,
we report on the initial development of a finite element model
of brain tissue adapted from consolidation theory. Validations
of the computational mathematics in two and three dimensions
are shown with errors of 1%–2% for the discretizations used.
Experience with the computational strategy for estimating sur-
gically induced brain tissue motion in vivo is also presented.
While the predicted tissue displacements differ from measured
values by about 15%, they suggest that exploiting a physics-based
computational framework for updating preoperative imaging
databases during the course of surgery has considerable merit.
However, additional model and computational developments are
needed before this approach can become a clinical reality.

Index Terms—Brain tissue model, finite element, porous media,
stereotactic neurosurgery, subsurface brain deformation.

I. INTRODUCTION

T HE technological developments of computed tomography
(CT) and magnetic resonance (MR) scanning, along with

the advent of low-cost high-performance computing, have
radically changed the application of stereotactic principles in
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neurosurgery over the last twenty years. For example, the
routine availability of preoperative imaging studies (initially
from CT and now from MR) has enabled the diagnosis
of small structural abnormalities within the brain, such as
tumors, that previously would have either been diagnosed later
(when larger) or in many instances remained unrecognized
altogether. This has heightened the need to biopsy these
lesions, many of which cannot be safely approached by
other than stereotactic techniques. The availability of low-cost,
high-performance computing has also significantly impacted
the rise in stereotactic procedures by allowing inexpensive
computer workstations to be located within the operating room
(OR); this has made possible graphical displays of anatomical
images integrated with spatial coordinate systems. Through
computational methods which coregister spatial relationships
between surgical instrument location and preoperative images,
the exciting reality of accomplishing stereotactic tasks without
the need for the stereotactic frame is possible [1]–[5]

The value of such computer-assisted, interactive naviga-
tional guidance during surgery has become widely appreciated
as neurosurgical capability has been expanded by a method-
ology that is safer, more effective and more efficient [6],
[7]. Concurrent with enthusiasm for this development has
been a recognition of certain limitations. One of the most
challenging problems has been that of misregistration of OR
and image spaces arising from movement or deformation of
the brain subsequent to the preoperative imaging studies upon
which all stereotactic information has been based [1], [8], [9].
Upon opening of the dura and drainage of cerebrospinal fluid
(CSF), tissue retraction, or partial resection, there is shifting
of brain structures which invalidates the navigational reference
frame derived from preoperative images. The most common
approach to this problem at the present time has been to obtain
updated image information in the OR using either a CT/MR
scanner or intraoperative ultrasound [10]–[13]. In the former
case, only a few medical centers have been able to afford
the significant expense of a dedicated CT/MR scanner in the
OR; in the latter case an incomplete database is provided for
navigational purposes due to the significantly lower contrast
resolution (i.e., only a few anatomical landmarks are visible in
an ultrasound image and their visibility tends to degrade as the
surgical procedure progresses) and the absence of comparable
preoperative information (since ultrasound cannot generally
be used through the intact cranium). As a result, in terms
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of offering a low cost solution which would be accessible
to most neurosurgeons, intraoperative ultrasound does not
appear, in and of itself, to be able to overcome the distortion
related limitations inherent in frameless stereotaxy when based
on preoperative data. Hence, there is significant motivation
for and interest in the development of methodologies which
would be significantly lower in cost and more widely available
than dedicated intraoperative CT or MR scanners, and yet
provide more complete updated anatomical information than
is presently possible with intraoperative ultrasound.

Our approach to this problem is to develop a computational
model of brain tissue deformation that could be used in
conjunction with a limited amount of concurrently obtained
operative data (e.g., video-tracked surface movement and
subsurface ultrasound) to estimate subsurface tissue motion
and thereby provide updated anatomical information for im-
proved navigational assistance during frameless stereotaxy
procedures. In this paper, we report on the initial development
of a finite element model of brain tissue deformation intended
to serve this purpose. Specifically, we have implemented a
porous-media description of brain tissue taken from the soil
mechanics literature [14] in two-dimensional (2-D) and three-
dimensional (3-D) finite element models [15]. We have also
qualitatively demonstrated the ability to incorporate several
different types of surgical effects within the model including
the administration of mannitol, and the drainage of CSF [15].
Here, we show validations of the computational mathematics
by first solving a number of idealized benchmark problems
with known solutions. We also report on our initial experience
using this computational strategy for estimating surgically
induced brain tissue motion in a pig brain model. The results
suggest that the idea of utilizing a physics-based computational
framework for updating preoperative imaging databases during
the course of surgery has considerable merit, although addi-
tional model and computational developments need to occur
before such an approach can become a clinical reality.

II. THE COMPUTATIONAL MODEL

Interestingly, there has been only a modest amount of
finite element modeling of brain tissue; this can, in general,
be categorized according to the type of loading conditions
that have been applied. The majority of work that has been
reported was performed in the 1970’s and centered on head
injury models where the effects of impact blows to the
intact head have been studied in the context of automobile
crashes [16]–[18]. In these simulations, loading conditions
involving large accelerations of the cranium followed by sharp
deceleration or impact have been the norm. One of the more
recent studies in this vein which provides some sense of the
level of model complexity achieved to date consisted of a
2-D axisymmetric plane strain computation incorporating a
modest number of elements, an idealized skull and a simplified
(layered) structure of cranial contents [19]. While this form of
brain tissue modeling has remained somewhat idealized, it has
provided the impetus to measure the mechanical properties of
various brain tissue constituents which can be used in more
complex models of brain deformation [20]–[23].

A second line of inquiry has recently emerged in brain
tissue modeling where loading conditions associated with
pathophysiologies of the brain such as hydrocephalus and
hemorrhage have been investigated [24]–[29]. In this work,
more sophisticated and realistic representations of the brain as
a multi-phasic porous medium have been considered. At the
present time, the state-of-the-art has been 2-D finite element
computation where anatomical structure derived from CT data
has been preserved. Current models have provided centimeter-
scale discretizations of the major anatomical landmarks in
axial cross-sections of the brain. While pioneering in nature,
these simulations have not progressed to higher resolution
or three dimensionality, nor have they considered loading
conditions relevant to surgical procedures.

Our starting point for exploiting computational model-
ing in computer-assisted stereotactic surgery is multi-phase
consolidation theory [14] which considers the brain as a
sponge-like material where tissue motion is characterized by
an instantaneous deformation at the area of contact followed by
additional deformation resulting from exiting pore fluid driven
by a pressure gradient. Others have recognized the utility
of applying consolidation theory to soft tissue mechanics,
including Taylor [30], [31] who created an interstitial transport
model taking into account plasma protein movement and
interstitial swelling. Basser [32] has also used a consolidation
approach to model infusion-induced swelling in the brain.
Computationally, the work of Nagashimaet al. highlighted
above represents the first and most extensive experience with
consolidation in the neuroanatomy context [24]–[26].

The governing equations we have considered for consolida-
tion in soft-tissue can be written as

(1a)

(1b)

where

shear modulus ;
Poisson’s ratio;
displacement vector ;
pore fluid pressure ;
ratio of fluid volume extracted to volume change of
the tissue under compression;
hydraulic conductivity ;
amount of fluid which can be forced into the tissue
under constant volume .

These equations assume that the solid tissue behaves in a
linearly elastic fashion and that the pore fluid is incompress-
ible. Equation (1a) relates mechanical equilibrium to the fluid
pressure gradient across the medium, while (1b) provides
the constitutive relationship between volumetric strain and
fluid pressure. Generally, the brain can be considered as a
saturated medium which eliminates the time rate of change
in pressure from (1b) (i.e., and we have
made this assumption in the results reported herein. Although
more complex theories exist which may be applicable to brain
tissue [33]–[36], consolidation physics as represented by (1) is
more useful than simple linear, single phase elasticity due to
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the added fluid/pressure component; it allows access to more
realistic boundary conditions related to intracranial pressures
and CSF drainage while maintaining linearity which is a sig-
nificant computational advantage. Hence, linear consolidation
theory offers a versatile but computationally practical approach
to modeling tissue motion and it is in this vein we explore its
utility in the context of stereotactic neurosurgery.

III. FINITE ELEMENT IMPLEMENTATION

Galerkin weighted residual discretization begins with vol-
ume integration of (1) when multiplied by a suitable spatially
continuous weighting function

(2a)

(2b)

where indicates integration over the problem domain. Here,
is the th member of a complete set of scalar functions of

position, in particular, the standard local Lagrange poly-
nomial interpolants associated with finite elements. Applying
the divergence and gradient integral identities

(3a)

(3b)

(3c)

to the second derivative terms in (2), leads to

(4a)

(4b)

where denotes integration over the enclosing boundary and
is the outward-pointing normal direction to this boundary.

Spatial discretization of (4) is completed in Galerkin fashion
by expanding the unknown displacement vector,and fluid
pressure, as sums of time-varying unknown coefficients
multiplied by known functions of position

(5a)

(5b)

This produces the coupled set of ordinary differential equations

(6a)

(6b)

Equations (6) are integrated in time using the simple two-point
weighting

where and In Cartesian
coordinates this produces the two-time-level discrete system
which is expressible as matrix equation

(7a)

where is composed of the submatrices defined in (7b),
shown at the bottom of the page,

, where and take on the values or
and and are the subvectors

(7c)

(7d)

(7b)
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is the same as with replacing , where .
In (7d) is the linearly elastic stress tensor evaluated
at time (i.e.,
which expresses the boundary integrals in terms of normal
stresses which are the natural boundary conditions for the
mechanical equilibrium equations. Note that reaching the
discrete form represented by equations (7b)–(7d) requires
some further manipulation of the boundary and volume terms
emerging directly from the discrete version of (6) as described
in the Appendix.

IV. BENCHMARK TEST CASES

In this section, we examine the computational integrity of
our FE implementation on a series of benchmark problems
with known solutions. Specifically, we compute two and 3-D
numerical solutions for the classical one-dimensional (1-D)
consolidation column [14], 2-D numerical solutions for the
2-D strip loading problem taken from the literature [37], [38]
and 3-D solutions to spherical consolidation under pressure
loadings as reported by Basser [32].

The predominant analytical consolidation benchmark used
for computational validation considers the compression of
a column of a porous medium (typically soil, but in our
application tissue) under a uniform load. The nature of the
solution is 1-D but the problem can be solved numerically on
two and 3-D meshes. It is illustrated in Fig. 1. The problem
specifications for the domain described in Fig. 1 are

Material properties
;

Running properties
steps ;

2-D mesh properties linear triangles
(319 nodes, 560 elements);

3-D mesh properties linear tetrahedral
(3509 nodes, 16 800 elements);

Boundary 1 ;
Boundary 2 ;
Boundary 3 ;
Initial conditions at and .

where and are the shear and normal stresses, respectively
and is the normal displacement at the boundary surface.

The analytic solution to this problem for a saturated media
is given by Biot [14]. Fig. 2 shows a comparison of the
normalized pressure distribution and surface deformation as
a function of time for the 2-D numerical computation rel-
ative to its analytical counterpart, whereas Fig. 3 presents
the same comparison using the 3-D calculated results. As
can be seen, the numerical results are in excellent agreement
with the analytical benchmark. To quantify, the error in
the 2-D computations is 1.25% of applied load and 2.25%
of the maximum deformation for pressure and displacement
respectively, while in 3-D, the corresponding errors are 1.4%
and 1.5%, respectively.

The second benchmark we have considered is the 2-D
axisymmetric striploading problem shown in Fig. 4 which
has been calculated and solved analytically in the literature
[38]. The mesh dimensions which must remain finite were

Fig. 1. One-dimensional analytical consolidation problem(z� = 1 m).

constructed to minimize their effect in the solution zone
according to [37] and the parameter is the coefficient of
permeability which is related to our hydraulic conductivity by

where is the specific weight of the pore fluid.
The problem specifications for the domain described in Fig. 4
are as follows.

Material properties
;

Consolidation coefficient
;

Time factor
where ;

Running properties
# steps ;

2-D mesh properties linear triangles
(1455 nodes, 2736 elements);

Boundary 1 ;
Boundary 2 ;
Boundary 3 ;
Boundary 4 ;
Boundary 5 ;
Initial conditions at and .

The solution is compared to the analytical result reported by
Schiffmanet al. [38] in Fig. 5 for the pore pressure distribution
when the position With respect to the pore
pressure, the result in Fig. 5 showed no error greater than
1.9% of applied load.

In previous work [32], Basser used consolidation theory to
create a model of infusion-induced swelling in the brain as
two concentric spheres where the internal sphere served as
the infusion core. Fig. 6 is a finite element representation of
the typical geometry described by Basser. Following the same
solution procedure, we considered the following problem as
our third benchmark.

Material properties
(m s/kg);
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Fig. 2. Two-dimensional plane strain consolidation comparison normalized
for z

�
= 1 m, p� = po (o numerical, — analytical).

Running properties

# steps 20;
3-D mesh properties linear tetrahedral

(11227 nodes, 63 411 elements);
Surface 1 ;
Surface 2 ;
Initial conditions at and .

where and are the two orthogonal components of shear
stress on the 3-D surface. In Fig. 7, the analytic and calculated
values at steady state are in excellent agreement and the error is
0.4% of applied load and 2.8% of maximum displacement for
pressure and deformation, respectively. Following this com-
parison, we also solved the problem a second time replacing
the Surface 2 boundary condition with

Surface 2 ;

Fig. 3. Three-dimensional consolidation comparison normalized forz
�
= 1

m, p� = po (o numerical, — analytical).

Running Properties
# steps 20.

where and are the displacements tangential to the 3-D
surface. Similar to the 2-D striploading case, a finite geometry
is utilized and solutions are compared in Fig. 8 during the early
transient period in order to avoid influences from the finite
boundaries. Assessment of the transient solution accuracy in
Fig. 8 shows that the maximum error is no more than 2.2%
of the applied load.

V. ANIMAL MODEL STUDIES

In this section we report our initial experience with the com-
putational model in predicting deformation in pig brain tissue.
These studies require the placement of small nonperturbing
CT or MRI-visible markers in brain tissue; these markers
can be monitored for motion resulting from manipulations
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Fig. 4. Two-dimensional stripload benchmark problem(a = 1 m).

Fig. 5. Two-dimensional stripload benchmark results.

representative of surgical loads. Our purpose here is not to
report on the details of our experimental animal protocols
for marker placement but rather to provide an overview of
the experimental techniques which have been utilized and to
establish the preliminary performance of the model in actual
tissue.

Fig. 9 shows an example from anex-vivo pig brain with
a single centrally located marker which has been displaced
by inflating a balloon catheter. In this case the marker is
fusinite, which is an inert maceral of coal (component of coal
derived from woody plant tissue) that can be prepared to a
predetermined particle size by selective grinding and filtering
[39]. Subsequent to craniotomy a small amount (0.1 ml) of
fusinite material was injected into the pig brain. Fig. 9(a) is a
coronal MR image taken after fusinite injection and placement
of a deflated balloon catheter, laterally between the parietal

Fig. 6. Three-dimensional sphere benchmark problem(a = 3:0�10�4 m).

cranium and cortical surface. The presence of the fusinite can
be readily seen (as a local dark spot within the image) and its
location has been demarked by the circular cursor shown in
the image. To induce a deformation, the balloon was inflated
with 2-cc of contrast agent and another image in exactly the
same plane was immediately recorded as shown in Fig. 9(b).
With the original circular cursor location as a reference, the
inflation of the balloon is readily evident and the shift of the
fusinite is clear. Using the image analysis software available
on the MRI system, we determined that the fusinite was shifted
by 4.6 mm medially mm, mm).

We have also simulated this experiment with a 2-D version
of the finite element model described earlier without the
fluid pressure component since the brain tissue isex-vivo. A
finite element mesh was constructed based on the anatomy
of Fig. 9(a) where the location of the fusinite marker was
captured from the preprocedure (balloon deflated) image and
represented by a single node in the finite element mesh. Tissue
property values for gray and white matter (Young’s modulus
of 8 10 Nm , and 4 10 Nm for gray and white
matter, respectively, and Poisson’s ratio of 0.47 for both tissue
types) were taken from Takizawaet al. [29] and displacement
boundary conditions determined from the inflated balloon
[Figure 9(b)] were applied. The computational results are
displayed in Fig. 10(a)–(b), which is the model counterpart
to the experimental images shown in Fig. 9(a)–(b). The node
corresponding to the fusinite marker was predicted to move
4.6 mm mm, mm) which is
in remarkable agreement with the experimental results and
suggests that the computational model holds some promise in
the present application.

We have extended this initial experimental modeling ex-
perience to the case of anin-vivo pig brain where a much
more extensive marker implant has been used and the full
3-D displacement fields have been measured experimentally
and computed numerically. In these experiments, prior to any
implantation, a high-resolution set of MR images are obtained
and serve as the basis for finite element discretization. We
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Fig. 7. Three-dimensional sphere consolidation benchmark comparison.

use ANALYZE Version 7.5-Biomedical Imaging Resource1

to segment the volume of interest and MATLAB to render
a surface boundary description from which we produce a
tetrahedral grid based on the mesh generation algorithms
developed by Sullivanet al. [40]. Fig. 11(a) displays a typical
mesh where volume elements representing the tissue away
from the catheter are approximately 1 mmin size whereas
those near the implanted (uninflated) balloon catheter have
volumes of 0.025 mm Fig. 11(b) contains a computed result
after 1-cc balloon inflation as described below. The meshes
shown in Fig. 11 contain 11 923 nodes and 62 439 elements.

During the surgical procedure, the pig brain is implanted
with small 1 mm diameter beads which are inserted directly
into the parenchyma in a grid-like fashion and serve as tracking
markers. During this procedure, a portable fluoroscope is

1ANALYZE software was provided in collaboration with the Mayo Foun-
dation, Rochester, MN.

Fig. 8. Three-dimensional transient sphere benchmark problem.

(a)

(b)

Fig. 9. MRI of anex vivopig brain with a centrally located fusinite marker
and balloon catheter placed laterally between the cranium and cortical surface:
(a) uninflated balloon with circular cursor centered on the fusinite location;
(b) inflated balloon resulting in a medial shift of the fusinite. Cursor remains
positioned in the original fusinite location.

used to evaluate marker fixation in the tissue. If markers are
found to move subsequent to their initial placement, they are
eliminated from the study as tissue movement indicators. In
the experiment reported here, an array of 16 markers on a 0.75
cm spacing was used with 14 beads proving to be stationary
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(a)

(b)

Fig. 10. FEM model of the balloon inflation experiment shown in Fig. 9(a),
(b): (a) model of Fig. 9(a) showing the uninflated balloon with the fusinite
location indicated by the darkened node; (b) simulation of Fig. 9(b) showing
predicted movement of the fusinite marker (darkened node) resulting from
balloon inflation. Experimental and computational agreement is within 0.1
mm.

once placed in the tissue. Following marker implantation, the
balloon catheter, filled with contrast agent, is also inserted into
the cranium. In this particular case a central balloon insertion
was used but placements similar to that shown in Fig. 9(a)
have also been used. All implants are readily observed in
CT images and are monitored during balloon inflations which
are intended to mimic surgical loads. Coregistration of the
preoperative MRI with the during-procedure CT is performed
to utilize the high-definition MRI information on the pig brain
anatomy. At the current stage of model development this step
is not essential, as the gray/white matter boundaries have not
been incorporated into the FE mesh (i.e., the current model
is a homogenous mass with no internal brain structures being
resolved).

Fig. 12(a), (c), (e) shows volume representation of the CT
data preinflation and during inflation where the parenchymal
tissue has been thresholded out in order to display the marker
beads and balloon catheter. Quantitative measures of the bead
displacements represented as changes in Cartesian coordinates
are given in Table I. This experiment has also been modeled
using the following parameters.

Material properties
;

(a)

(b)

Fig. 11. Three-dimensional volume meshes (a) preinflation computational
model with balloon catheter (b) deformed computational model after simulated
1-cc inflation of balloon catheter.

Running properties

# steps 5.

It should be noted that these material parameters are well
within the range of physiological limits, especially given the
fact that there is very little consistent data onin vivo brain
material properties [32], [24], [25].

In terms of boundary conditions, the balloon catheter [Sur-
face 1 in Fig. 11(a)] was divided into two sections which
included deformed [Surface 1a in Fig. 11(b)] and free sur-
face components [Surface 1b in Fig. 11(b)]. The deforming
surface consisted of boundary conditions which specified the
displacement associated with the expanding balloon front
[assumed to be uniform in the normal direction, see Fig. 11(b)]
while the free surface portion of the catheter was allowed
to move freely but assumed not to undergo any normally
directed stress. The interstitial pressure at the balloon/tissue
interface was taken to be constant at 6000 Pa (or 45 mmHg)
which is within the range of values recorded by Wolflaet al.
[41], [42] under conditions of acute balloon inflation within
a closed cranial cavity of the pig. The outer cortical brain
surface [Surface 2 in Fig. 11(a)] was prescribed as a fixed
(no displacement) boundary with zero fluid pressure. These
conditions are summarized as follows.

Surface 1a m,
pa

mmHg;
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(a) (b)

(c) (d)

(e) (f)

Fig. 12. Experimental porcine model with centrally placed balloon catheter,
tissue thresholded out, and surrounding grid of 1-mm stainless steel markers
with experimentally and computationally determined positions, respectively:
(a) and (b) baseline volume with uniflated catheter; (c)–(d) 1-cc inflation with
subsequent bead movement; (e) and (f) 2-cc inflation with subsequent bead
movement.

TABLE I
MEASURED BEAD DISPLACEMENT FOR 1-CC AND

2-CC INFLATIONS OF THE BALLOON CATHETER

Fig. 13. Comparison between measured and calculated data for directional
and total displacements for 1-cc inflation of balloon catheter.

TABLE II
CALCULATED BEAD DISPLACEMENT FOR 1-CC AND

2-CC INFLATIONS OF THE BALLOON CATHETER

Surface 1b ;
Surface 2 ;
Initial conditions at and .

The deformed computational geometry for the 1-cc inflation
is illustrated in Fig. 11(b). The computed displacement infor-
mation for each bead is provided in Table II and projected onto
the brain anatomy in Fig. 12(b), (d), (f). Fig. 13 quantitatively
illustrates the difference between the measured and calculated
bead movement for the 1-cc inflation level in each Cartesian
direction as well as the total magnitude of displacement. The
mean directional error for the computed bead displacements
are 0.38, 0.33, and 0.28 mm in the and directions
with an overall average displacement magnitude error of 0.29
mm. While the general trends in bead displacement have been
correctly captured with some bead motions being predicted
quite accurately, the quantitative assessments indicate that
the model generally underpredicts the actual displacements
that have been measured experimentally. Examining Table II
reveals that the same conclusion can be drawn about the 2-cc
inflation as well.
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There are a number of factors which may be contributing
to the underprediction and further study is needed to evaluate
the potential sources of data/model mismatch. For example,
the present mesh does not discriminate gray and white matter
which have significantly different elastic properties. Typically
gray matter is considered stiffer than white matter with a
Young’s modulus varying from 2–10 times greater in mag-
nitude than white matter [24], [27]. Property heterogeneity is
readily incorporated into the computational model (in fact, the
finite element formulation and implementation presented here
allows for property heterogeneity) but requires a technique
for segmenting the relevant tissue types in the MR images
and relating these regions to corresponding elements in the
finite element mesh. An automated voxel-by-voxel method for
including property heterogeneity directly from the MR scans
into the finite element model has recently been described and
is under evaluation [43].

In addition, the pressure gradient within the brain over the
time scale of the acute inflations which have been performed
is largely unknown but acts as a distributed body force that
will increase overall deformation. Wolflaet al. [41], [42]
have shown that large pressure transients in the porcine
brain exist under temporally and frontally located balloon
catheter placements. We have begun to measure pressure
during the inflation procedures and find similar trends [15]
but have yet to map spatial distributions which are critical for
the model. Another source of error is the applied boundary
conditions, where we have approximated the balloon inflation
as a combination of a normal displacement with a free floating
boundary. By matching more exactly the expanding balloon
front, better results can be expected. Variations in both elastic
properties and pressure gradient distributions can also be
used to improve the data/model match. For example, in
the particular experimental results evaluated here, property
variations of 5% in Young’s modulus and Poisson’s ratio
improve the data/model match by approximately 0.5, 5%,
respectively. These parameter alterations would appear to be
within the physiologically reasonable range given the current
uncertainties in the actual values for these parameters.

Other factors include the concentrated fluid space within
the sulci and gyri of the cortical surface, which have not been
explicitly modeled. These may manifest as effective property
changes within the model, which could explain why property
changes improve the data/model match. Significant nonlinear-
ities, both geometric and material, could also be at play which
ultimately limit the validity of the small strain linearly elastic
model development we have pursued here. Again, the finite
element method is well-suited to incorporating these types of
model complexities. The extent to which nonlinearities need to
be explicitly included in the model awaits further investigation.
Nonetheless, we are encouraged by the degree with which the
computations emulate the 3-Din vivo motion especially when
considering the fact that the model is in a very early stage of
development.

VI. CLINICAL IMPLICATIONS

It is interesting to speculate on how a model-guided tech-
nique for updating the registration of preoperative images

during the course of neurosurgery might be deployed clin-
ically. We envision that the method would require multiple
inputs obtained concurrently with surgery using low cost,
readily available instrumentation. For example, brain surface
tracking devices could be used to extract boundary condition
data for the model. Further, intraoperative ultrasound could be
employed to follow a limited amount of subsurface structure
(e.g., ventricle surfaces) which would be incorporated into
the model in the form of internal motion constraints. Readily
available sensors could be used during a surgical procedure
to monitor interstitial pressures and applied tissue retractor
forces, thereby becoming data input streams for the model as
well. The preoperative MR images would also be available
for constructing a patient-specific anatomical mesh at the
outset of a case to which model-guided deformations would
be applied. If tissue heterogeneity turns out to be an important
component in the model and is found to vary on a patient-
by-patient basis, this preoperative information on individual
patient anatomy will become even more important. Further,
techniques for deriving tissue parameters preoperatively such
as MR elastography and diffusion imaging will need to be
developed for this application.

Clearly, to impact clinical decision-making in the OR would
require on-line computations which are sufficiently accurate
and robust. While the anatomical models reported herein
consumed several hours of computation time on a high-end
workstation, calculations on the order of 5–10 min are not
inconceivable in the near future and still potentially useful,
clinically. In fact, we have not considered the optimization
of our algorithms to date. Further, a number of the time-
consuming computational tasks could be precomputed prior
to the surgery. For example, matrix assemblies and precon-
ditioners could be computed in advance in which case only
time-stepping would need to be performed in the OR. Even in
our present codes, a time-step can be executed in less than 10
min on our current mesh discretizations. In terms of accuracy,
Robertset al. have recently reported that the cortical surface
moves as much as 1 cm on average during typical surgeries
[8]. Other studies have emerged which suggest similar degrees
of motion [44], [45]. Hence, if a model-guided approach were
able to recapture 50%–75% of this motion, that is, be accurate
to within a few millimeters, it would likely be an improvement
over maintaining preoperative image registration throughout
an entire surgery.

Validating a model-guided approachin vivo using animal
model systems appears to be readily feasible and we are
currently pursuing this course. Phantom models can be used
to demonstrate the valid integration of surface and subsurface
data acquisition using OR tools with model calculations.
However, obtaining complete validation of the model-guided
approach in human subjects is considerably more complex and
constrained. This will likely have to occur in a setting where
intraoperative CT/MR scanning is available for comparing
volumetric brain motion with model estimates. Fortunately,
the model-guided approach is not likely to fail catastrophically
because it will be constrained by physical data obtained
in the OR. Further, the preoperative image database would
always be available to the neurosurgeon; hence, doubts about
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the reliability of the model-updated image space can be
considered from the perspective of the preoperative image
space coupled with previous clinical experience. Even if the
technique is not perfectly accurate, it may well be able
to recover some portion of the misregistration error which
occurs during surgery without itself introducing significant
new misalignments.

Beyond on-line computations for correcting misregistration
errors during surgery, development of this model offers po-
tential uses as a preplanning and/or educational tool to assist
neurosurgeons in understanding the potential ramifications of
tissue motion for a particular procedural approach. Model-
ing of neuropathophysiologies, for example, the development
and resolution of hydrocephalus, is another area of interest
where simulation could be beneficial [24]–[28], although there
is considerable work to be done in developing meaning-
ful relationships between the observed physical responses
to be modeled and the underlying physiological processes
that drive a particular condition. Establishing the utility of
our computational scheme in any of these applications will
require extensive model validation studies. In the model-
updated frameless stereotactic neurosurgical context, we have
begun this work in a porcine brain system and hope to report
on our findings in the near future.

VII. CONCLUSIONS

We have formulated, implemented and begunin vivo testing
of a 3-D finite element model of brain tissue deformation
under comparable surgical loads. The computational scheme
is based on a linearly elastic porous media physical model
which has been adapted from the soil mechanics literature.
Benchmark cases for both 2-D and 3-D calculations have been
considered and the computational results clearly show that the
mathematical framework has been solved with high fidelity.
Errors with known solutions or published computations are
less than 3% for both displacement and pressure variables.

Initial simulations of experiments conducted in actual brain
tissue of a pig model are also encouraging.Ex vivostudies are
particularly satisfying and submillimetric accuracy in predicted
displacement for a single marker has been observed. In this
case the fluid pressure component is essentially nonexistent,
leaving only the elastic response of the solid tissue to be
considered. Agreement between computed and measuredin
vivo results are not as dramatic at this stage, although clearly
the correct trends in a complete 3-D array of markers displaced
under acute balloon catheter inflation have been predicted with
the model. In this case, the overall mean displacement error is
approximately 14% for the 1-cc balloon inflation and 19% for
the 2-cc balloon inflation, which suggests that the magnitude
of displacement is being approximated reasonably correctly.
Given that the model at this point is linear, homogenous
with simple boundary conditions, these results are extremely
encouraging.

One major unknown in the existing model is the pressure
gradient distribution that develops under acute balloon infla-
tion. Simulations which vary this parameter by approximately
40% translate into improvements of 5% in model performance.
Whether such distributions do indeed exist in practice awaits

further study. Hence, it appears that combinations of property
variation and pressure gradient distribution development may
be able to account for a significant portion of the data/model
mismatch which exists under baseline conditions. Given the
current uncertainty in these parameters, the overall model
performance is viewed as encouraging, although it must be
acknowledged that nonlinearities in the response of brain tissue
to surgical loads may also be important factors which may ul-
timately need to be incorporated into the computational model.

APPENDIX

The discrete form represented in (7b)–(7d) does not materi-
alize directly from the discrete version of (6) but requires some
further manipulation of its boundary and volume terms. Specif-
ically, the boundary integral terms in (6a) can be rearranged to
produce the normal stress boundary integrals in (7d) provided
that some additional alterations in volume integrations are
also made. For example, in 2-D Cartesian coordinates the

-component of the boundary integrals in (6a) becomes

(8a)

whereas the corresponding-component boundary integral in
(7d) can be expressed as

(8b)

which leaves from (8a) com-
pared to
from (8b) as terms which do not balance. Now, it can be
readily shown that

(9)

is the only domain integration that would exist in the-
component of (6a) whose discrete form does not directly
appear in (7). However, replacing this term with the right-
hand-side of (9) yields a discretized domain integration which
does appear in (7) (e.g., in the first row, second column
of in (7b) instead of plus boundary integrals that
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can be combined with the unaccountable term in (8a) to form

(10)

which is identical to the unaccounted boundary terms in
(8b). Thus, the 3-D Cartesian coordinate equivalent of the
relationship

(11)

allows the natural boundary integrals in (6a) to be reexpressed
as the normal stress components and discrete domain integra-
tion modifications shown in (7).
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