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Abstract

In this article, we describe the latest developments of the minimally invasive hepatic surgery simu-
lator prototype developed at INRIA. The goal of this simulator is to provide a realistic training test
bed to perform laparoscopic procedures. Therefore, its main functionality is to simulate the action
of virtual laparoscopic surgical instruments for deforming and cutting tridimensional anatomical
models. Throughout this paper, we present the general features of this simulator including the
implementation of several biomechanical models and the integration of two force-feedback devices
in the simulation platform. More precisely, we describe three new important developments that
improve the overall realism of our simulator. First, we have developed bio-mechanical models,
based on linear elasticity and finite element theory, that include the notion of anisotropic deforma-
tion. Indeed, we have generalized the linear elastic behavior of anatomical models to ”transversally
isotropic” materials, i.e. materials having a different behavior in a given direction. We have also
added to the volumetric model an external elastic membrane representing the ”liver capsule”, a
rather stiff skin surrounding the liver, which creates a kind of ”surface anisotropy”. Second, we
have developed new contact models between surgical instruments and soft tissue models. For in-
stance, after detecting a contact with an instrument, we define specific boundary constraints on
deformable models to represent various forms of interactions with a surgical tool, such as sliding,
gripping, cutting, or burning. In addition, we compute the reaction forces that should be felt by
the user manipulating the force-feedback devices. The last improvement is related to the problem
of haptic rendering. Currently, we are able to achieve a simulation frequency of 25Hz (visual real-
time) with anatomical models of complex geometry and behavior. But to achieve a good haptic
feedback requires a frequency update of applied forces typically above 300Hz (haptic real-time).

Thus, we propose a force extrapolation algorithm in order to reach haptic real-time.

Keywords: Surgery simulation, anisotropic elasticity, finite element method, real-time, force

feedback, extrapolation.



1 Introduction

A major and recent evolution in abdominal surgery has been the development of laparoscopic
surgery. In this type of surgery, abdominal operations such as hepatic resection are accomplished
through small incisions. The abdomen of the patient is inflated with gas so that there is open space
inside. A video camera is introduced into the abdomen through one of the small incisions. The
video image is magnified and transmitted to a high resolution monitor, allowing the surgeon to see
the abdominal anatomy with great clarity. Special instruments are introduced through the other
incisions, allowing surgeons to perform less invasive operations. The advantages for the patient are
obvious: less pain and less strain for the organism, faster recovery, and shorter illness time. The
drawback of this technique is essentially for the surgeon who needs to learn and adapt himself to
this new type of surgery. In this context, surgical simulation systems could be a great help in the
learning and training processes, allowing the surgeon to acquire this difficult hand-eye coordination,
to repeat several times the most difficult gestures or to choose the best surgical procedure for a
given pathological case.

There are several key problems in the development of a surgical simulator [1, 2]. To simulate
a surgical gesture, it is necessary to build geometrical and physical models of the anatomical
structures described in a simulator. Organ geometry may be extracted from tridimensional medical
images (CT scan images for instance) of given patients. It may be useful to build a ”standard”
model of a given organ, in particular in the context of teaching surgical gestures. On the contrary,
when the simulator is used for the rehearsing of a given surgical procedure, the anatomy of a given
patient must be extracted from his medical images (see [3, 4] for an example on liver surgery).
Several mathematical models have been proposed in the literature [5, 6], for representing the bio-
mechanical behavior of soft biological tissues. The choice of a bio-mechanical model must take
into account two contradictory elements: the simulation realism and the computation cost for
implementing this model. The latter basically includes three distinct stages (Figure 1). First,
collisions between an anatomical structure and any surgical instrument must be detected. Then,
boundary constraints on deformable models must be computed in order to realistically represent
the action of surgical instruments. Finally, the geometry of soft tissue models must be updated
and reaction forces must be sent to force-feedback devices.

This article focuses on the development of a laparoscopic surgery simulator prototype (Figure
2) based on linear elasticity and finite elements theory and permitting the use of force feedback.
Here we give a general description of the three key components of this simulator. First, we describe

a generalization of ”tensor-mass” models [7] which can simulate visco-elastic soft tissue and which



are well-suited for the simulation of cutting. Our contribution has been to improve these tensor-
mass models by including ”transversally anisotropic” behaviors of soft tissues. This is important
in a surgical simulator since most biological tissues behave as anisotropic material. We have
also introduced another kind of anisotropy: a lot of human organs are surrounded by an elastic
membrane or skin, which can be very stiff. We model this external stiffness by adding a spring-mass
mesh at the surface of our volumetric model.

Second, we describe new contact models between the laparoscopic surgical tools and a de-
formable soft tissue model. This consists mainly in applying specific boundary constraints where
collisions have been detected, in order to represent common tool interactions such as sliding, grip-
ping, cutting, or burning.

Finally, we deal with the problem of haptic rendering: while up to date physically based
deformable models are able to run at sufficient frequencies to provide a visual real time (about
25Hz), this is not the case for haptic rendering. It is commonly admitted that to give good haptic
sensations, the forces must be refreshed at more than 300Hz for soft objects. We propose to
extrapolate the forces produced by the simulation at a visual rate to feed the force feedback device

at the appropriate frequency (typically 300Hz).

2 Previous work

A number of deformable models have been proposed in the framework of soft object simulation. In
the particular case of real-time surgery simulation, the main challenge is to define a compromise
between surgical realism and computation time.

Various computer animation techniques have been used in surgical simulators, mainly selected
for their computational efficiency. For example Basdogan et al. [8] use ”Free Form Deformations”
in their laparoscopic simulator, the efficiency of this deformable model allowing them to use a force
feedback device under good conditions. Suzuki et al. [9], defined a particle system for their liver
surgery simulator, coupled with their three-finger force feedback device. Unfortunately, even if
these deformable models can be very fast, they are not mechanically realistic.

In surgery simulation, a great interest has been given to spring-mass models due to their sim-
plicity of implementation and their relatively low computation complexity. For instance, Neumann
et al. [10] present a vitrectomy simulator based on a vectorial spring-mass model (in the case of
vectorial spring, forces not only depend on the variation of the length of the springs, but also on the
variation of the angle between spring directions). Although in this case the user interactions are

driven by surgical instruments (including tissue cutting), no force feedback is used. The simulator



of knee arthroscopic surgery developed by Gibson et al. [11], takes into account the volumetric
nature of the organs with a deformation law derived from the spring-mass model. While these
approaches allow interactive rates, they exhibit a lack of realism since they represent a solid as a
discreet set of masses.

The continuum mechanics theory establishes a set of relationships between the shape of a body,
constraints and internal deformations within this solid, and the external forces applied to it. In
particular, the use of elastic materials along with the finite element method is widely described
in the literature [12, 13, 14, 15, 16, 17]. Generally, various modifications and simplifications - e.g.
linearization - are introduced to reduce computation time or to induce a particular behavior, as it
is usually the case in surgical simulation. For instance, non-linear elastic models have been used
recently for solving inverse problems [12] or for gynaecological laparoscopy simulation [13], but they
are not well suited for real-time computation, or require very sophisticated and powerful parallel
computation [14]. Even when using linear elasticity, finite element based deformable models require
optimization methods to reach real-time computation. Bro-Nielsen and Cotin [15, 16] have studied
the problem of computing time reduction using a condensation technique. Cotin et al.[17] also
proposed a method based on a set of pre-computed equilibrium solutions which allows real-time
interactions with a volumetric deformable model of an organ. The main drawback of these two
models is that they do not allow topology changes.

Indeed, topology changes usually occur when the tissue model is cut into pieces. These changes
eliminate any method based on pre-computation of the inverse of the stiffness matrix since they
induce a modification of this matrix [18]. The challenge is then to propose a formulation of a
deformable elastic model allowing real-time deformations and cutting. Song and Reddy [19] have
described a technique for cutting linear elastic objects defined as finite element models. However,
this technique was only applied to very simple two dimensional objects. Another approach, well
suited for this kind of problem, consists in using spring-mass models. By construction, these
models can be easily modified to allow topology changes. However, they exhibit non realistic
behavior during deformation or cutting operations. Finally, geometric models defined implicitly
[20] have been proposed for the simulation of tearing but without any real-time constraints.

This work is a part of an INRIA joint action: to study all the problems related to surgery
simulation, INRIA gathered six teams in the AISIM project [21]. To simulate the deformation of
the organ, AISIM’s members followed several approaches, including spring-mass models [22], finite
element methods [17, 7], and hierarchical multi-resolution finite volume models [23]. To evaluate
the validity of the simplifications made on real-time physical models, a non-linear incompressible

model with an external shell [24] fitted with bio-mechanical results was developed. A new method



was designed to detect collisions between a deformable object (the organ) and a rigid tool passing
through a fixed point ([25]). Finally, the rendering processes, both visual and haptic were ad-
dressed. This led to a new technique to map undistorted textures on complex geometries [26]. Our

solution to the haptic rendering issue [27] is described later in this paper.

3 Deformable models

3.1 Linear elasticity

The physical behavior of soft tissue may be considered as linear elastic if its displacement and
deformation remain small [5, 6] (typically less than 10% of the mesh size). To describe a linear
elastic model, we first need to define a reference volumetric anatomical model Miy;tia) corresponding
to its rest position. Under external constraints, for instance a surgical instrument, the anatomical
model Mipitia1 is deformed. We represent the deformation of a volumetric model from its rest
shape with a displacement vector U(x,y, z) for (z,y,2) € Minitia and we write Maeformed =

Minitial + U(z, 9, z). The displacement vector U(z,y, z) has three components:

u(z,y, 2)
U(z,y,2) = { v(x,9,2)
w(z,y,z)
With this displacement vector, we define the linearized Green-St Venant strain tensor (3 x 3

symmetric matrix) E by:

E:%wu+va (1)

From the principal invariants of E:
Lh=trE ly=trE? (2)

we can express the linear elastic energy Wrgiqstic, for homogeneous isotropic materials, by the
following formula (see [28]):

A
WEiastic = 5 (trE)* + p trE?, (3)

where A and p are the Lam coefficients characterising the stiffness of the material.
Equation 3, known as Hooke’s law, shows that the elastic energy of a deformable object is a

quadratic function of the displacement vector.



3.2 Anisotropic elasticity

Isotropic behavior is too restrictive when modeling human tissue. Indeed, most of anatomical
structures such as muscles, tendons, ligaments, blood vessels, are strongly anisotropic. That is
why we are interested in simulating materials having a different behavior in a given direction,
which are called transversally isotropic materials.

A.J.M. Spencer gives a detailed theoretical description of transversally isotropic materials
in [29]. In the literature we can find applications for modeling human organs such as the knee
ligaments [30] and the eye [31], but without any real-time constraints.

We propose to apply transversal isotropy to linear elasticity in the framework of real-time
deformable models. For these materials, the elastic energy of equation 3 must be modified in order

to account for the anisotropy. First, we explain in more detail, the meaning of the strain tensor E.

2€; Yoy Ve
E= % Yoy 2€ Yy (4)
Yoz  Vyz 2€;

We consider an elementary cube (Figure 3(a)) in Mipitia1 and then look at its shape after apply-
ing the displacement U(x,y, z). The local cube deformation is characterized by six components of
strain corresponding to the relative elongations (Figure 3(b)) (e, = 9u/dz, €,, and €,) in the three
cube directions and the relative changes of angle (y,, = Ou/dy + Ov/dz, Y., and 7,.) between
the cube faces (Figure 3(c)).

The isotropic elastic energy of equation 3 can be written as a function these components of

strain:

A . . .
WEiastic = B} (€z + €y + ez)z +p (ei + efj + eﬁ)

m
+ 5 (0 ) (5)

This energy is isotropic since the same weight is given to each direction of stretch and shear.
For transversally isotropic materials, it is necessary to define two sets of Lam constants (see Figure

4):
e (AL, u%): Longitudinal Lam constants in a given direction having unitary vector ag;
o (AT, u™): Transverse Lam constants in the plane transversal (i.e. orthogonal) to ag;
e AXN=X -\ and Ap=pl —pu”.

For instance, if the z axis is the direction of anisotropy ag = (0 0 1), then we need to add

to the isotropic energy of equation 5, the anisotropic contribution AW 4,;50-



This anisotropic contribution is composed of two different parts: the anisotropic stretch and

the anisotropic shear.

e Anisotropic stretch: In this case we must modify the weight of the terms containing the
z axis elongation, that is to say the terms containing €2, €ze, or €y€,. We obtain two

anisotropic contributions:

AX
AWAniso—Stretch = (7 + AM) 622 (6)
AWaniso—Cross—Stretch = AN (€x€; + €y€;) (7)

In the general case, these anisotropic elastic energies can be simply written with the intro-

duction of the new invariant l4 linked to the strain tensor E and direction agy by:
Iy =ag' E ag. (8)
Then the anisotropic stretch energies can be written as:
AWaniso—Stretch = (7 + Ap) 1s? (9)
AWaniso—Cross—streten = AN (lils = 14%) (10)
e Anisotropic shear: If we want to take into account the shear part of the anisotropic

deformation, we must also modify the terms containing <,. and 7,., by adding another

anisotropic contribution:
AWaniso—Shear = % (Va:? + 1y22)- (11)
If we define another invariant I5:
ls = ay’ E? ag (12)
this anisotropic shear contribution becomes:
AWAniso—Shear = % (Is —41°) . (13)
Therefore, the anisotropic elasticity formulation can be decomposed into two stretch terms and one
shear term. By weighting differently the stretch and shear components in the anisotropic energy,
we can model several mechanical behaviors (see section 3.6 for more results).

For instance, to model a complete anisotropic model, with both stretch and shear contributions,

we must add the following energy:
AN 9
AWaniso = AN 1114 + 2Au ls — (7 =+ Au) l4. (14)
Finally, the total elastic energy of a transversally isotropic material is:

WT’!‘CL’ILS—ISO = WElastiC + AWAniso‘ (15)



3.3 Finite element formulation

Our deformable models are based on a finite elements model consisting of a conformal tetrahedral
mesh with first order interpolation (P; element). At each point M(x,y, z) inside tetrahedron T},
the displacement vector is expressed as a function of the displacements Uy of the vertices Py

(Figure 5):

3 3

U(.’L’,y,Z) = ZAk($7yvz) Uk with OM = ZAk(%?}az) OPk (16)
k=0 k=0

where Ay are the barycentric coordinates of M in the tetrahedron.
First, we can write the two invariants used in elastic energy formula, I,? and I, with the finite

element method:

L? = (tr E)2 = ZUZ (ar ® ay) Uy (17)
k.l
b = trE*=) Uj[(®ax)+ (o . ou)Ids)] U, (18)
k,l

where:

—1)*
{ak = %(Pkﬂ X Pryo+Pryo X Prys +Prysz x Pry1), k=0, ‘--,3}

are the shape vectors of the tetrahedron, x is the cross product, and ® is the tensor product of

two vectors which gives a matrix: u® v = u v?.

We can then write the isotropic linear elastic energy of tetrahedron T; as a function of its

vertex displacements:
3 3
WElastic = Z Z Ui; [K'];[l‘i]Uh (19)
k=0 1=0
where
[K,;I;'] =AMopr @ o)+ play @ ak) + p(ag . ap) Ids

is the tetrahedron contribution to the stiffness tensor of edge (P, P;) or of vertex Py if k = [.

Likewise, we obtain a similar equation for the anisotropic invariants l42, l1l4 and I5:

I3 = (ao75 E ao)2 = ZUfc (ap ® ap) (ax, ® o) (ag ® ag) U;
k.l
LWl = tr E(aotan) :ZUi (ao®a0)(ak ®al)Ul (20)
k1
l5 = aOt E2 aOZZUi: [(a0®a0)(al®ak)+(al®ak)(ao®ao)
k.l

+ (aj.ay) (ag @ ag) + (ag ® ag) : (ey.a) Ids] U,y

(21)



9.9

where is the dot product of two matrices, which is defined, for two matrices A and B by:
A : B = Zi,j AUB’U

For a complete anisotropic model (stretch and shear), the elastic energy of tetrahedron T); is:

3 3
AI/I/A'rui.so = Z Z UZ [A’IZI]UM (22)
k=0 1=0

_ A\
AT = AX(ap @ ag)(ax @ ) — (= + Au)(a0 @ ao)(ex ® ou)(ao @ ao)

—}—% [(ag ® ag)(a; ® k) + (o ® g )(ag @ ag) + (e, - ay)(ap ® ap)

+(ap ® ag) : (o, ® ay)Ids] (23)

To obtain the elastic force F;f applied to vertex Py, by tetrahedron T;, we derive the elastic

energy with respect to the vertex displacement Uy:

3
Fo' = 2) [Ky + A5
=0
3
= [GEIUc+ D> [Gi]Ui  where G =K +Ay (24)
1=0;1#k

This equation gives only the force applied by one tetrahedron on the vertex P,. We obtain
the global force applied on vertex a Py by adding the contributions of all the tetrahedra sharing

this vertex (see Figure 6):

Fi = [Grx]Ur + Z [Gri] Uy, (25)
PIEN(P)‘,)
Grr = Z G;fk : is the global stiffness tensor of vertex Py,
TZEN(P;(.)
Gy = Z G',f;' : is the global stiffness tensor of edge P P;.

TiEN(Pk,Pl)
Thus, Fy, are linear functions of the displacement vectors of node P, and its mesh neighbors
N(Pyg).
3.4 Tensor/Mass model [7]

Given a tetrahedral mesh of a solid —in our case an anatomical structure— we build a data

structure incorporating the notion of vertices, edges, and tetrahedra. For each vertex, we store

10



its neighboring tetrahedra, its current position Py, its rest position Pg, and its tensor [Gi]. For
each edge, we store its two vertices as well as its tensor [Gg]. Finally for each tetrahedron, we
store its four vertices, its six edges as well as the Lam coefficients AL, uf, AT, uT') the direction of

anisotropy ag, and the four shape vectors ay.

3.4.1 Numerical integration

We use a Newtonian differential equation:

2P,  dP;
Mg =Yg T (26)

as the equation governing the motion of our linear elastic model. This equation is related to the

differential equation found in continuum mechanics [32]:
MU + CU + KU =R. (27)

Following finite elements theory, the mass M and damping C matrices are sparse matrices that
are related to the stored physical properties of each tetrahedron. In our case, we consider that
M and C are diagonal matrices, i.e., that mass and damping effects are concentrated at vertices.
This simplification called mass-lumping decouples the motion of all nodes and therefore allows us
to write equation 27 as the set of independent differential equations (26) for each vertex.

Furthermore, we choose an ezplicit integration scheme where the elastic force is estimated at
time ¢ in order to compute the vertex position at time ¢ + 1:

2m;

(Z; - %) Pt = F, + AP P! - (Z;; + ZXt) Pl

The key advantage of this explicit integration scheme is that no linear system solving is required

for updating each vertex. After modifying the mesh topology, equation (28) is used to update the
vertex position without any additional computation besides the update of local tensors [K;;] (see
section 5.5). Therefore, the explicit integration scheme allows a fast update of the mesh even when
tetrahedra are being removed. On the other hand, the use of an implicit integration scheme would
allow to model stiffer material but at the cost of solving a linear system of equation at each time

step or inversing the stiffness matrix every time the mesh topology would have been altered.

3.4.2 Simulation of cutting

One of the basic tasks in surgery simulation consists in cutting soft tissue. With the dynamic linear
elastic model, this task can be achieved efficiently. We simulate the action of an electric scalpel on
soft tissue by successively removing tetrahedra at places where the instrument is in contact with

the anatomical model.
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When a collision between the instrument and a tetrahedron is detected, the mechanical con-
tribution of this tetrahedron must be removed, which means that local stiffness tensors associated
with the tetrahedron are subtracted from the current stiffness tensors at the tetrahedron edges and
vertices (Figure 7). Since the tensors are only updated locally, this is performed in a very efficient
manner. For instance, when removing tetrahedron T;, 10 update operations are performed on the

tensors of the vertices and the edges belonging to this tetrahedron:

Gj;] = [G4;]— [GZ;] on the 4 vertices,

and [Gj] = [Gje] — [Gm;[k] on the 6 edges.

Finally, we update the list of displayed triangles located on the mesh surface. By locally
updating tensors, the tissue has exactly the same properties as if we had removed the corresponding
tetrahedron at its rest position. Because of the volumetric continuity of finite element modeling,

the tissue deformation is realistic during the cutting.

3.5 Pre-computed [17] and Hybrid models [7]

For the sake of completeness, we briefy recall the linear elastic models that we have proposed
previously. The most common method to solve the elasticity problem formulated in equation 25
is to build the global linear system [K] U = F which gives the displacement of all nodes as a
function of boundary conditions and external forces at the equilibrium position. Unfortunately,
such linear systems cannot be solved fast enough for complex objects. The method proposed
in [17] is based on the superposition principle which states that the displacement entailed by the
application of two external forces is the sum of the displacements entailed by each external force
separately. Thus, we precompute off-line the displacements entailed by applying unitary forces
(one for each direction X,Y or Z) on each surface vertex. These precomputed displacements are
stored in a matrix of size 3m x 3m where m is the number of free surface vertices. During the
simulation, the mesh deformation can then be computed in a very efficient manner by multiplying
the precomputed matrices with the external forces applied on the mesh surface. When the mesh is
deformed by imposing d displacements at surface vertices, the solution of a small linear system of
equations of size 3d x 3d is required. This method allows real-time simulation for complex objects
like anatomical structures but cannot model any change of mesh topology. This drawback led
us to combine this precomputed model with the tensor-mass model described in section 3.4. To
optimize performances, this hybrid model [7] include a large pre-computed model with a smaller
tensor-mass model allowing topology changes. Since both models are based on the linear elasticity,

they can be easily merged by transmitting forces and position at the common nodes.
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3.6 Results

In this section, we give two examples of anisotropic material modeling. In the first example we give
a direct application of our ”transversally isotropic” deformable model to simulate the biomechanical
behavior of tubular structures like blood vessels or tendons, and the second example highlights the

effects of introducing anisotropic fibers into isotropic materials.

3.6.1 Modeling of tubular structures

In this first example, we consider two identical cylinders: one is isotropic (Figure 8a and 8c) and
the other is 5 times stiffer in the z direction (Figure 8b and 8d). In this case, we have included
the complete anisotropic energy with both stretching and shearing terms. First, the cylinders are
pinched by applying forces perpendicular to the anisotropic direction. We can see that the range of
the deformation is the same for the two models. Furthermore the deformation is more realistic in
the second case because it is smoothed along the anisotropic direction (because of the shear part of
anisotropic energy). On the second set of cylinders (Figure 8c and 8d) we can see the deformation
resulting from the application of the same force in the z direction on the top face of each cylinder
(the bottom face is fixed). As expected, the model is much stiffer in the anisotropic direction, and
the stretch is much smaller.

To highlight the difference between the stretch and shear parts of the anisotropic energy, we
present another result on Figure 10: (a) is an isotropic cylinder and (b) is anisotropic with only
the stretching term. The superimposition of the two deformations (Figures 10(c) and 10(d)) shows
that the deformation terms are equivalent for transversal constraints. On the other hand, the
deformation of the last cylinder (10(e)), which is anisotropic in stretch and shear, is somewhat
smoother. In fact, the shearing term of anisotropic energy penalizes the variation of angle between
faces along the anisotropic direction. This leads to a smoother distribution of the shear along this

direction (see Figure 9).

3.6.2 Introduction of anisotropic fibers into isotropic materials

Besides the modeling of anisotropic anatomical structures, our ”transversally isotropic” tensor-
mass model also allows us to include such structures into isotropic materials, simply by adding the
anisotropic terms only in some tetrahedra, the rest of the deformable model remaining perfectly
isotropic. In the example shown on Figure 11, we have defined an anisotropic strip (darker part) in
an isotropic elastic material (we have chosen a simple geometrical model for this example in order
to have a better understanding of the effects of the anisotropic parts on the overall deformation).

This anisotropic part could model the presence of fibers (blood vessels, muscles, or tendons),

13



with the direction of anisotropy corresponding to the largest dimension of the stripe. First we
have stretched the model along the direction of anisotropy. Figure 11(a) shows the result of this
stretch and Figure 11(b) focuses on the local shear at the frontier between isotropic and anisotropic
materials. Then we have stretched the model in the direction perpendicular to the direction of
anisotropy, to check that, in this direction, the stretch is the same as in the isotropic case (Figure
11(c)). Figure 11(d) confirms that the anisotropic part hardly deforms in the fiber direction.
Finally, Figure 12 shows the modeling of the blood vessels in the liver. In this example, the
geometry of the vessels is built as a tree made of seven straight lines. Each tetrahedron containing
one of these lines has a transversally isotropic behavior (Figures 12(a) and 12(b)), the direction
of the line being the direction of anisotropy (Figure 12(c)). We obtain a deformable model of the
liver that takes into account the anisotropic mechanical properties of blood vessels (Figures 12(d),

12(e), and 12(f)).

3.7 Surface anisotropy

Several anatomical structures have an external skin or membrane. In particular, the liver has an
external ”capsule”. The goal of this section is to model this specific skin in order to improve the

realism of the liver deformations.

3.7.1 External spring-mass membrane

The ”liver capsule” is quite stiff, and plays an important role in the deformation of the liver
([22, 24]). As we do not want to slow down the simulation frequency, we choose to add to our
tensor-mass model a spring-mass mesh on top of external vertices, edges, and faces of the volumetric
mesh. The same method is used by Boux de Casson et al. in [22], who define two different sets
of springs, one for the liver paremchyma and the other, stiffer, for the liver capsule. The working
scheme for spring-mass deformable models is very close to tensor-mass one. Each edge of the
surface behaves like a spring, with a rest length [y and a stiffness coefficient k. At each time step
we only have to compute, for each edge of the surface, its current length [ and the forces this spring
applies to its two vertices V; and V, (see Figure 13).

These forces are derived from the elastic energy of a spring given by:

k(1 —1)?, (28)

1
Wspring = 5

and only depend on the stiffness k£ and the length variation:

F;p'r‘ing — _Fip'ring —k (l —l l[)) m (29)
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The goal of this external membrane being to penalize the stretch of the surface of the organ, we
use a stiffness value k proportional to the sum of the altitudes (see Figure 14) of the two triangles
sharing this edge. If the direction of the edge does not change too much, the force applied by
the spring on its vertices is a good approximation of the variation of the area of the two adjacent

triangles (see Figure 14):

k = ah

FoPrin = g AITj = a (h Al) T = a AS T, (30)

3.7.2 Results

We have implemented this additional spring-mass membrane on our tensor-mass model. The
simulation frequency is almost unchanged (less than 4% decrease) since the additional computations
are very simple and only concern the edges of the surface.

Figure 15 shows the comparison between an isotropic tensor-mass model (in solid rendering)
and the same model on which we have added the spring-mass membrane (in wireframe rendering).
Figures 15(a) and 15(b) show the local deformation differences brought about by the external
membrane. Between the left and right images, the stiffness of the membrane, i.e. the stiffness of
the springs, was multiplied by 10. The introduction of the external spring-mass membrane around
the liver improves the anatomical modeling of the liver and increases the realism of the simulated

deformations.

4 Detection and definition of contacts with surgical instru-
ments

We use the deformable models presented above in our laparoscopic surgery simulator. An important
stage in the simulation loop corresponds to the detection and processing of the contact between a
laparoscopic instrument and soft tissue models. In this section, we first describe how the collision
with an instrument can be efficiently detected using accelerated graphics hardware. Then, we
present the different contact models that we have implemented, corresponding to the action of
gripping, cutting, sliding or, burning.

Figure 16 shows the modeling of a basic laparoscopic instrument which consists of a long and
narrow cylinder, terminated with a hook or pliers, passing through a fixed point corresponding to

the hole by which the instrument is inserted inside the patient abdomen.
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4.1 Collision detection: LCN method

The main idea of this method is to use the OpenGL library to detect the intersection of a complex
scene with a polyhedral object consisting of a very limited number of faces (limited by the number of
clipping planes). The polyhedral object is represented by an OpenGL camera with a set of clipping
planes, and the collision detection is performed with the OpenGL selection buffer technique (more
details on this method can be found in [25]).

This approach is very well suited for detecting contacts between soft tissue models and laparo-
scopic surgical instruments since they can be represented as a single box (Figure 17). Furthermore,
it has two main advantages. First, it is rather simple as it can be implemented with no more than
twenty lines of OpenGL code. Second, this method is very efficient, especially when using dedi-
cated (accelerated) graphics hardware. For instance, on an SGI Onyx2 workstation, the collision
detection takes less than 0.2 ms. Even on a PC Pentium2 running at 333MHz under linux and
using the Mesa 3D software library with no graphics hardware, the collision detection typically

takes less than 3.0 ms ([25]).

4.2 Modeling contact with surgical instruments

The collision detection module outputs a set of triangles colliding with an instrument. The next
task is to modify the geometry of these triangles in order to model the contact between the
rigid laparoscopic instrument and a soft tissue model. A common technique described in the
literature is the penalty method where a force proportional to penetration depth is applied on all
triangles collided by the tool. The problem with this method is that it does not really respect the
geometry of the contact. In fact, it does not guarantee that the collided faces will follow exactly
the displacement of the tool. Some faces can be penetrated by the tool during several time steps
or can be pushed too far away, which creates some discontinuity and instability problems. Instead,
we choose a geometric approach rather than a physical one: we apply precise displacements to
the colliding faces. The main idea in our approach is to compute these displacements so that all
triangles stay in contact with the instrument. Indeed, this avoids the soft tissue model to oscillate
inside and outside the instrument. Finally, we must keep in mind that the computation of these
displacements must be simple enough to keep the simulation frequency as high as possible.

Our goal being to model the contact between the whole tool and the organ, we first consider
the collision with the handle of the tool. In this case the problem is to move a set of adjacent
triangles in such a way that they all contain the same straight line (the edge of the tool). The only

solution is to project every vertex of the collided faces on a plane containing the straight line (see
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Figure 18 and 20(a)).
For that, we define the projection plane with the direction of the handle of the tool (’f‘p p of
Figure 18) and the average normal of all the collided faces N. From these two vectors we define

the normal to the projection plane by:

NProj = (T‘FP A ﬁ) A 'f'FP,
and we project the vertices orthogonally on this plane:

av = (PV . ﬁpmj) N proj.

But there are two problems with this method. First it does not perform well when the tool is
far from being parallel to the surface. In this case only the end of the tool collides the surface,
involving an unrealistic deformation (see 2D example of Figure 19).

The second problem is that when the tool is perpendicular to the surface, the projection plane
is ill-defined. For this reason, we have developed a specific algorithm for the end of the tool: we
now project the collided faces on the plane defined by the end of the tool and the average normal
of the collided faces (Figure 20(b)).

The problem was to split the set of collided faces in two sets, one for the end of the tool and
the other for the handle. We took advantage of the efficiency of the collision detection algorithm
by performing two collision detections at each simulation step. The first is restricted to the last
centimeter of the tool and the second is done with the handle. In this way we can define very
realistic boundary constraints for the soft tissue deformable model (Figure 21 and 22).

Furthermore, in order to slide on the surface, we do not apply any position constraint on
projected vertices: these vertices are not fixed during the computation of the deformation. In
fact, the collided vertices are projected on the corresponding plane, and after each deformation
step of the mesh, we re-project them on the same plane. This way, the vertices can move on the
projection plane, allowing the triangles to slide under the tool, which means that we simulate a

contact without any friction.

4.3 Interesting features

The interaction between a laparoscopic tool and soft tissues (the liver for example) is in reality
very complex, and therefore very difficult to simulate realistically. But, for a surgery simulator,
the quality of this interaction strongly influences the overall realism of the simulation. In that

context, we have tried to model some of the most important gestures used in surgery:
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e Sliding on the surface: The surface of most abdominal organs is wet and slippery. The
surgeons often use this property to insert a tool between two organs, or to move a part of an
organ in order to ease an other gesture. In some cases, this sliding is used by surgeons during
a palpation process in order to identify some stiffer structures that can reveal the presence
of lesions. In our model, the tool handle is always sliding on the liver. However, the tool end

may have different actions depending on the nature of the surgical tool chosen.

¢ Gripping a piece of the liver: Even if the liver surface is fairly slippery, some part of the
liver can be gripped by the jaws of pliers. In most cases, during surgery, a surgeon grips the
edge of a liver lobe in order to reach a remote part of the liver or to ease the removal of a
liver segment. We model this gesture as follows (see Figure 23): if the tool collides with the
liver with the jaws of pliers wide open (see Figure 23(a) and (b)), and when the jaws are
half-closed (Figure 23(c)), we consider that the corresponding triangles stick to the extremity

of the tool (Figure 23(d)).

¢ Removing tetrahedra with the jaws or with an electrical or ultrasound tool: One
important advantage of the tensor-mass model presented in section 3.4 is that it is well suited
for the interactive simulation of cutting. In liver surgery, cutting is performed by removing
pieces of parenchyma which we model by removing tetrahedra. We have implemented two
cutting gestures, corresponding to the most common surgical methods. The former consists in
“chewing” the liver with the jaws of the tool. We use the same approach as for representing
the gripping gesture, but when the jaws are completely closed, we remove all tetrahedra

located inside the jaws (Figure 24).

The latter gesture is related to another surgical tool often used for removing parenchyma:
the cavitron (ultrasound lancet). The tool extremity creates ultrasound waves which explode
the haptic cells at the vicinity of the tool. The main advantage of this method, when the
ultrasound frequency is suitably chosen, is that it only removes the parenchyma without
damaging the blood vessels. We model this gesture simply by removing all tetrahedra in

contact with tool end. An example of this method is shown in section 6 (Figure 27).

From these contact models between soft tissues and laparoscopic tools, we compute the organ
deformation and the reaction forces applied to the tools. These reaction forces are sent to the

corresponding force-feedback devices in order to provide a haptic feedback to the user.
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5 Force feedback

Laparoscopic surgery is much more difficult for surgeons than classical surgery. Surgeons loose
the third dimension and use two long tools instead of their ten fingers. So they must use all the
clues they can to understand and reconstruct the scene in their mind. Force feedback is one of
these clues, and its introduction in our surgery simulator highly improves the overall realism of
the simulation.

But haptic rendering requires a high update rate (ranging from 300Hz for soft objects to 10kHz
for rigid contact) to give the user a proper sense of touch.

To achieve a satisfactory haptic feedback, two approaches have been proposed:

e computing forces empirically [8], for example by using a force proportional to the penetration
depth of the tool in the object. In this case the force is not computed from a physical

deformation, but only from geometric constraints.

e using a simplified physical model. The simplification can be performed in two ways, either

by decreasing the mesh size [33] or by performing as much pre-computation as possible [17].

We propose another solution based on human characteristics. Indeed, it has been shown [34] that
if haptic rendering is very precise (we can feel force discontinuities above 300 Hz), human gesture
can be sampled at a much lower frequency (from 1Hz for the answer to an unexpected signal to
10Hz for a reflex action). Thus, all applied forces must be updated at a high rate, but, because it
is related to the user’s hand gesture, their evolution is quite slow. The idea is to estimate forces
between two time steps of the deformable model simulation with an extrapolation. A more detailed

presentation of this study can be found in [27].

5.1 Force extrapolation

Our aim is to generate forces at a rate of 500Hz from forces computed by the deformable object
simulation at a rate of about 30Hz. The simulation loop gives us a discrete time series of param-
eters (tn, P,,F,) representing the force F,, applied to the tool in position P,, at time ¢,. Good
quality force feedback can be reached by a force update at about 500Hz. So, we must choose an
extrapolation function F(¢) providing an estimate force applied at time ¢ (¢, < t < tp41) according
to already known data (¢;, P;, F;), i = 0..n.

The hardware of the Laparoscopic Impulse Engine assumes a constant extrapolation be-
tween two received forces. This has several advantages. First, it does not require any additional

computation. Second, as the applied force results from the deformation computation, such an
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extrapolation scheme ensures that only valid forces are applied without the risk of damaging the
device. The main problem with this method is the discontinuity of the applied force which gives
the sensation of touching a rough surface as soon as the update rate becomes too low (under about
300Hz).

Another way to estimate the current value of a signal changing over time is to extrapolate it
over time. As our deformable model sketches a linear elastic behavior, we only consider linear
extrapolation over time. This method gives better results than the one described previously.
The force discontinuities are less important. But we must face a new problem, since the applied
forces do not originate from the simulation of deformable models, they can be arbitrarily large.

These force amplitude peaks occur especially when the time step increases.

t—1tn,
Fp(t) =F, + ﬁ(Fn - anl) tp <t <tpy1. (31)

The force changes are mainly due to the tool movement. In addition, it is possible to query at
a very high rate the position of the tool during the extrapolation. These observations led us to
develop a force estimator based on the tool position: linear extrapolation over position. We
project the current tool position P onto the line defined by the two previous tool position P, 1

and P, to obtain P’ (Figure 25). We can then consider the norm ratio for extrapolation:

[P" — Pl

FP(t) = F, + —— =l
O =Fut 1o~ ]

(Fn—Fn 1) ta<t<tpnii. (32)

We notice that the error induced by the tool position projection is null when P, 1, P,, and P
are aligned, in other words when the tool trajectory is a line.

All of these three extrapolation methods were implemented in our surgery simulator. In order
to compare and to evaluate them, several experiments were performed. The results are presented

in the next section.

5.2 Results

To evaluate and compare the three extrapolation methods, time of acquisition, tool position,
and computed reaction forces were recorded during several surgery simulation sessions. We have
interpolated the force a posteriori to have a reference for the computation of the errors. We present
results on the norm of the force. The top row of Figure 26 shows the original data set with the
impulses and the extrapolated one as a line. The norm of the difference between the extrapolated
and the interpolated forces, which is taken as a measure of the error, is plotted on the bottom row.

We note that the linear extrapolation over position gives very interesting results (very few

discontinuities and no singular forces). We tried the same type of experiments with different
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simulation frequencies and with different tool movements. The position linear extrapolation always

gave the best results, which is confirmed by the sensation perceived during simulation.

6 Results: simulation of liver surgery

In this section, we present an example of the typical gesture we want to simulate: Figure 27 shows a
simulation of laparoscopic liver surgery during which the user pulls the right part of the deformable
model with one tool while cutting with another tool. The interaction algorithm we have developed
allows us to simulate several procedures, while the force extrapolation method provides a realistic
haptic feedback despite a low simulation frequency (about 30Hz). Our linear elastic deformable
model reaches this frequency with a mesh size of up to 8000 tetrahedra, which allowed us to model

reasonably complex organs.

7 Conclusion

We have described, in this paper, several improvements to our minimally invasive surgery simu-
lator. First, we have enhanced the bio-mechanical behavior of our deformable model by adding
the possibility to simulate the deformations of anisotropic material. Indeed, we can now model
materials having a different behavior in one given direction, thanks to the generalization of linear
elasticity to transversally isotropic materials. We have also modeled the skin surrounding some
organ by adding an external spring-mass mesh to our 3D tensor-mass model. Second, we have
defined complex interactions between the organ and a laparoscopic tool, which can slide on the
surface of the organ, grip, cut, or burn the organ. Finally we have proposed a method of extrap-
olation of the forces applied on the laparoscopic tools providing a realistic haptic feedback with
only visual frame rate.

Our future work will focus on modeling more complex bio-mechanical behavior, with the intro-
duction of non-linear elastic models [35]. Another improvement will be the modeling of the hepatic
vessels networks which constitute one of the main problems during liver surgery.

Another important issue will be the biomechanical validation of the deformable models we use
in our surgery simulator. The liver is filled with blood (near 50% of its global weight), which
implies that ex-vivo liver tissue should not behave like in-vivo tissue. Therefore, to validate our
biomechanical liver model, we would have to compare it against in-vivo deformations of a real
liver. Currently, such an experiment raises several technical and ethical difficulties. For the same

reasons, the elastic properties of the liver (Young modulus and Poison ratio) must be measured
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in-vivo, or using complex in-vitro experimental protocols. In both cases, the results obtained by

several teams (F. Carter et al. [36], V. Vuskovic [37], D. Dan [38]) have shown a strong variability

in the parameter estimation. In the framework of real-time surgery simulation, we essentially need

to build soft tissue models that behave realistically. Therefore, we are currently relying on the

feedback from surgeons experimenting the simulator to validate the behaviour of our liver model.
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Guillaume Picinbono, Figure 1:
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Figure 1: Surgery simulator simplified work flow.
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Guillaume Picinbono, Figure 2:

Figure 2: Surgery simulator prototype developed at INRIA
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Guillaume Picinbono, Figure 3:
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Figure 3: Deformations of an elementary cube (a): elongation in cube direction (b) and change of

angle between cube faces (c)
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Guillaume Picinbono, Figure 4:

Figure 4: Transversally isotropic material
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Guillaume Picinbono, Figure 5:
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Guillaume Picinbono, Figure 6:

Figure 6: Accumulation of the stiffness tensors on the vertices and the edges
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Guillaume Picinbono, Figure 7:

Figure 7: Possibility to change mesh topology ”on the fly”
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Guillaume Picinbono, Figure 8:
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Figure 8: Comparison between isotropic (a and c) and anisotropic (b and d) cylinders.
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Guillaume Picinbono, Figure 9:
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Figure 9: Shear: variation of angle between edges. (a): rest shape. (b): with isotropic material,

shear can be locally very strong. (c): with anisotropic shearing term, the shear is weaker and

smoothly distributed along the anisotropic direction.
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Guillaume Picinbono, Figure 10:
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Figure 10: Comparison between isotropic (a), anisotropic in stretch (b) and fully anisotropic

(stretch and shear) (e) elasticity. (c) and (d) show the superimposition of (a) and (b).
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Guillaume Picinbono, Figure 11:
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Figure 11: Effects of the introduction of anisotropic fibers in isotropic materials. The darker part
of the solid model (in blue) on (a), (b) and (c) is anisotropic with the direction of anisotropy
corresponding to the largest dimension of the stripe. Its deformations along the direction of
anisotropy ((a) and (b)) and orthogonally to this direction ((c) and (d)) are compared with an

entirely isotropic model (in wireframe on (a) and solid rendering on (c))
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Guillaume Picinbono, Figure 12:

Figure 12: Modeling of the main vessels of the liver using anisotropic elasticity in the tetrahedra

containing these vessels
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Guillaume Picinbono, Figure 13:

Figure 13: spring-mass mesh
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Guillaume Picinbono, Figure 14:
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Figure 14: Stiffness of each spring of the surface
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Guillaume Picinbono, Figure 15:

(a) The model with wire-frame rendering has an external spring-mass membrane, while the other (solid
rendering) is isotropic. Between left and right figures, the stiffness of the springs of the membrane was

multiplied by 10

(b) Close look on the experiments presented above

Figure 15: Comparison of the deformations between an isotropic model and the same model with

an external membrane standing for the "liver capsule”
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Guillaume Picinbono, Figure 16:

Figure 16: Modeling of a basic laparoscopic instrument.
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Guillaume Picinbono, Figure 17:

Figure 17: Collision detection between a moving surgical instrument and a liver model.
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Guillaume Picinbono, Figure 18:

Figure 18: Definition of the projection plane, and projection of the collided faces on it
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Guillaume Picinbono, Figure 19:

Figure 19: Problem when colliding with the end of the tool
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Guillaume Picinbono, Figure 20:
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Figure 20: Modeling of contact between the surgical tool and the liver soft tissue model.
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Guillaume Picinbono, Figure 21:

Figure 21: Double collision detection (in red for the end of the tool and in blue for the handle)

and corresponding projections
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Guillaume Picinbono, Figure 22:

Figure 22: Processing the contact with the whole tool and the liver soft tissue model
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Guillaume Picinbono, Figure 23:

Figure 23: The tool grips a part of the liver
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Guillaume Picinbono, Figure 24:

Figure 24: The tool jaws cut a part of the liver
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Guillaume Picinbono, Figure 25:
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Figure 25: Tool position projection for extrapolation over position
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Guillaume Picinbono, Figure 26:
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Figure 26: Evaluating the different extrapolation methods
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Guillaume Picinbono, Figure 27:

Figure 27: Simulation of hepatectomy
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