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Abstract
Realistic modeling of the interaction between surgical
instruments and human organs has been recognized as a
key requirement in the development of high-fidelity surgical
simulators. Primarily due to computational considerations,
most of the past simulation research within the haptics community has assumed linear elastic behavior for modeling
tissues, even though human soft tissues generally possess
nonlinear viscoelastic properties. Hence, this paper quantitatively compares linear and nonlinear elasticity-based
models. It is demonstrated that, for a nonlinear model,
the well-known Poynting effect developed during shearing
of the tissue results in normal forces not seen in a linear
elastic model. The difference in force magnitude and force
direction for linear and nonlinear models are larger than
the just noticeable difference for contact force and forcedirection discrimination thresholds published in the psychophysics literature, respectively. This work applies a proposed framework for examining the effect of tool-tissue interaction modeling techniques on human perception of surgical simulators with haptic feedback.

1. Introduction
Surgical simulators present an efficient, safe, realistic,
and ethical method for surgical training, practice, and preoperative planning. Surgical simulation emphasizes the
user’s real-time interaction with medical instruments, surgical techniques, and realistic organ models that are anatomically and physiologically accurate. In order to further enhance the realism, some surgical simulators also have the
capability to provide haptic feedback to the user. The development of realistic surgical simulation systems requires
accurate modeling of the organs and their interactions with
the surgical tools. The benefits of tissue modeling are not
only evident for training, planning, and practice of surgical
procedures, but also for optimizing surgical tool design, creating “smart” instruments capable of assessing pathology or
force-limiting novice surgeons, and for understanding tissue
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injury mechanisms and damage thresholds.
Human organs in general are inhomogeneous,
anisotropic, and exhibit nonlinear viscoelastic properties.
Continuum mechanics provides a mathematical
framework to model the constitutive laws of biological
tissues. Though linear elastic models are frequently used
to model tissues for simulating surgical procedures, such
models are only accurate for materials undergoing small
strains, while most surgical procedures involve organs
being subjected to large strains. The behavior of materials
undergoing large strains (>1%-2%) is described by the
theory of nonlinear elasticity, e.g. hyperelastic models.
Given the complexity of human organs and challenges in
acquisition of tissue parameters, realistic modeling and simulation of tissue deformation is an ongoing research area.
Extensive work has been done by researchers in the area of
computer graphics to model deformable bodies [5]. In such
studies, the focus has been to produce seemingly realistic
visualization, while ignoring the physics underlying tissue
deformation. The purpose of the literature in the domain
of biomechanics is understanding the fundamental properties of various tissues, e.g. [4, 26]. Within the robotics and
haptics research communities, most of the past research has
generally assumed linear elasticity for modeling tissues for
both invasive and non-invasive surgical procedures. Examples of modeling and simulation of non-invasive surgical operations generally involve deformation via indentation, e.g. [1, 12, 14, 18] purely via simulation, or comparing simulation results with experiments on real or phantom
tissues [17, 22]. Needle insertion [3] and cutting [19, 25]
have been used in models of invasive surgical procedures.
Some studies use a hyperelastic formulation for simulation
of non-invasive surgical procedures [7, 13, 16, 24], and two
studies have used a hyperelastic formulation to simulate invasive procedures [9, 20]. Further, several researchers have
investigated a wide variety of methods for modeling tooltissue interactions based on techniques other than continuum mechanics, e.g. [8, 15, 23]. The primary reason for
using such non-physical modeling techniques is computational efficiency.
In this paper, we demonstrate that there is a significant
difference between the forces applied to the user for lin-
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above expression implies that shear displacement is being
applied to the body, while preventing displacement in the
normal direction. From (1), the matrix of the deformation
gradient tensor, F, is computed as
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Figure 1. Body undergoing simple shear; the
shear strain is κ in the X1 direction.

ear and nonlinear elastic tissue models. While this is not a
new concept, our work provides a concrete example of how
modeling techniques relate to human perception of surgical
simulators. We quantitatively compare both the magnitude
and direction of force resulting from linear and nonlinear
models, and show that these differences are far beyond the
published thresholds of human sensing. For the purposes of
comparison in this study, we have considered the organ to
undergo shear. Shear displacement is used because, during
invasive and non-invasive medical procedures, it is common
practice for clinicians to palpate and perform a shearing motion on the organ either by hand or with an instrument. Dehghan and Salcudean also recently compared the effects of
linear and nonlinear FE models on the mesh displacement
during needle insertion [2]. They concluded that in the presence of asymmetric boundary conditions, there are noticeable differences between linear and nonlinear models.
The derivations for the constitutive law of a body undergoing shear are presented in Section 2. In order to populate
our model with realistic material properties, we conducted
uniaxial compression tests on gel samples, as described in
Section 3. Simulation studies to compare linear and nonlinear models are presented in Section 4. Finally, we discuss
the implications of our results for haptic feedback in surgical simulators and potential future work.

2. Continuum mechanics-based formulation
for simple shear
In order to highlight the differences between linear
and nonlinear-elasticity based tissue models, this section
presents the theoretical relationships for the stresses and
strains for a body undergoing simple shear, as shown in Figure 1. The formulation highlights only the key relationships
and does not cover the fundamentals of continuum mechanics. For further details, we refer the reader to [6].
The body is assumed to shear by an amount κ, and γ is
the angle the sheared line makes with its original orientation. The shear strain is given by κ = tan (γ). If y represents the position after deformation of a material reference
initially located at X, we can describe the simple shear motion by
y = (X1 + κX2 ) e1 + X2 e2 + X3 e3 ,

(1)

where {e1 , e2 , e3 } are the Cartesian base vectors. The
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The deformation of materials under large strains (>1%2%) is described by the theory of nonlinear elasticity, and
hyperelastic models are commonly used. For a hyperelastic
material, the Cauchy stress tensor, σ, can be derived from
a strain energy density function, W [6]. There are various
formulations for the strain energy density function depending on the material, e.g. Neo-Hookean, Mooney-Rivlin, St.
Venant-Kirchhoff, Blatz-Ko, Ogden, and polynomial forms.
Using the Representation Theorem, the Cauchy stress
tensor for an isotropic, homogenous, and incompressible
hyperelastic material can be derived as [6]



∂W
∂W 2
∂W
σ = −pI + 2
B−
+ I1
B , (3)
∂I1
∂I2
∂I2
where I1 and I2 are the principal invariants, B is the left
Cauchy-Green tensor, and p is the Lagrange multiplier (essentially a pressure). B is given in terms of the deformation
gradient tensor as


1 + κ2 κ 0
κ
1 0 .
B = FFT = 
(4)
0
0 1
Several strain energy density functions were implemented
for this study, but we present results only for the MooneyRivlin model, since this is sufficient to highlight the differences between linear and nonlinear models. The MooneyRivlin strain energy density function is given by
W = C1 (I1 − 3) + C2 (I2 − 3) ,

(5)

where C1 and C2 are material parameters specific to the
tissue. In (5), the principal invariants, I1 and I2 , can be
evaluated from B as

1
2
I1 = B : I and I2 =
(B : I) − (B : B) . (6)
2
Thus,
I1 = κ2 + 3 and I2 = κ2 + 3.

(7)

Further, for the Mooney-Rivlin model given in (5)
∂W
∂W
= C1 and
= C2 .
∂I1
∂I2

(8)

From (4), we can compute B2 , and using results from (7)
and (8), and evaluating (3), we obtain the following expres-

sions for the stress in terms of the shear, κ:

(10)
(11)

σ12 = 2 (C1 + C2 ) κ

(12)

σ13 = 0

(13)

σ23 = 0

(14)

The Lagrange multiplier, p, can be evaluated from the
boundary condition. For example, the plane stress case
gives

(15)
σ33 = 0 ⇒ p = 2 C1 + 2C2 + C2 κ2

1

(a)

Figure 2. (a) The RSA II test station, where 1
and 2 are the actuator and load cell, respectively (b) The Sylgard 527 gel sample in the
RSA II.

As seen in (10), σ22 is non-zero. The presence of normal
stress, σ22 , and the inequality, σ11 6= σ22 is a manifestation
of the “Poynting effect”, and is a result of the nonlinearity.
In contrast, for a homogenous and isotropic body undergoing simple shear, the stress based on linear elasticity is
σ12 = Gκ,

¶

Zone 1

3. Experiments to measure phantom tissue
properties
In order to populate (9)-(16) with soft tissue parameters,
we conducted experiments to acquire the material coefficients, C1 , C2 , and G. For a specific tissue-like material,
experiments were performed on the Rheometrics Solids Analyzer (RSA) II. Dow Corning Sylgard 527 A & B silicone
dielectric gel was used to simulate soft tissues. Details pertaining to the individual components and various test modes
can be found in the RSA II owner’s manual [21]. Sylgard
527 gel is commonly used to simulate human brain tissue.
This section describes the experimental method used in order to acquire the material properties of the Sylgard 527 gel.

3.1. Methods
The Sylgard 527 gel sample to be tested was placed between the actuator and load cell, which are located on the
RSA II test station, as shown in Figures 2(a) and (b). The
actuator and load cell are physically identical. The position
sensor mounted onto the actuator shaft outputs a DC voltage that is proportional to the actuator displacement. The
resolution of the actuator is ± 0.05 µm. The load cell is
operated by using a linear variable differential transducer
(LVDT) in order to maintain constant axial position during

Zone 2

0.001 s

(16)

where G is the shear modulus, and all other components
of stress are zero. (16) presents a computationally simple
and easy to implement formulation, but such models do not
exhibit the Poynting effect.
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(b)
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σ11 = 2C1 + 4C2 + 2 (C1 + C2 ) κ2 − p
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Figure 3. Strain rate sweep mode
testing. Following the application of force to the load cell
shaft, the LVDT outputs a DC voltage that is proportional
to shaft displacement from zero position. The resolution of
the load cell is ± 0.00981 N.
20 Sylgard 527 gel samples of dimensions 10 mm × 10
mm and 1 mm thick were prepared and tested. For our experiments we operated the RSA II in the “strain rate sweep”
mode. In this mode, the user commands a compressive
strain rate and a period for which the strain is to be applied. For our tests, we applied the strains histories shown
in Figure 3. During Zone 1, the initial compressive strain
was applied for a period of 5 seconds and then the sample
was allowed to settle for a period of 5 seconds. The data to
be analyzed is from Zone 2, where the compressive strain
was applied for a period of 45 seconds. Zone 1 ensures that
the sample is appropriately preconditioned so that reliable
stress and strain data is acquired. During both zones, the
strain rate was set to 0.001 sec−1 .

3.2. Results
In order to obtain the material properties corresponding
to the Mooney-Rivlin strain energy density function in (5),
we derived the constitutive law for uniaxial compression.
Using (3), in terms of the stretch ratio, λ, and the material
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Figure 4. Experimental results and derived
models based on Mooney-Rivlin strain energy density function for 3 samples.
constants, the stress is given as

2 (C2 + C1 λ) λ3 − 1
,
σ=
λ2

(17)

finite element (FE) model in ABAQUS (ABAQUS Inc.,
Providence, RI). The dimensions of the model were 15
cm × 5 cm, and the material was considered to be homogenous, isotropic, and incompressible. The model was
meshed using 8-node biquadratic plane stress quadrilaterals with nodes that were 1 mm apart. For the purposes of
demonstrating the Poynting effect, the Mooney-Rivlin parameters corresponding to sample #5 in Table 1 were chosen. For the linear elastic case, the shear modulus was obtained from the Young’s modulus corresponding to sample
#5, which is given by

where the strain, ε, in terms of the stretch ratio is
λ = 1 − ε.

G=
(18)

The analytical expression in (17), along with the constraint
C1 + C2 > 0, was used to fit the experimental data in order
to obtain the material parameters. The constraint is obtained
from (12) in order to ensure appropriate direction of stress
for a given strain. In order to obtain the Young’s modulus,
E, the experimental data was also fitted to the linear elastic model, σ = Eε. Table 1 provides the Mooney-Rivlin
material coefficients and Young’s modulus for 3 representative cases out of the total 20 tested samples. In Figure 4,
experimental and derived stress-strain curves based on the
Mooney-Rivlin parameters in Table 1 are plotted.

Table 1. Mooney-Rivlin material coefficients
and Young’s modulus for 3 samples of Sylgard 527 derived for experimental stressstrain curves (representative data out of the
total 20 samples).
Sample #
4
5
13

C1 (MPa)
39.777
42.172
63.795

C2 (MPa)
-39.579
-41.975
-63.597

E (MPa)
7.880
8.365
12.772

4. Comparison of linear and nonlinear finite element models
In order to quantify the responses of linear and nonlinear elastic models for a specific geometry, we built a 2-D
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E
2 (1 + ν)

(19)

where ν = 0.5, signifying an incompressible material.
In our simulations, we fully constrained the bottom of
the model. A 5% shear strain was applied to the top of
model while preventing axial displacement. Figure 5 provides a schematic representation of the FE simulation, as
well as the direction of the applied shear displacement and
resulting forces. The results of the simulation are shown in
Figures 6(a) and (b) in terms of F versus κ and α versus κ,
respectively.
Further, in order to highlight the differences between the
linear and nonlinear model, we conducted simulations while
not constraining the model in the axial direction. Figure
7 shows the results the undeformed (solid line) versus deformed bodies for the linear and nonlinear elastic models
for 5% shear strain. As seen in the figure, due to application of a shear displacement to the linear elastic model, only
deformation in the transverse (along the direction of shear)
is seen. But for the nonlinear elastic model, there is deformation in the transverse as well as the axial direction, due to
the Poynting effect. The displacement in the axial direction
for the nonlinear elasticity-based model was found to be 8.6
mm.

5. Discussion
For a wide variety of conditions, the Just Noticeable Difference (JND) for contact force in humans is approximately
7% [10]. Based on our simulation studies, as seen in Figure
6(a), the percentage change in magnitudes of the maximum
reaction forces between the linear and nonlinear models is
51.2%, which is much greater than the JND. In Figure 6(b),
the angle between the reaction forces in the transverse and

35

90
Elastic
Hyperelastic

30

80
70

a (degrees)

F (N)

25
20
15
10

60
50
Elastic
Hyperelastic

40
30
20
10

5

0
0
0

0.005

0.01

0.015

0.02

0.025

0.03

0.035

0.04

0.045

0.05

0

0.005

0.01

0.015

0.02

0.025

0.03

0.035

0.04

0.045

0.05

k, shear strain

k, shear strain

(a)

(b)

Figure 6. FEM simulation results for (a) F versus κ (b) α versus κ. For 5% shear strain, the maximum
values of F and α are 20.9 N and 0◦ , and 31.6 N and 84.6◦ , for linear and nonlinear (hyperelastic)
models, respectively.
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Figure 7. FEM simulations for 5% shear strain
where 1 , 2 , and 3 represents the undeformed body, deformed body based on linear
elasticity, and deformed mesh for the nonlinear elastic model, respectively. For these
simulation cases, the model was not constrained axially while being sheared; the material coefficients correspond to sample #5 in
Table 1. The coarse meshes in this figure are
only presented for clarity, and were not used
for analysis.
3

1

axial directions was found to be 84.6◦ , while for the linear elastic model, since the Poynting effect is not observed,
there is no normal reaction force for shear displacement.
In [11], the mean force direction-discrimination thresholds
were found to be 25.6◦ and 18.4◦ , for haptic feedback and
haptic feedback with congruent vision, respectively. This
implies that, without the implementation of a nonlinear
elastic tissue model in the surgical simulator, the user will
receive noticeably different haptic feedback while interacting with the organ model. Further, preliminary sensitivity
analysis has shown that decreasing both the Mooney-Rivlin
material parameters by ∼40% caused the angle between the
reaction forces to increase by ∼15%. Also, though our
study considered non-invasive surgical procedures, the results of this study are also applicable to invasive surgical
procedures like needle insertion, where organs have asymmetric and complex boundary conditions, and shearing of
tissue is common.
Part of the future work of this study entails conducting tests on human organs and comparing the results with
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that of animals and gels. We wish to use human tissues
for building our simulation model because animal tissues,
such as bovine or porcine liver, commonly used in the tissue modeling literature may have elastic properties different from human tissues. In this study, we used experimental
data from samples undergoing ∼5% strain. It is probably
beneficial to fit material parameters for data collected over
larger (∼50%) strains. Hence, we plan to conduct shear
tests on the RSA II using a specialized shear fixture. This
would help us to apply larger strains and compare our simulation and experimental results. Moreover, in order to have
greater confidence in our results, we are currently developing a setup to conduct large scale shear experiments using a
3-axis robot. In this study, the size of the gel sample would
be comparable to actual organ dimensions. As the gel sample is sheared, the resulting forces would be recorded and
compared with FE simulations.
A fundamental, yet unanswered, research question is
what the fidelity of a surgical simulator should be so that
realistic haptic feedback is provided to the user. Some researchers evaluate simulator effectiveness using “expert”
surgeon subjective evaluation, while others test the ability
of trainees to perform real (usually animal) surgeries before
and after using the simulator. We propose a different approach, in which we model the flow of information from
the real tissue to acquired data, the model, the rendering
technique, the haptic and/or visual display, and eventually
the human user (Figure 8). We conjecture that each of these
stages acts as a “filter” in which information about forcemotion relationships are lost or transformed. For example,
the filter may be a result of the resolution of the measurement device used for gathering experimental data, the simulation model based on the constitutive law derived from
experimental data, or simplification of the model required
to perform real-time haptic rendering. In addition, haptic
devices have their own dynamics and are affected by control issues such as sample-and-hold and quantization. Finally, human perception plays an vital role in quantifying
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Figure 8. The modeling of force flow in order
to quantify the amount of force felt by the human.
the necessary fidelity of the simulation. In this paper, we
have presented an example scenario, where the filter is the
modeling technique. We showed that, in comparison to the
human filter, the effect of the fundamental tissue modeling
technique is significant.
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