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Characterization of a Silicon-Based Shear-Force
Sensor on Human Subjects
Lin Wang and David J. Beebe*, Member, IEEE

Abstract—A silicon sensor is developed and its ability to measure both compressive and shear forces at the skin–object interface
is characterized. The sensor is designed based on the piezoresistive
effect and fabricated using integrated circuit and microelectromechanical systems technologies. The sensor utilizes a mesa structure that leads to asymmetric diaphragm deformations in response
to nonnormal loading. Four independent ion-implanted piezoresistors are used to detect the stresses induced in diaphragm and
resolve both the compressive- and shear-force components. The
sensor is calibrated on human subjects over a range of applied
force (5- to 40-N shear force at increments of 1.25 N; 0- to 30-N
compressive force). Force measurement via a tracking experiment
is evaluated at four shear (9, 18, 25, and 35 N) and three compressive (7, 15, and 26 N) force levels. The sensor has good repeatability
(SD 1.7 N) with an average error of 12.1%.

=

Index Terms—Force, human–object interface, MEMS, sensor,
shear, silicon.

I. INTRODUCTION

F

ORCES distributed at the skin–object interface are of
strong interest and importance in areas such as biomechanical modeling, clinical evaluations, and rehabilitation
devices. One example is the palmar force distribution during
grip functions. Conventional methods for measuring exertion
levels during grasping activities include subjective magnitude
estimation, electromyography and direct instrumentation of
objects. Magnitude estimation is relatively low in resolution
and depends on the objectivity of the participant. Surface
electromyography has been used for studying power gripping,
pinching, and precision handling at different exertion levels
[1]. Force measurement using the surface electromyography,
however, is mainly limited to static exertions, fixed postures,
and specificity of individual fingers. Accurate predication of
internal hand forces using biomechanical models has been
limited because adequate force sensors have not been available
for measuring individual finger and hand forces during gripping
activities. Force sensors are needed for postsurgical evaluation
in procedures such as joint replacement and tendon transfers.

Manuscript received June 18, 2001; revised April 21, 2002. This work was
supported by the Whitaker Foundation. Asterisk indicates corresponding author..
L. Wang is with Texas Instruments Incorporated, and also the Department
of Electrical and Computer Engineering, The Beckman Institute for Advanced
Science and Technology, University of Illinois, Urbana, IL 61801 USA.
*D. J. Beebe is with the Department of Electrical and Computer Engineering,
The Beckman Institute for Advanced Science and Technology, University of
Illinois, Urbana, IL 61801 USA, and also the Department of Biomedical Engineering, University of Wisconsin, 1410 Engineering Dr., Madison 53706 USA
(e-mail: dbeebe@engr.wisc.edu).
Digital Object Identifier 10.1109/TBME.2002.804586

Accurate, reliable force sensors are also needed for use with
functional neuromuscular stimulation (FNS) [2]. In addition,
shear force is believed to be a cause of the formation of the
pressure sores in wheelchair bound subjects and the plantar
ulcer development in individuals with diabetes mellitus [3].
The estimated annual national cost for hospitalization and
patient care due to such ulcerations approaches $1 billion [24].
Attempts to isolate or describe these effects have been limited
because no suitable sensors are available. In all of the above
applications, the measurement of both the normal and shear
components of an applied load would be beneficial.
Many types of normal force sensors [4]–[14] and a few shear
sensors (discussed below) have been developed via a variety of
transduction methods for use in robotics, industry, and medicine
[15]. Compared with measuring pressure or normal force, measuring shear force can be challenging. While several fluid shear
micro sensors have been developed, only a few shear sensors
have been developed for measuring mechanical shear forces.
Kane and Kovacs [16] reported a point-traction shear-stresssensitive sensor. The device was composed of a central shuttle
plane suspended over a cavity by four bridges. Four polysilicon
peizoresistive elements were embedded in each of the bridges
as strain gauges. The shear and normal stress components of an
applied traction stress were determined by measuring the four
bridge node voltages in a sensor resistor network. Jin and Mote
[17] reported a sensor with a similar structure but using a suspended polysilicon crossbeam. Twelve piezoresistors were connected into three Wheatstone bridges for resolving three force
components. Jiang et al. [18] developed a polyimide-packaged
shear-stress sensor skin used for measuring the wall shear stress
exerted by viscous flow for aerodynamics study. Yao [19] integrated eight piezoresistors into a boss-diaphragm structure to
make a shear-force sensor. Four resistors were placed on the
axis and four others were placed on the axis. Four resistors on
each axis were connected into a Wheatstone bridge. In order to
sense a shear force, the compression and tension of the resistors
on the same axis were required to be equal. All eight resistors
were required to be identical. However, symmetrical deformation is unlikely in practice since the resistors are located neither
in the middle plane nor at the center of the diaphragm.
We recently developed a silicon-based shear-sensitive micro
sensor. The sensor’s design, fabrication, modeling, and characterization (bench tests) were published in [20]. The bench
testing results showed that the sensor was capable of measuring
both the normal and shear components of a mechanically applied force. In order to apply the sensor to human–object interface studies, we further investigated the sensor’s behavior in
response to human hand forces. In this paper, the design and fab-
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used. The diaphragm is formed by creating a cavity in the top
(sensing) wafer via the KOH etching. The cavity is sealed by
bonding the sensing wafer to another substrate (bottom) wafer
for an increased sensitivity via more rigid boundary conditions
leading to higher stress levels in the resistors. The piezoresistors are created via Boron implantation. Leads are made in
polyimide/Aluminum/polyimide sandwich structure and can
be released to realize a flexible leads. The square mesa is made
of EPON SU-8 (super-thick photoresist via photolithography
process).
III. CHARACTERIZATION METHOD
Hand forces of (0–40 N) were used for the sensor’s characterization when subjects were performing grasp and lifting.
The characterization of the sensor on subjects consists of two
steps: calibration of the sensitivities, and force measurement.
The normal sensitivity was calibrated when only a compressive
force was applied whereas the shear sensitivity was calibrated
with both shear and compressive forces applied. Force measurement was performed via a tracking experiment at different levels
of compressive and shear forces. In this section, the methods of
the calibration and force measurement are discussed. The experimental will be described in Section IV.
Fig. 1. Pictures of a sensor. (a) Perspective view shows the whole structure of
the sensor, and resistors’ location with respect to mesa. (b) Cross-sectional view
shows silicon diaphragm and cavity. (c) Top view (of the sensor prior to leads
or mesa) shows the resistor layout.

rication of the sensor are briefly reviewed. The methods of sensitivity calibration and force measurement are described. The
characterization results of the sensor under 5- to 40-N shear
force and 0- to 30-N compressive forces of grasping are presented. The shear-force measurement is discussed.

A. Calibration of Sensitivities
can be decomposed into three orthogAn applied force
onal components with respect to the resistor orientation, namely,
,
, and .
,
are longitudinal and transversal shear
components that are parallel and perpendicular to the length of
is the normal component that is perpenthe resistor, and
dicular to the resistor’s top surface. The total resistance change
of a resistor is contributed by each of these three components,
and thus can be expressed as the linear combination of the force
components [20]

II. SENSOR DESIGN AND FABRICATION
Referring to Fig. 1, the sensor is a silicon diaphragm structure
instrumented with four piezoresistors. A square mesa on top of
the diaphragm is used to convert an applied force to stress. In
order to determine three directional components of a load, (at
least) three independent sensing elements are needed. In this
design, each of the four piezoresistors works as an independent
gage. They are placed under the bottom corners of the mesa and
in the middle of the diaphragm edges for an increased sensitivity. The length of the resistor is much greater than the width
for an increased measurement accuracy. As a force is applied,
the diaphragm is deformed. The resulting stresses induced in
the resistors lead to resistance changes. In particular, for a nonnormal load (i.e., a load with both normal and shear components), an asymmetric stress distribution is generated in the diaphragm. By measuring the resistance change of each resistor
in response to the load, one can resolve both compressive and
shear components of the force. Detailed discussions regarding
the resistors’ orientation type, size, and location; force transmission mesa; and sensor’s model are described in the previous
work [20].
The sensor was fabricated using integrated circuit fabrication
and microelectromechanical technologies. Two wafers are

(1)
where

(2)

is the piezoresistive coefficient.
(
or
In (2),
) is a proportionality coefficient related to Young’s modulus,
shear modulus, and Poisson’s ratio of silicon and EPON su-8
resist, and size and geometry of the diaphragm and mesa. If the
are invariant with applied force,
coefficients
,
can be expressed
the normal, and shear sensitivities ,
by

(3)
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where “ ” represents the definition. Normal sensitivity
can
be calibrated by measuring the resistance change when only
or
compressive force is applied. For the shear sensitivity (
), however, considering that both shear and compressive
forces are exerted at the same time in the human hand griping
activities, the shear sensitivity calibration was performed when
and shear force (
or
) were
both compressive force
applied. By subtracting the resistance change contributed by
the compressive force from total resistance change measured,
the resistance change due to the shear component is obtained.
Using (2) and (3), the shear sensitivities can be rewritten as
shown in (4) together with the normal sensitivity

Theoretically, two equations above corresponding any two adjacent resistors are sufficient to resolve the
and . For exand
ample, using

(7)

In the experiments, however, the resistance changes of all four
resistors were measured as shear force was applied parallel to
their length.
IV. EXPERIMENTAL

(4)

is the resistance change in
where
, repreresponse to compressive force, whereas
sents the resistance change due to both longitudinal shear and
means the resistance
compressive forces, and
change due to both transversal shear and compressive forces.
B. Force Measurement
With calibrated sensitivities and measured resistance change
,
, and
; and
for each resistor, namely,
(
here denoting resistor number), the three components of an applied force , , and , (referring to Fig. 1
for the definition of the force directions) can be obtained by
solving any three equations in

The sensitivity calibration was performed when (0–30 N)
compressive force and (5–40 N) shear force were applied.
The tracking experiment was performed at three compressive
force levels (7, 15, and 26 N) and four shear-force levels (9,
18, 25, and 35 N). The sensor was tested on six subjects. Each
measurement was repeated six times. In this section, the testing
system and testing results are described.
A. Testing System
The experimental system consists of a dynamometer based
loading structure, signal conditioning, data acquisition, and
data analysis. The loading structure is shown in Fig. 2. The
sensor was mounted on one arm of a dual beam strain gage
dynamometer [21] that was used to measure the compressive
force applied on the sensor. The dynamometer was calibrated
prior to the sensor testing. Weights were attached to the base
of the dynamometer to create a shear load orthogonal to the
compression. Each of the four resistors was connected into
a separate off-sensor Wheatstone bridge. The output of each
Wheatstone bridge, along with the dynamometer output, were
amplified (gain 500) and sampled (30 Hz) through five 12-bit
analog–digital converter channels.
B. Calibration of Sensitivity

(5)

(
;
) can be of positive or
where
negative value depending on the direction of the applied force
with respect to each resistor. In our experiment, we aligned the
shear force in parallel to the length of a resistor. Then (5) can be
equal to zero
simplified with

(6)

The calibration of normal and shear sensitivities was performed on six subjects over a shear loading range of 5- to 40-N
at increments of 1.25 N. At each shear loading, the subjects were
instructed to lift the dynamometer, gradually pinch up to a 30-N
compressive force and then slowly release (For the normal sensitivity calibration, the dynamometer was kept stationary on a
table, i.e., pinch only without lifting). Each measurement was
repeated six times. Fig. 3 shows a typical pinch-induced sensor
output in response to the pinch/release force (no shear loading).
In order to express the variation of shear-induced output with
its corresponding shear loading (shear sensitivity is not constant
as discussed in Section V-C), as discussed in Section III-A, we
subtracted the pinch force output from the total output and obtained the pure shear-induced output at all pinch levels (The
0 30-N pinch force was digitized as 60 discrete levels at the
incremental of 0.5 N). Fig. 4 plotted a typical shear-induced
output varying with the shear loading at a single pinch level of
20 N. The slopes of the curves in Fig. 3 represent the normal
sensitivity for each resistor, whereas the slopes of the curves in
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(a)

Fig. 3. Compression-induced voltage versus compressive force applied. The
slopes of the curves are normal sensitivities of the resistors.

(b)
Fig. 2. Loading setup—(a) Sensor is mounted on dynamometer. Compressive
force is applied via pinching the dynamometer beams, while the shear force is
applied by attaching the weights on the base of the dynamometer. (b) Interface
between finger and dynamometer at sensor’s location shows that portion of
pinch force is bypassed.

Fig. 4 (more strictly, the derivatives at each shear loading) represent the shear sensitivities.
C. Tracking Experiment
To evaluate the sensor’s performance of force measurement,
a tracking experiment was performed at four shear-force levels
(9,18, 25, and 35 N). At each shear level, the subjects were asked
to pinch the dynamometer to a specific level, hold at that level
for approximately 2 s and release the pinch. Three pinch levels
(7, 15, and 26 N) were used. Visual force feedback was provided to the subjects on the computer monitor. A run consisted
of five consecutive pinch/hold/release patterns for each pinch
level. Each run was repeated six times. This tracking experiment was performed for each resistor by rotating the sensor attachment by 90 each time. Fig. 5 shows a typical sensor and
dynamometer response. Using the calibrated sensitivities (4)
and(7), the shear forces were calculated for each loading and

Fig. 4. Shear-induced output versus shear load nonlinearly shows that shear
sensitivity is not a constant (at the pinch force of 20 N).

each subject, and averaged over six measurements and four resistors. Their mean values and standard deviations are listed in
Table I. Compared with the actual shear loading, the measurement errors are calculated and listed in Table II. The mean values
and errors are then averaged over six subjects. Figs. 6 and 7 plot
the averaged results, respectively.
V. DISCUSSION
The experimental results showed that the sensor is sensitive to
human hand forces and is capable of measuring both the normal
and shear forces at skin–object interface. The discussion includes the sensing ability, force measurements, and deviations.
Shear sensitivity and shear-force measurement are mainly discussed.
A. Compressive Force Sensing Ability
Fig. 5 shows that the sensor is sensitive to human hand forces.
As shown in Fig. 3, the normal sensitivity varies little over the
pinch force of 0- to 30-N (The hysteresis will be discussed
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(a)

(b)

Fig. 5.

Typical sensor and dynamometer response in tracking experiment.

below). The result indicates that the normal sensitivity is independent of the compressive force. In general, the normal sensitivity depends upon the thickness and size of the diaphragm,
the location of the resistors with respect to the diaphragm edges,
and the mesa corners. The thinner the diaphragm, the higher the
sensitivity. The closer the resistor is to the diaphragm edge, the
higher the sensitivity. However, there is a minimum thickness of
the diaphragm (relevant to the diaphragm area) required by the
maximum load. Some diaphragm protection technique such as
bottom-up protection was used in previous work [5]. All these
geometric sizes and relevant positions, if going down very small,
like in the scale of submicrometer, will be limited by the fabrication tolerances. From Fig. 3, one can see some deviation in
normal sensitivity among the resistors. The deviation may be
caused by the nonuniform (compressive) force application over
the mesa top surface.
B. Shear-Force Sensing Ability
and
are perpendicular to the
Referring to Fig. 4, since
shear loading and their width is much smaller than their length,
the induced longitudinal and transverse stresses (parallel and
perpendicular to the resistor length) are both small leading to
little response to the shear force. On the other hand, since
and
are parallel to the shear loading direction, significant
changes of their resistances with the shear force are observed.
These changes imply that the sensor is sensitive to the shear
loading. These shear-induced voltages, however, vary in nonlinear fashion with the shear load as discussed below.

(c)
Fig. 6. Measured shear forces (averaged for all six subjects) are plotted
together with the actual shear loadings at different pinch level of (a) 7, (b) 15,
and (c) 26 N. Error bars represent standard deviation of the measured shear
forces.

C. Nonlinearity
Nonlinearity was observed only in the case of shear-force application (The hysteresis is ignored here and will be discussed
below). It is originated from the nonlinear transitions from shear
force to the induced stress in the diaphragm, which happens at
hand/sensor interface, and mesa/diaphragm interface.
In contrast to the pinch-only case (Fig. 3) where the stresses
induced in the resistors are linearly proportionally to the applied
compressive force (approximately in a factor of the area of the
mesa base), the shear induced stress (Fig. 4) changes nonlinearly with the shear force since the shear force is applied in the
direction parallel to the sensor surface. In addition to depending
on the shear force, the shear induced stress also depends on the
relative amount of the shear loading to the compressive force,
the mesa structure, and the size of the diaphragm.
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(a)

(b)

Fig. 8. Schematic illustration of shear-induced diaphragm deformations for
10 N; (b) 10
different shear loadings at a pinch force of 20 N: (a)
27 N; (c)
27 N; and (d)
27 N.

Fs <

(c)
Fig. 7. Errors between the actual and measured shear load (averaged for all
six subjects) for different shear loadings in terms of pinch levels of (a) 7, (b) 15,
and (c) 26 N. Left error bars represent actual errors and right error bars represent
percent error.

We have previously performed the finite element modeling on
the force sensors where the sensor–skin/tissue interface was not
included [22], [23]. The modeling of the complete skin/sensor
system, however, is nontrivial. Similar to the nonlinearity analysis for the bench testing [20], here we use the stresses induced
in the resistors to explain the variation of the shear-induced resistance with the shear load in a relative qualitative manner. Referring to Fig. 8(a), when the shear force is small relative to the
10 N, pinch 20 N), a tension is induced in
pinch force (
resulting in a negative voltage output (as shown in Fig. 4). As
decreases and tranthe shear force increases, the tension in
sitions into compression [Fig. 8(b)]. The difference between the
and
becomes smaller. When the
shear-induced output of
shear force is about 27 N, this difference becomes zero. This
means that the stresses induced in both resistors ar equal, as il-

Fs =

Fs >

Fs <

N<

lustrated in Fig. 8(c). As the shear increases further, more com, resulting in a larger output voltage
pression is induced in
than across
as illustrated in Fig. 8(d)
observed across
27 N in Fig. 4.
and shown in the high shear region of
D. Hysteresis
The performance of the sensor in subject testing is degraded
as compared with the bench testing results. Referring to Fig. 3,
the maximum hysteresis of 8% relative to the expected
full-scale voltage was observed as compared with only 2.5%
in bench testing. The performance degradation in hysteresis is
caused by the viscoelastic nature of the human skin and soft
tissue.
E. Shear-Force Measurement
The experimental results show that the sensor has good accuracy and repeatability for shear-force measurements. For shear
loads of 9- to 35-N and a pinch force of 7–26 N, the absolute
shear measurement error falls in the range of 1.39- to 4.49-N
(see Table II). The percent error falls between 6.7%–19.4%, and
the average percent error is 12.1%. The data listed in Table I
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TABLE I
MEASURED SHEAR FORCE AND STANDARD DEVIATION
PINCH LEVELS (N)

AT

VARIOUS

show an average standard deviation of 1.77 N over the shearforce range of 9 to 35 N.
As shown in Fig. 7, typically, the absolute measurement
error (left error bars) increases as both the pinch level and shear
loading increase. The percent error (right error bars), however,
decreases as shear loading increases from 9 to 18 N and then
remains relatively constant with further increases in shear load.
Since the mesa is much smaller than the thumb, as the applied
force increases, the mesa begins to sink into the thumb, causing
a portion of the force to bypass the sensor [refer to Fig. 2(b)].
Thus, the higher the load, the more force is bypassed, resulting
in increased absolute measurement error. On the other hand,
relative to the shear load, the bypass phenomena is significant
at small shear value and tends to be “saturated” at high shear
level. From Table II, one can see that the measurement error
varies from subject to subject. For example, the error present
in subject 4 is larger than that in subject 1. These differences
may be due to the different mechanical characteristics of the
thumbs of different subjects. More subjects and further study
are needed to quantify these effects.

VI. CONCLUSION

TABLE II
ERROR BETWEEN ACTUAL AND MEASURED SHEAR FORCE
VARIOUS PINCH LEVELS (N)

AT

While numerous pressure and force sensors have been developed, no small unobtrusive shear-force-sensitive sensor is available for human–object interface studies. In this paper, we describe a shear-sensitive force sensor and its application to measuring compressive and shear forces at the skin–object interface.
The sensor was calibrated on human subjects with a 5- to 40-N
shear force and a 0- to 30-N compressive force. Good repeatability (SD 1.7 N) and good accuracy (average error between
the actual and the measured shear load 12.1%) were observed.
Currently, an array of such sensors is being mounted on a tool
for investigating the human hand’s behavior during grasping activities.
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