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Abstract—The ability to sense forces is a critical component for
ensuring that robots can safely interact with their environment.
Yet there are numerous situations, in particular for medical ap-
plications, where environmental and sensor density requirements
can pose challenges to sensor design. In our previous work, we
presented a novel wireless force sensing paradigm based on wave
backscattering. In this paper, we present an improved and minia-
turized design suitable for wireless communications. We present
an end-to-end simulation of the proposed sensor, its fabrication,
modeling, and experimental validations in a wired setting. Our
sensor can sense forces in the range of 0 to 6 N, with a Root Mean
Square (RMS) error of 0.17 N, on average, for our two sensor
prototypes, and it provides wireless compatibility in a range of
frequencies adapted for use inside the human body. We present
a demonstration of contact force sensing with our sensors mounted
on the body of a continuum robot and show its potential to enable
applications in fields such as medical robotics.

Index Terms—Capacitive sensors, force sensors, medical
robotics.

I. INTRODUCTION

S
ENSORS are a critical component of robotic systems,

necessary for ensuring safety and precision during the

execution of complex tasks. As robots transition into operat-

ing in more constrained and sensitive environments, including

inside the human body, force sensors in particular, become

increasingly important. Force information can be used to help

prevent damage to the surrounding environment [1], to improve

robot control during delicate tasks [2], and even to estimate

the deflection of the robot itself in the case of soft and flexible

robots [3]. However, there are many scenarios where integration

of existing force sensors becomes challenging to impossible

based on incompatibility with the environment or because of
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their size, stiffness, or general form factor [4]. We focus here

on the development of a new force sensor to overcome these

challenges for applications in medical robotics, starting with

applications in, for example, cardiothoracic, laparoscopic, and

urologic procedures.

A. Force Sensors for Medical Robots

Force sensing is especially important for medical applica-

tions [5]. For example, for teleoperated surgical robots, real-time

force measurements can provide surgeons with direct feedback

on applied forces, rather than leaving them to rely on visual

feedback alone [6]. Force information can therefore help to

minimize damage to surrounding tissues by ensuring applied

forces are limited to safe levels [7]. Several force sensing tech-

nologies have been proposed for medical applications (see [6]

for a detailed review). Such sensors include, for example, strain

gauges [8], piezoelectric [9], optical [10], magnetic [11], and

capacitive [12] sensors. While these sensing technologies can

provide high accuracy measurements with small form factors,

they are usually wired, which poses integration issues for sensing

forces along a 1-D or 2-D space.

Indeed, it can be important to measure forces applied along

the entire length of a robot, particularly in the case of flexible,

continuum robots [13]. The shape of these robots can be affected

by loads induced during interaction with the environment, and

the integration of sensors can help for improved shape estimation

and control. While many types of sensors have been developed

to measure or estimate the shape of continuum robots, including

optical fibers, FBG and light intensity sensors, and electromag-

netic and optical trackers [14], they usually provide an indirect

and incomplete way of estimating forces. Indeed, solving for

force magnitude and location from the observed deformed shape

of robots has proved to have some critical limitations [15].

In particular, such methods have typically been limited to the

case of only two applied forces, have proven to be sensitive

to the robot stiffness and the accuracy of the tracking system

used [15], and cannot be used to estimate antagonistic applied

forces. Researchers have also proposed force sensors for flexible

instruments and continuum robots and have integrated them on

their bodies [16] in order to measure such information directly.

B. Miniaturized Wireless Force Sensors

Despite advancements in the development of force sensors for

medical robots, there remain challenges with measuring forces
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across the entire robot surface, particularly when space must be

reserved for the passage of surgical instruments. Researchers

have proposed a few main approaches for wireless force sensors

that can help overcome these challenges. These approaches

include LC resonant sensors [17], NFC-based sensors [9], and

SAW-based strain sensors [18]. However, these sensors have

very low interrogation distances and have not been shown to

work reliably in a realistic environment where wireless signals

undergo rich scattering effects [19].

While we proposed a sensor paradigm for wireless usage

based on Radio Frequency (RF) backscattering [20], [21] to ad-

dress these challenges for wireless force sensors, the associated

mechanical architecture was not well-suited for miniaturization.

It relied on a change in contact location between a signal and

ground trace in order to change the total travel distance of

a reflected electromagnetic wave as ∆Sphase = γ∆x, where

γ = 2πf
c

, ∆x is the difference in travel distance of the wave,

and f is the frequency of the wave. Because the maximum

travel distance of the wave is directly related to the sensor

length, decreasing the sensor length for miniaturization would

result in a smaller range of Sphase and therefore lower sensing

resolution [20]. While increasing the frequency could allow for

smaller designs, there is an upper bound at 1 GHz [22] since

higher frequencies cannot easily penetrate human tissue. The

overall result of relying on changes in contact trace locations to

induce phase change is that micro or millimeter-scale sensors

would lead to only minimal phase shifts. To overcome this

limitation, we propose a new, capacitor-like design, which relies

on impedance change as a signal trace gets closer to a ground

trace, rather than on a length change-induced phase change.

C. Contributions

The contributions of this work are as follows. First, we present

a new type of sensor design that relies on the wave backscattering

principle. It is different in its working mechanism compared

to our previous work, as it is no longer based on a change

in contact location between a signal and ground trace, which

poses miniaturization issues. Instead, it is based on a change of

impedance induced as the distance between such traces varies.

Second, we propose a multiphysics model of the sensor that can

be used to simulate its behavior, as design parameters are varied.

Third, we use the developed multiphysics model to design and

fabricate sensor prototypes. The sensors are designed to measure

forces between 0 N to 6 N to accommodate various surgical

procedures. Finally, we demonstrate the sensor’s potential for

measuring forces applied to the body of a continuum robot (see

Fig. 1).

II. SENSOR MODELING

In this section, we describe the sensor’s working principle and

propose an end-to-end simulation for design purposes.

A. Working Principle

The working principle relies on a change in capacitance, and

therefore impedance, to convert an applied force into a phase

shift. The sensor is composed of three layers: a conductive layer

Fig. 1. Picture of the proposed force sensors assembled on a continuum robot,
with a close-up view of the sensor in the bottom right corner.

Fig. 2. Illustration of the working principle of the proposed sensor. As a force
is applied, the soft polymer layer deforms and brings the conductive layers closer
together, leading to a change in the impedance of the sensor, which results in a
change in the phase of a reflected RF signal.

on the top and the bottom, and a soft polymer layer in between.

The bottom conductive layer is connected to a signal trace,

while the top one is grounded. The soft polymer layer effectively

acts like a dielectric medium separating the conductive layers,

similar to a parallel plate capacitor, as illustrated in Fig. 2.

The initial capacitance of the sensor at steady-state is C = εA
d

,

where ε is the dielectric permittivity, A is the surface area

of the conductive plates, and d is the distance between them.

As a force is applied to the sensor, the soft polymer deforms

and brings the conductive layers closer together, leading to an

increase in the sensor capacitance. Hence, the sensor capacitance

is a function of applied force, denoted as C(F ). From an RF

perspective, this change in capacitance leads to a change in the

sensor impedance, given by Z = 1
jωC(F ) , where ω = 2πf , f is

the wave frequency, and F is the force applied. This change

in impedance results in a change in the phase of the wave,

since Sphase = 2tan−1( 1
50ωC(F ) ). Therefore, the external force

causes a phase difference between the transmitted and reflected

wave, as illustrated in Fig. 2.

B. End-to-End Simulation

We created an end-to-end Finite Element Analysis (FEA)

simulation that models both the mechanical and RF components

of our sensor and that can be used to determine a set of sensor

design parameters for a given application. To do so, we used
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Fig. 3. Model of the sensor, PCB, signal trace, ground trace, and tungsten
wire, as implemented in COMSOL Multiphysics.

COMSOL Multiphysics to simultaneously capture the sensor’s

mechanical behavior — using the Solid Mechanics module —

and the phase shift between a transmitted and reflected wave —

using the RF module. Details on both components, as well as

details on our design parameter selection, are given below.

Mechanical Component: Ecoflex 00–30 was selected for

the dielectric polymer layer due to its ability to deform un-

der applied loads while not yielding or fracturing under the

mechanical stress level experienced. In order to simulate the

non-linear hyperelastic mechanical behavior of Ecoflex 00–30,

the Yeoh model was used with C1 = 17 kPa, C2 = −0.2 kPa,

C3 = 0.023 kPa [23]. The Ecoflex 00–30 was considered to be

nearly incompressible and the initial bulk modulus used in our

simulations was calculated using the relationship K = E
3(1−2ν) ,

with a Young’s modulusE = 125 kPa [24], and a Poisson’s ratio

ν = 0.49. In order to provide a support and connection interface

for our sensor prototypes for validation purposes, we mounted

them onto a PCB transmission line that was integrated into our

simulation. We note that such a PCB can be made smaller and

flexible in future versions in order to increase the compactness

of the overall sensor and to ease the integration with surgical

robots.

RF Component: In order to simulate the wave backscattering

capabilities of the sensor, we must excite it at a given RF fre-

quency and observe the phase of the reflected signal. We choose a

frequency of 900 MHz among the possible sub-1 GHz frequency

bands because it has been widely used for in-vivo wireless

backscatter sensing and has been shown to work robustly even

when the signals go through multiple tissue layers [21]. The PCB

was selected to have a standard 50 Ω impedance and implements

a 900 MHz matched microstrip line. The top copper layer of the

sensor is connected to the ground trace of the PCB with a 20μm
diameter tungsten wire, and the bottom copper layer of the sensor

is placed directly onto the signal trace of the PCB, as illustrated

in Fig. 3.

Electromagnetic waves propagate along the signal trace, vis-

ible in Fig. 3. Once they reach the sensor, they are reflected and

travel back along the signal trace. These signal reflections are

typically characterized by the reflection scattering parameter,

Fig. 4. COMSOL simulation results for our sensor with the selected design
parameters. As the force applied to the sensor increases, the phase of the reflected
wave, which travels along the signal trace of the sensor, decreases.

S11. The magnitude, Smag = |S11|, of the signal must lie be-

tween 0 and −1 dB to ensure that the majority of the input

wave is backscattered. The phase, Sphase = ∠(S11), is used

as our main metric to evaluate the sensor performance across

the various sensor designs assessed. Indeed, a large phase shift

over the range of applied forces leads to a higher sensitivity and

resolution of the applied force magnitude estimation.

Parameter Selection: Once both the mechanical and RF

components of the sensor are fully set up, the final step is to

solve for a set of design parameters that will result in sufficient

phase change over the force range required for the particular

application. We start here by designing a sensor applicable to

a wide range of surgical procedures. Given that the mean of

the average of measured forces has been reported to range from

0.04 N to 5.70 N for different surgical specialties — including

ophthalmology, vascular surgery, neurosurgery, cardiothoracic

surgery, general surgery, and urologic surgery [7], [25] — we

selected to design our proposed sensor for use within this general

range.

To understand the effects of varying each design parameter on

the sensor performance, a range and step size was first selected

for each parameter as follows: the thickness of copper and

Ecoflex 00–30 layers were increased from 0.1 mm to 0.5 mm

with a step size of 0.1 mm, and the width and length of the sensor

were increased from 1 mm to 5 mm with a step size of 1 mm.

Designs were then simulated under applied loads in the range

of 0 N to 6 N with a step size of 1 N, resulting in the following

general trends between the design parameters and scattering

parameters. Overall, decreasing each design parameter resulted

in minimal changes to theSmag value, and all designs resulted in

ranges ofSmag between 0 dB and−1 dB. In addition, decreasing

each design parameter led to an increase in the range of Sphase.

While maximizing this range ofSphase over the range of applied

forces is desirable to enable higher sensitivity and resolution,

the manual fabrication techniques used set a lower limit on

the feasible design parameters. Therefore, the following set of

values was chosen for the final sensor dimensions: 0.1 mm for

the copper thickness, 0.2 mm for the Ecoflex 00–30 thickness,

2.0 mm for the sensor width, and 4.0 mm for the sensor length.

Simulation Results: Overall, this design showed a linear

change in phase of 15.05◦ over 0 N to 6 N of force, as vis-

ible in Fig. 4. This full scale output would give the sensor a
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Fig. 5. Illustration of the fabrication steps for the sensor.

sensitivity of 2.51◦/N. The resolution of the sensor depends on

the resolution of the testing equipment. In a wired setting with

a 0.01◦ resolution VNA (Vector Network Analyzer, E5071 C

Agilent Technologies), the sensor resolution would be 4 mN.

Considering the wireless compatibility of the sensor, the sensor

resolution would be 0.4 N in a wireless setting with 1◦ resolution

as evaluated in our previous work [21]. Given that the sensor

resolution should be at least one order of magnitude less than

the force difference to be resolved (in order to reduce the effect

of quantization error) [26], such sensor resolutions would be suf-

ficient for surgical applications that require force measurements

of 0.04 N to 6 N and 4 N to 6 N, respectively.

III. SENSOR FABRICATION

The sensors are then fabricated based on the final simulated

design. The first step is to fabricate each component of the sensor,

including the copper layers and the polymer layer. A DCH-355-3

Laser (Photonics Industries International, Inc.) was used to laser

cut the 0.1 mm thick copper sheets into the desired dimensions

(2 mm × 4 mm). To prepare the polymer layer, Ecoflex 00–

30 part B was pre-mixed thoroughly for 30 seconds and then

combined with a weight ratio of 1:1 with part A. After mixing

for 3 minutes, the mixture was vacuum degassed at −1 Bar for

5 minutes. The mixture was then blade coated with a height

of 0.2 mm on a glass slide. This polymer layer sat at room

temperature for 4 hours and was then post-cured in 80 ◦C for an

additional 2 hours to allow it to reach its maximum performance

properties [27].

Once the components are prepared, the next step is to combine

the layers to form the full sensor. In order to remove a variety

of contaminants from surfaces and increase adhesion between

the metal and polymer layers, every interface was UV/Ozone

(UVO) treated for 60 seconds (UVO-Cleaner Model 42, Jelight

Company, Inc.). As seen in Fig. 5, one side of a pre-cut copper

piece and one side of the cured Ecoflex 00–30 were UVO treated.

Ecoflex-0030 was then cut to meet the desired size specifications

and placed onto the UVO-treated bottom copper layer with the

UVO-treated surfaces facing each other. The other side of the

Ecoflex 00–30 layer and the top copper layer were then UVO

treated. Finally, a 8 mm long tungsten wire with a diameter

of 20μm was placed across the top of the Ecoflex 00–30, and

the top copper layer was placed on top of the wire with the

UVO-treated surface facing down. The fabricated sensor, shown

from both the top (Fig. 6(a)) and side (Fig. 6(b)), was left to

sit for 2 hours at room temperature to ensure a strong adhesion

between the layers.

Fig. 6. Photos of the final fabricated sensors, with (a) a top view and (b) side
view of one of the fabricated prototypes, and (c) a top view of the same prototype
after assembly on the PCB.

The fabricated sensor was then mounted onto the PCB with

the tungsten wire side facing up. Since the maximum use tem-

perature of Ecoflex 00–30 is 232 ◦C [27], solder paste with a

melting point of 219 ◦C [28] was used to prevent deformation

of the polymer. The bottom copper layer was soldered onto the

signal trace of the PCB and the tungsten wire to the ground trace.

The sensor attached to the PCB is shown in Fig. 6(c).

IV. SENSOR EVALUATION

To evaluate the sensor performance and verify it matches the

simulation results, we perform the following experiments.

A. Experimental Setup

The experimental setup shown in Fig. 7 was designed to

enable known forces to be applied to the fabricated sensors and

subsequently compared to the output from the sensors them-

selves. For this purpose, a linear actuator with an indenter is used

to apply forces onto the sensor, which is mounted onto a load cell.

The load cell, which provides the ground-truth measurements

of the forces being applied, has a maximum measurable force

of 49.5 N and an accuracy of 0.0098 N. The sensor itself is

connected to a VNA that enables phase measurements in a

wired configuration. We note that the Intermediate Frequency

bandwidth of the VNA is set to 70 kHz, which is sufficient for

measuring forces with a temporal resolution of 35 kHz.

It should also be noted that environmental factors should be

considered since they could affect the mechanical behavior of the

polymer [29], [30] and frequency response of the sensor [31].
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Fig. 7. Experimental setup used for the evaluation of the sensors.

Evaluations were performed under an average ambient room

temperature of 22 ◦C and relative humidity of 50%. Since

Ecoflex 00–30 has similar mechanical behavior for temperatures

between 20 ◦C and 60 ◦C [32], the sensor is expected to show

similar performance even when used inside the human body

(typically 36.5 ◦C). And since the sensor will ultimately be

hermetically sealed, such that external moisture will be pre-

vented from coming in contact with the sensor, the effects of

changes in humidity were not seen as a major concern. Further,

since the electromagnetic fields generated by the human body

typically have very low frequencies (few kHz [33]) compared to

the 900 MHz working frequency of the sensor, it could be easily

filtered out with the measuring equipment.

Finally, for filled silicone rubbers, including Ecoflex 00–30, it

is found that stress softening (also known as the Mullins effect)

occurs during cycles of loading and unloading paths [34]. It has

been shown that in order to mitigate the effects of stress softening

and obtain consistent mechanical properties, silicone rubbers

should be pre-stretched for multiple cycles [35]. In addition,

the stress softening increases progressively as the maximum

stretch level rises [36]. Therefore, it was essential to pre-stretch

the sensors for a number of cycles to obtain uniformity of the

mechanical behavior. It was empirically found that the force-to-

phase output of the sensor converges after 20 cycles. Therefore,

every sensor was pre-conditioned with 20 initial cycles, with

loads ranging from 0 N to 6 N, prior to data collection.

B. Experimental Results

Data for 10 loading cycles (trials 21-30) was collected for the

two fabricated sensors. All trials are shown in purple in Fig. 8(a)

and 8(b). We note that as the trial number increases, there is

a slight decrease in phase, which can likely be attributed to the

Mullins effect. However, the deviations are minimal, and it can

be seen that across the range of applied loads, the measured phase

remains relatively consistent from trial to trial. In addition, we

Fig. 8. Plots of the experimental results for trials 21 to 30, model created from
the experimental data, and the results of the FEA for (a) sensor 1 and (b) sensor 2.

TABLE I
INTERPOLANT COEFFICIENTS OF THE EXPERIMENTAL MODEL FOR SENSOR

1 AND 2

TABLE II
SENSITIVITY AND RESOLUTION OF SENSOR 1 AND SENSOR 2

note that even though there is an offset in phase between sensor

1 and sensor 2, the general shape and trend of the curves remain

similar. The reason for this relative difference can be attributed

to the accuracy of fabrication and integration of the sensor to the

PCB, which includes several manual steps.

The experimental data was then compared to the FEA results

presented in Section II. Since electromagnetic waves backscatter

upon reaching the sensor on the PCB, the sensor position on the

PCB signal trace affects the initial phase of the reflected wave

at a steady state. Therefore, any slight error in sensor placement

creates an offset compared to the simulation results. Therefore,

the obtained phases from our physical prototypes were shifted,

and an offset was added for comparison purposes. The results are

visible in Fig. 8(a) and 8(b). It can be seen that in the force range
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TABLE III
ROBOT CONFIGURATIONS SELECTED FOR THE DEMONSTRATION OF OUR FORCE SENSORS, WITH THE ESTIMATION OF THE FORCE USING OUR SENSOR MODEL,

OVERLAID WITH THE GROUND TRUTH FORCE MEASUREMENT PROVIDED BY THE LOAD CELLS

of 0 N to 0.5 N the FEA results differ from the experimental data.

This difference can likely be explained by the presence of tiny

gaps between the signal trace of the PCB and the bottom copper

layer of the sensor, which were connected via a manual soldering

process. If gaps exist, then the surface area of the sensor in

contact changes as a force is applied until both surfaces are in

full contact. This leads to a bigger change in sensor capacitance

leading to an additional phase shift. However, in the range of

0.5 N to 6 N, it can be seen that the phase obtained using FEA

overlaps well with the experimental data, with matching slopes.

The comparison between the FEA results and the experimental

data is satisfying and indicates that the FEA was successful in

providing guidance for the sensor design in order to obtain the

desired phase shift.

A model was then computed for each sensor to estimate the

force for a measured phase. A 2nd order rational was used and

is given by,

F (Sphase,i) =
p1S

2
phase,i + p2Sphase,i + p3

S2
phase,i + q1Sphase,i + q2

, (1)

where the coefficients used for each sensor are given in Table I.

The sensor models are also shown in green in Fig. 8(a) and 8(b)

and show a qualitatively good fit. The RMS errors between

the experimental model and the experimental data is 0.16 N and

0.18 N for sensors 1 and 2, respectively. In addition, the full scale

output of each sensor can be evaluated, and is found to be 27.77◦

and 25.93◦ for sensor 1 and sensor 2, respectively. Using the

constructed sensor models, the sensitivity and resolution of each

sensor can then be evaluated for the two main regions visible in

Fig. 8(a) and Fig. 8(b) — forces below 0.5 N and forces above

0.5 N. As shown in Table II, the sensitivity and resolution for

sensor 1 were 23.83◦/N and 0.42 mN for 0–0.5 N, and 2.88 ◦/N
and 3.47 mN for 0.5–6 N. The sensitivity and resolution for

sensor 2 were 19.82◦/N and 0.5 mN for 0–0.5 N, and 2.91◦/N
and 3.43 mN for 0.5–6 N. Overall, these resolutions are sufficient

for many surgical applications [26].

It can be seen that the two sensors showed some slight

differences in terms of RMS errors, full scale output, sensitivity,

and resolution. These differences could be due to errors in the

manual fabrication process, including errors in the dimensions of

each layer or in the geometry of the sensor during their assembly.
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In addition, due to possible imperfect parallelism between the

indenter and the top surface of the sensor during evaluation,

the applied force may not have been perfectly uniform or may

have included shear components. These possible errors could be

minimized with a more precise fabrication process and experi-

mental setup in the future.

V. DEMONSTRATION

In this section, we propose a realistic use case for our sensor

by attaching them to a tendon-driven robot. We then compare

the estimated forces applied to the sensor, obtained using our

previous model, against the ground truth provided by load cells

placed along with the deployment environment.

A. Experimental Setup

A tendon-driven robot with a diameter of 12 mm was designed

and fabricated for the demonstration. The robot is made of a

flexible backbone and consists of two sections, each containing

a set of 16 disks equally spaced 1 cm apart along the backbone.

Two sets of 3 tendons are routed along the length of the backbone

and used to actuate each segment. In order to attach a sensor to

a disk along the length of the robot, a mount was designed, and

the back side of the PCB was rigidly attached via adhesive to

the mount. Each sensor was connected to a VNA port with a

U.FL cable in order to both excite the sensor with a 900 MHz

signal and to measure the phase shift induced by the deformation.

For this demonstration, two sensors were mounted to the robot,

one on each section, facing opposite directions. To assess the

performance of the sensors in this more realistic use case, load

cells were used as the designated environment ‘obstacles,’ and

these measurements were used as the ground-truth forces. For

three different robot configurations, the force sensors and envi-

ronmental ‘obstacles’ interacted. For each sensor, 10 readings

were collected and averaged for each of the three configurations.

The models created in Section II were then used to calculate the

force outputs from the sensors, and these values were compared

to the ground-truth force readings from the load cells.

B. Results

The three different robot configurations for which the sensors

were evaluated are visible in the first row of Table III. These

shapes enabled forces of different magnitudes to be applied to

our sensors, thus allowing us to validate our sensors across a

wide force range. The estimated force magnitudes applied to the

sensors are visible in the bottom row of Table III. The RMS error

for sensor 1 and 2 across the three different robot configurations

assessed are 0.17 N and 0.31 N, which is in accordance with the

experimental model validated in Section II. The slightly higher

RMS error shown by sensor 2 may have been due to non-uniform

loading or shear forces, which are not considered when modeling

the sensor. However, even with the current RMS error levels, the

sensors have a high enough resolution and accuracy to provide

multiple intermediate measurements between the upper and

lower thresholds of applied forces during surgical operations, as

seen by examining the required force ranges proposed for many

different types of surgeries [25], [37], [38]. Thus, these results

are satisfying and tend to show the performance and benefit of

our proposed sensor in a more realistic use case.

VI. CONCLUSION

In this paper, we presented a new type of force sensor based on

the principle of wave backscattering. This sensor transduces an

applied force into a change in the phase of a reflected electromag-

netic wave, thus enabling compatibility with wireless interfaces.

The proposed sensor was simulated using FEA and designed to

enable the measurement of forces in the range of 0 N to 6 N.

Two prototypes were fabricated and evaluated experimentally

and showed phase shifts following those expected from the

simulations. A model was then created for each of the two

fabricated sensors based on experimental data, with RMS error

of 0.16 N and 0.18 N between the experimental data and the

model for sensor 1 and 2, respectively. Finally, the performance

of the sensors was evaluated in a realistic use case, where they

were mounted on a continuum robot to measure contact forces

with obstacles. The RMS error between the estimated forces

and the ground truth measurements were 0.10 N and 0.33 N for

sensor 1 and 2, respectively, which is in accordance with our

modeling accuracy. Our next step will be to further miniaturize

the sensor and the PCB. Miniaturizing the sensor is possible

based on the analysis performed with our multiphysics model.

Concerning the PCB, its dimensions were mainly chosen for

implementation convenience and were not optimized. The PCB

dimensions will therefore be reduced, and the PCB will be made

flexible for better integration with robotic systems. The sensor

will then be interfaced with Radio Frequency Integrated Circuit

(RFIC) components in order to make it truly wireless. Because

the sensor output is already encoded as a change in phase of a

transmitted signal, it is immediately suitable for wireless usage

without the need for additional electronics or wires to convert the

output into a suitable format for wireless communication. This

characteristic of our sensor makes it particularly well-suited for

surgical applications where space within the lumen is a premium.

We will also explore the integration of multiple sensors on a sin-

gle flexible PCB that could be wrapped around the circumference

of a robot, enabling high-density sensing.
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