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Abstract —The accurate and nonintrusive measurement
of tactile information from the hand is crucial for various
applications, such as in healthcare, robotics, augmented
reality (AR)/virtual reality (VR), and sports. However, cur-
rent technologies often hinder tactile sensation or restrict
measurements to specific areas of the hands. This study
presents a novel flexible optical tactile force sensor that can
be attached to the back of the hand, thereby enabling the
comprehensive measurement of tactile information without
compromising natural tactile perception. This sensor enables

the simultaneous estimation of pressure, force direction, and

pulse wave information, thereby merging biomechanical and physiological monitoring. We demonstrated the sensor’s
capability to estimate both the pressure and direction of the applied force by affixing the flexible optical sensor to
the back of the hand, comparable with conventional palm-side sensors while preserving tactile sensation. This sensor
simultaneously measures skin deformation and changes in blood volume, enabling the real-time acquisition of force
and pulse wave data. Our innovative approach enables accurate and nonintrusive measurement of the tactile force on
the hand and fingers while providing valuable physiological insights through pulse wave analysis. These advancements
hold significant promise for healthcare applications, where the real-time monitoring of mechanical and cardiovascular

data could significantly enhance diagnostic capabilities.

Index Terms— Force sensor, haptics, optical sensor, tactile.

|. INTRODUCTION

EVICES designed to measure human tactile information
are anticipated to be utilized in various applications
across various industries, including healthcare, robotics, enter-
tainment, augmented reality (AR)/virtual reality (VR), and
sports [1], [2], [3]. The hand, in particular, has numerous
tactile receptors, making it a focal point for ongoing research

into tactile measurement devices.
Tactile perception refers to the ability to sense stim-
uli through sensory receptors located on and within the
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skin’s surface, enabling individuals to perceive the texture,
temperature, and vibrations of objects [4], [5]. Previous studies
on tactile sensing have primarily focused on measuring the
deformation of fingers caused by tactile forces to determine
pressure and force direction [6], [7], [8], [9], [10]. Simple
implementations involve placing sensors between objects and
fingers, such as glove-type sensor devices or flexible adhesive
sensors. However, these methods often hinder natural tactile
sensation.

Consequently, measurement methods that do not interfere
with touch are highly required, resulting in the development
of methods that can be affixed to the sides or fingernails.
For example, approaches that utilize piezoelectric films or
strain sensors on the sides of fingers to measure deformation
have been proposed [11]. Additionally, techniques that mea-
sure deformation or color changes in fingernails have been
developed to estimate the pressure and force direction without
interfering with touch [12], [13], [14]. Various sensing meth-
ods have been explored, including piezoelectric, strain-based,
ultrasonic, micro-electro-mechanical systems (MEMSs), and
optical sensors [15], [16]. In optical methods, the direction
of pressure and force can be inferred by observing color
changes within the nail when pressure is applied [17], [18].
However, these nonobstructive methods for measuring tactile
information are limited to the nails or fingertips, mak-
ing it challenging to capture tactile information from the
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TABLE |
COMPARISON WITH RELATED WORKS

| Ref. | | Sensor | | Principle | [ Principle | | Principle | | Sensor adaptability | [Sensor adaptability |
Skin surface Internal tissue Blood volume change Preserves natural Works beyond
deformation deformation tactile perception fingertips
- LEDs and photodiode Yes Yes Yes Yes Yes
[1] Piezoresistive force sensor No No No No Yes
[10] LEDs and cameras No No No Yes No
[11] Strain gauges and accelerometer Yes No No Yes No
[12] LEDs and photodiodes No No Yes Yes No
[19] LEDs and photodiodes Yes No No Yes No

entire hand without interfering with the sense of touch [19].
Furthermore, the measurement of finger deformation from the
body surface limits the precision of these methods.

To address these challenges, we developed a cutting-edge
flexible optical tactile force sensor that can be seamlessly
attached to the back of the hand and fingers, surpassing the
constraints of conventional tactile sensors. In the proposed
method, infrared light-emitting diodes (LEDs) and photodi-
odes (PDs) are utilized on a flexible substrate that adheres
seamlessly to the back of the hand or fingers. LEDs and
PDs are constructed using inorganic materials, with a flexible
printed circuit (FPC) serving as the substrate, allowing confor-
mity with the skin. Most of the contact area with the skin com-
prises the FPC, thereby minimizing the impact of the rigidity
of the PDs and LEDs. However, if the device is not securely
attached, part of the LED emission may reflect off the skin
surface, decreasing the amount of light received by the PD.
Particularly, reattachment is required to ensure accurate mea-
surement if the LED detaches from the skin. A portion of the
light emitted from the LEDs is reflected off the skin’s surface,
whereas the remainder penetrates the tissue. The light that
scatters within the tissue and is not absorbed re-emerges and
is detected by the PD. When pressure is applied to the hand or
fingers, resulting in deformation, the light path is altered, along
with the blood volume within the vessels. The modification in
the propagation path and blood volume impacts the amount
of light reflected and measured by the PD, enabling the
precise measurement of tissue deformation and estimation of
the applied tactile force. Moreover, we can capture tissue
deformation in intricate detail and estimate not only the force’s
magnitude but also its direction by arranging multiple light
sources in an array and utilizing time-division illumination.

Our proposed optical measurement method shares similar-
ities with the configurations utilized in photoplethysmogra-
phy (PPG) and oxygen saturation (SpO2) measurement [20],
[21], [22], [23], [24], [25], [26]. Although finger deformation
is a major source of noise in PPG and SpO2 measurements,
our method leverages this deformation [27], [28], [29], [30],
[31], [32]. Furthermore, the performance of the proposed
method can be enhanced by leveraging the extensive research
conducted on the principles of PPG and SpO2 measurement,
as well as strategies for accuracy enhancement, cost reduction,

and noise elimination. Another key advantage of our device is
its structural similarity to PPG and SpO2 sensors, enabling the
simultaneous measurement of pulse waves and SpO2 alongside
tactile force estimation.

This allows for the collection of data related to tissue
deformation and pulse wave activity. Despite the presence of
electrical noise from the power supply and environmental light
in the signal, we can effectively separate these signals and
noise using analog circuit filters and digital signal processing
post analog-to-digital conversion. The direction of the force
can be estimated by utilizing clustering techniques. A com-
parison of key characteristics between this study and related
studies is presented in Table I.

We fabricated a prototype device (Fig. 1) based on our
proposed method and evaluated its performance in measuring
tactile force. The device was affixed to various areas of the
back of the hand and fingers, with tactile force and direction
measured by interacting with a three-axis force sensor as
a reference. We evaluated the accuracy of the tactile force
estimation by synchronizing the output of the reference sensor
and timing data. Based on the experimental results, our sensor
achieved a resolution of 0.1 N/cm? and dynamic range of
up to 2 N/cm?. Furthermore, the device could discriminate
between the upward, downward, left, and right force directions
with over 94% accuracy.

The tactile sensor developed in this study not only matches
the accuracy of existing commercial tactile sensors but also
offers the unique advantage of not obstructing the user’s tactile
sensation. Unlike previous research aimed at nonobstructive
tactile sensing, our method allows for measurements over
a wider area of the hand, beyond just the fingertips, while
providing higher precision. Furthermore, by analyzing the
pulse wave data alongside force information, our method
demonstrates significant potential for broader applications in
fields, such as healthcare and sports. In healthcare, our sensor
holds great promise for real-time monitoring of mechanical
and cardiovascular data, which can significantly enhance diag-
nostics. In sports, the combination of cardiovascular feedback
with precise force measurement can lead to enhanced per-
formance analysis. The proposed sensor, with a resolution
of 0.1 N/em? and dynamic window of 0-2 N/cm?, has ver-
satile applications in both the medical and sports industries.
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Fig. 1. Design of the flexible optical tactile force sensor. (a) Positioned
on the back of the finger, no obstruction to touch. (b) PDs and LEDs
protected by transparent sheet. (c) Time division detects force direction
and magnitude. (d) Circuit similar to PPG sensors. (e) Optical path and
detection.

Specifically, in sports, the sensor’s measurement range is ideal
for accurately detecting grip pressure during activities, such as
golf putting (0.2-2 N/cm?).

In conclusion, the proposed flexible optical tactile force
sensor significantly enhances the performance and reliability
of tactile interfaces across various applications.

II. METHOD
A. Implementation of the Sensor Device

The proposed sensor comprises a three-layer structure with
light-emitting and light-receiving components mounted on an
FPC sandwiched between two transparent urethane sheets.
Multiple LEDs (VSMY5850X01, Vishay Intertechnology)
were simultaneously illuminated in the light-emitting section
to minimize the influence of the contact position on
the skin. The light-receiving section utilizes PDs with a
peak sensitivity of A p = 850 nm (VEMDS080CT-ND,
Vishay Intertechnology) to detect the light emitted from
the light-emitting section. A flexible circuit board with one
light-receiving and eight light-emitting components was pro-
totyped to determine their optimal arrangement. The distances
from the light-receiving component to each light-emitting
component were set at 1, 3, 6, 9, 12, 15, 18, and 21 mm.
The positional relationship between the light-emitting and
light-receiving components of the proposed sensor was
designed based on the measurements obtained using this
board (Fig. 2).

(@) (b)
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Fig. 2. Experiment for designing the distance between an LED and PD.
(a) Experimental FPC with multiple LEDs at various distances from
the PD, with a PD-LED distance of 1 mm and LED interval of 3 mm.
(b) Circuit block diagram of the board shown in (a) and (c) attachment
position on the biological tissue simulant. (d) Attachment position at the
back of the hand.
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Fig. 3. Flexural durability test of the proposed sensor. (a) Photograph
of the testing machine bending from 0° to +90°. (b) Sensor attached
to the testing machine. (c) LED output change during bending cycles.
(d) PD light reception change during bending cycles.

B. Evaluation of Physical Durability

The prototype flexible optical sensor was designed to bend
and conform to the body, making it crucial to evaluate
the sensor’s flexural durability. The custom-made bend-
ing test apparatus utilized for the evaluation is shown
in Fig. 3(a) and (b). During the bending test, tension was
applied to the sensor using a weight. One end of the
sensor (End 1) was fixed in place, whereas a weight of
approximately 120 g was attached to the other end (End 2)
to maintain tension in a static state. The bending section
was then wrapped around a cylindrical rod with a radius of
r = 5 mm, and End 1 was moved from an initial angle of 0,
bending from —90° to +90° as one cycle, for 3000 cycles.
The light intensity of the emitting section and photocurrent of
the receiving section were measured to determine the impact
of the number of bending cycles on the sensor’s performance,
validating the absence of an impact. The light intensity of the
emitting section was evaluated using a power meter (PM 100D,
Thorlabs) by measuring the photocurrent when the sensor’s PD
was in close contact with each LED [Fig. 3(c)]. To evaluate
the stability of the emitted light intensity under bending tests,
the coefficient of variation (CV) was calculated. The findings
revealed a CV of 2.00%, indicating that the emitted light
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Fig. 4. Implementation of the module. (a) Module and its attachment to

the back of the hand. (b) Components of the module. (¢) Communication
with a PC. Real-time data reading can be performed at a sampling rate
of 1 kHz.

intensity maintained high stability. The photocurrent of the
receiving section was evaluated under conditions in which
the LEDs of the emitting section were in close contact with
the PD [Fig. 3(d)]. CV was calculated to evaluate the stability
of the photocurrent in the receiving section, yielding 2.09%,
validating its high stability. These results demonstrate that the
optical characteristics of the sensor remain stable even after
repeated bending cycles, ensuring its durability in practical
applications.

C. Measurement Environment

The prototype sensor device was connected to a measure-
ment circuit (AFE4403EVM, Texas Instruments) and linked
to a Windows PC for data acquisition (Fig. 4). Parameter
control and data acquisition were performed using a dedicated
application (SLAC672, Texas Instruments). The sampling fre-
quency was set to 1 kHz, and pulsewidth modulation control
was utilized to sequentially measure the signals from each
light-emitting section and the nonemitting state. A current
of 6 mA per element traversed each LED in the emitting
section, and the PD was configured with a feedback resistor
of 10 kQ to amplify the output signal for data acquisition.

D. Signal Processing

To quantitatively evaluate the tactile force, the proposed
sensor was affixed to the back of the hand, whereas a refer-
ence force sensor (6DoF-P18, Touchence) was applied to the
fingertip for simultaneous measurement. To mitigate external
influences, such as ambient light, the analysis focused on the
disparity between the signals captured during the emitting
and nonemitting states. Furthermore, these differential data
were separated into pulse wave and tactile force data using
a moving average process. The pressure and force directions
were estimated for the tactile force data. Pressure estimation
involved assessing the correlation between the outputs of
the proposed and reference sensor, whereas force direction
estimation involved clustering the signal intensities from each
light-emitting section.

This research was conducted in compliance with the
ethical standards set forth by Kobe University and the

2-ms interval (500-Hz sampling)

LED1 activation

LED2 activation
PD measurement
(A/D convert)

ERERERE]

LED1 Ambient LED2 Ambient LED1 Ambient LED2 Ambient
meas. meas. meas. meas. meas.  meas. meas.  meas.

[ ] [ ]

Fig. 5. LEDs were divided into two groups and were alternately
illuminated, with a nonilluminated period inserted between them to
measure ambient light. Interval: 2 ms.

Declaration of Helsinki. Ethical approval for experiments
involving human participants was granted by the Ethics Com-
mittee of Kobe University (Approval number: 2024-3).

[ll. RESULTS
A. Design of the Flexible Optical Tactile Force Sensor

The structure of the flexible optical tactile force sensor
is shown in Fig. 1. The sensor, fabricated from flexible
materials, provides a comfortable and conforming fit to the
hand, as shown in Fig. 1(a). The sensor comprises two
parts: the bioadhesive and sensing sections. The sensor is
designed with the bioadhesive section positioned above the
sensing section, allowing direct contact with the skin on top.
The bioadhesive section utilizes biocompatible adhesive and
transparent urethane sheets [Fig. 1(b)]. The sensing section
comprises a FPC board (FPC), LED, and light-receiving ele-
ment (PD). The light-emitting components on the circuit board
are strategically positioned on the sides of the fingers to detect
pressure direction, whether vertical or horizontal [Fig. 1(c)].
The FPC included circuits for driving the light-emitting and
light-receiving components [Fig. 1(d)]. The optical path and
detection mechanism differ based on the presence or absence
of applied pressure [Fig. 1(e)]. When pressure is applied,
increased light scattering and absorption result in alterations
in the detected signal at the PD.

To measure tactile sensation without hindering the hand’s
ability to feel, the sensor utilizes a method in which light
is irradiated from the back of the hand and the reflected
light is measured [33], [34]. The amount of light that pen-
etrated the tissue varied with the wavelength; however, the
proposed method utilized infrared light, which can penetrate
deeper into the tissue [35]. The sensor’s light-emitting and
light-receiving components were constructed using infrared
LEDs with a peak wavelength of 850 nm and silicon PDs with
a peak sensitivity at 850 nm. The LED in the light-emitting
section was controlled through time division to estimate the
direction of the tactile force and minimize the influence
of ambient light [Figs. 1(c) and 5]. For example, by rapidly
alternating between three states—Ieft-side LEDs ON, right-side
LEDs ON, and light OFF—the sensor can detect differences
in light absorption caused by finger deformation along with
ambient light components. The response times of the LEDs
and PDs were less than 10 ys, resulting in a sampling rate
of approximately 10 kHz even with time-division control.



12876

IEEE SENSORS JOURNAL, VOL. 25, NO. 8, 15 APRIL 2025

(@) (b)
LED ‘/fReﬂeclion PD

‘, =

Absorption

1.E+06
1.E+05 yo/\

1.E+04

e HHO2
— Hb

Epidermis

m
Py
S
-]

Dermis Transmission

1.E+02

1.E+01
Hypodermis

7
g

300 400 500 600 700 800 900 1000
Wavelength (nm)

o
~—  Molar Extinction Coefficient(cm-/M)

(c)

—

009
008
007
0.06
T 005
£ 004
003
002
001

Diffuse Reflectance

—e— Back of the hand

» 0.04

~Depth ~ . i ;
~—e— Biomimetic Material

\
NN W WA A
o o by

Depth (mm)
°
S
3
&

\
@
Diffuse Reflectance (mW/mn¥)

Diffuse Reflectance Coefficient

o
2
8
&

o o =
o
o

)

3 6 9 12 15 18 21
Distance from Light Source (mm)

0 2 4 6 8101214 16 18 20
Distance from Light Source (mm)

Fig. 6. Measurement principle of the flexible optical tactile force
sensor. (a) Light scattering and reflection in skin. (b) Wavelength ver-
sus hemoglobin absorption. (c) Simulation of light scattering in tissue.
(d) Measurements in simulants and back of the hand.

This measurement method satisfied the necessary performance
requirements as the required sampling rate for tactile sensing
is below 10 kHz [36].

B. Measurement Principle of the Flexible Optical Tactile
Force Sensor

The proposed sensor configuration is similar to those
of existing optical biosensors, such as PPG and SpO2
sensors. Based on the arrangement of the light-emitting
and light-receiving components relative to the tissue, optical
biosensors can be categorized into transmission and reflection
types [37]. In transmission-type sensors, the light-emitting
and light-receiving elements are positioned on opposite sides
of the tissue, allowing the emitted light to traverse the skin
and be received on the other side. Conversely, reflection-type
sensors are designed with both elements positioned on the
same side to detect light reflected from the skin. In both types,
a portion of the light emitted from the light source is reflected
at the tissue surface, whereas the remainder penetrates the
tissue. Within the tissue, light undergoes multiple scatterings
and some of this scattered light reaches the light-receiving
element. The amount of light absorbed within the tissue
changes with the blood volume and blood oxygen concentra-
tion at the measurement site, allowing for the acquisition of
biological information, such as pulse rate and SpO2, from the
detected light. The proposed sensor adopted a reflection-type
configuration.

The skin comprises three main layers: epidermis, dermis,
and subcutaneous tissue. When visible or infrared light irra-
diates the skin, it experiences scattering, absorption, and
transmission within tissues [Fig. 6(a)]. Shorter wavelengths
are more absorbed by hemoglobin in the blood, whereas longer
wavelengths are more absorbed by water. Therefore, visible
and near-infrared lights, which are less impacted by absorption
by blood and water, are commonly employed in biosensing
[Fig. 6(b)] [38]. PPG sensors often employ green light, which
is highly absorbed by hemoglobin, to estimate arterial shape
in devices, such as smartwatches. SpO2 sensors leverage the

distinct absorption properties of near-infrared and red light
for oxyhemoglobin and deoxyhemoglobin. Conversely, the
proposed sensor prioritizes tissue penetration and exclusively
utilizes longer wavelength near-infrared light. In this study,
the 850-nm wavelength LED was selected owing to its lower
absorption by hemoglobin and water compared with the
940-nm wavelength LED, resulting in higher optical trans-
mittance and enhanced detection of changes within biological
tissue.

When light irradiates the body, it penetrates deeper into
the tissues through repeated absorption and scattering by
the skin, blood, water, and other components. The depth
of light penetration influences the effectiveness of absorp-
tion and multiple scattering. This penetration is not only
impacted by the wavelength of the light but also by the
distance between the light-emitting and receiving elements.
The light propagation in a reflection-type optical sensor
calculated using a multiple-scattering model that simulates
biological tissue is shown in Fig. 6(c) [39]. The farther apart
the light-emitting and receiving elements, the lesser the light
received and the deeper the light that penetrates the tissue.
Capillaries are typically located 0.1-0.2 mm below the skin
surface, whereas arterioles are located at depths of 0.3—1 mm.
Therefore, a distance of a minimum of 1 mm between
the light-emitting and light-receiving elements is necessary.
The experimental results of measuring light propagation with
distances between 1 and 21 mm between the elements are
shown in Fig. 6(d). The measurements affixed to the simulated
biological materials demonstrated a strong positive correlation
with the calculated values (correlation coefficient » = 0.998).
Similarly, when the sensor was affixed to the back of the hand
and measured under conditions of rest without applying pres-
sure to the fingers, the correlation coefficient was » = 0.988,
demonstrating an agreement between the experimental and
calculated results.

The proposed sensor measured the amount of absorbed light
that changed in response to the tissue deformation caused
by the tactile force. This change was not only influenced
by internal tissue deformation but also by alterations in skin
shape and blood volume, all of which collectively impacted
the amount of light absorption. For example, as the pressure
on the fingertip increased, the finger’s thickness decreased
(Fig. 7), whereas its width increased. Because deformation
altered the distance between the light-emitting and receiving
elements, the shape of the tissue and interelement distance
influenced the measurement. Additionally, pressure decreases
the blood volume in the capillaries, resulting in changes in
light absorption by the blood.

While previous studies focused on surface deformation or
color changes of the skin, our proposed method incorporated
internal tissue information, resulting in higher measure-
ment accuracy. However, owing to individual variations in
tissue deformation and the resulting changes in light absorp-
tion, calibration was required, as demonstrated in previous
research [19].

C. Evaluation of Tactile Force Measurement Accuracy

The proposed sensor was affixed to the back of the
hand for measurement to assess the accuracy of the tactile
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force detection. The proposed and reference force sensors
were utilized simultaneously. The proposed sensor was
sequentially attached to different parts of the back of the
right hand, whereas the reference sensor was pressed against
the corresponding palm side at a contact angle of 0°. This
setup allowed for the evaluation of the correlation between
the signals measured using the proposed sensor and pressure
values from the reference sensor.

The time-series measurement results when periodic pressure
was applied to the distal phalanx of the index finger are
shown in Fig. 8(a). The output of the proposed sensor was
synchronized with the fluctuations in the output of the refer-
ence sensor. The process of pressing, maintaining pressure, and
releasing were continuously performed at 5 s intervals. The
voltage at each pressure point was determined through a single
measurement. The correlation between the sensor outputs is
shown in Fig. 8(b), with the average correlation coefficient

of the optical tactile force sensor measuring 0.81 in the
pressure range of 0-8 N/cm?. Furthermore, in the low-pressure
range (0-3 N/cm?), the average correlation coefficient r
was 0.95, demonstrating a stronger positive correlation. Addi-
tionally, we observed a strong positive correlation with an
average correlation coefficient () of 0.95 in the pressure
range of 0-2 N/cm? However, in the 2-4 N/cm? range,
the correlation coefficient decreased to 0.58. This decline in
correlation could be attributed to the nonlinear response of the
sensors to increasing pressure. Furthermore, in the 4-6 N/cm?
range, » was —0.10, and in the 6-8 N/cm? range, r was 0.03.
Beyond 4 N/cm?, the signal intensity of the optical tactile force
sensor reached saturation, resulting in a lack of correlation.

This saturation signifies the upper limit of tissue deforma-
tion and blood volume change in response to the tactile force
at the measurement site, establishing the dynamic range of the
proposed method for measuring the tactile force up to 3 N/cm?.
Additionally, the difference in the baseline voltage between
LED2 and LED1 may be attributed to a misalignment in the
sensor’s attachment position.

To further demonstrate the feasibility of similar measure-
ments on other parts of the hand and fingers, a reference force
sensor utilizing MEMS was used to apply a maximum pressure
of 8 N/cm? at the 19 locations, as shown in Fig. 8(c). The
sensor was repositioned at each measurement point, and the
correlation coefficient » was calculated. The results revealed
an average r of 0.88, validating the ability to measure tactile
force in areas other than the fingertips. The average values for
the resolution, precision, and response times were 0.1 N/cm?,
89%, and 0.5 s, respectively. The cubic polynomial approxi-
mation curves for each fingertip, indicating the variation in the
signal intensity and its first derivative with the applied pressure
at each measurement site are shown in Fig. 8(d). The diverse
results of the first derivative suggest that skin deformation in
response to tactile force differed across various locations.

These results demonstrate that by attaching the proposed
sensor to the back of the hand, high-precision detection of
tactile forces can be achieved without compromising tactile
sensation throughout the entire hand. Because these measure-
ments are not limited to specific areas, such as the fingertips,
broader applications are anticipated. Notably, variations in skin
properties and hand morphology among individuals may influ-
ence the measurement results. However, the proposed method
enables stable measurements across various areas, neces-
sitating further optimization to enhance consistency across
different participants.

D. Evaluation of Estimation Accuracy in the Direction
of Tactile Force

Identifying not only the magnitude but also the direction
of the tactile force is essential for various applications in
human interfaces. The direction of the tactile force directly
influences the stability of objects, and humans interact with
both the magnitude and direction of the tactile force when
interacting with objects. Furthermore, the friction force at the
contact surface is influenced by the direction of the tactile
force [40], [41], [42], [43], [44].

As previously mentioned, the proposed sensor can measure
both the magnitude and direction of the tactile force through
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the time-division control of the light-emitting components. The
sensor can distinguish between left-right and up—down pres-
sure directions with high accuracy by utilizing specific LED
drive combinations, as shown in Fig. 1(c). First, the sensor
was attached to the distal phalanx of the index finger, and
changes in the signal intensity of the optical tactile force sensor
were measured when pressure was applied in the left-right
direction, as shown in Fig. 9(a). The amount of light received
from the left-side LED1 and right-side LED2 varied depending
on the direction of the applied pressure. The direction of
the applied pressure was estimated using clustering upon the
removal of pulse signals and noise from the measurement
data [Fig. 9(b)]. The sensor achieved an accuracy of 98%
in distinguishing up—down directions [Fig. 9(c)] and 100%
accuracy in distinguishing left-right directions [Fig. 9(d)].
Furthermore, this experiment was conducted at 14 distinct
locations surrounding each joint of all fingers. The average
identification accuracy was 99% in the left-right direction
and 94% in the up—down direction [Fig. 9(e) and (f)]. The
variance in accuracy is attributed to the anatomical structure of
the fingers, where the skin experiences less deformation in the
up—down direction compared with the left—right direction [45].

[V. DISCUSSION

We developed a novel measurement technology that can be
attached to the back of the hand and fingers, facilitating the
detection of both the magnitude and direction of the tactile
force without hindering tactile sensation. Furthermore, the sen-
sor components were affixed to a flexible substrate, enabling
measurements to be performed without causing discomfort
or pressure even when worn on the fingers. These features
render the technology highly suitable for sensing applications
in human interfaces.

The evaluation results demonstrated an r of 0.95 between

the proposed sensor output and tactile force within the range
of up to 3 N/cm?, signifying that tactile force can be estimated
with high accuracy. Furthermore, the direction of the tactile
force was estimated with an accuracy of over 94%. These
findings underscore the superiority of the proposed method,

which can evaluate areas beyond the fingertips that were
previously challenging to measure. Although the accuracy in
detecting the up—down direction was slightly lower than that
for the left-right direction, enhancements could be made by
increasing the number of light-emitting and receiving ele-
ments, as well as incorporating machine learning techniques.

In the proposed sensor system, the critical factors of wiring,
power consumption, and spatial resolution were crucial for
ensuring measurement reliability and practical implementa-
tion. These aspects should be considered as future research
challenges. Regarding wiring, the current system employs a
wired connection. However, for wearable applications, user
comfort is paramount for practical deployment, necessitating
the transition to wireless communication. In terms of power
consumption, optimizing efficiency through wavelength selec-
tion of the light source and enhancing the sensitivity of the PD
are promising approaches worth considering. Spatial resolution
is a key parameter for obtaining detailed pressure distribution.
Implementing a multiwavelength sensor array could enable
higher precision measurements.
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The quantitative evaluation of tactile sensation is crucial,
with its applications being explored in numerous fields.
In the medical field, this technology can aid in assessing
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the functional recovery of patients’ limbs and guiding effec-
tive rehabilitation. In robot-assisted surgery, it can provide
surgeons with more precise tactile feedback while operating
instruments. Additionally, in sports and cosmetics, it can
enhance training efficiency and convey the expertise of skilled
practitioners. The proposed method offered a solution that
enabled tactile force sensing without compromising tactile
sensation, paving the way for the practical implementation of
various promising applications.

V. CONCLUSION

In this study, we developed a flexible optical tactile force
sensor that can be attached to the back of the hand and
fingers, allowing for the detection of both the magnitude
and direction of tactile force without compromising tactile
sensation. The proposed method enabled noninvasive and
high-precision measurement of tactile information and offered
physiological insights through the simultaneous acquisition
of pulse wave data. Evaluation results demonstrated a high
correlation coefficient within the tactile force range of up
to 3 N/cm? and an accuracy of over 94% for direction detec-
tion. These findings indicate that the sensor can be applied to
areas of the hand beyond the fingertips, which were previously
challenging to measure. Although the accuracy in detecting
the up—down direction was slightly lower than that for the
left-right direction, further enhancements are anticipated by
increasing the number of light-emitting and receiving elements
and incorporating machine-learning techniques. Additionally,
improvements in wiring, power consumption, and spatial reso-
lution are required. The adoption of wireless communication is
crucial for ensuring user comfort and optimizing battery effi-
ciency. Furthermore, improving spatial resolution requires the
implementation of a higher precision sensor array. Moreover,
considering the influence of individual differences on mea-
surements, the development of algorithms to address sensor
misalignment and measurement site variations is imperative.
This will lead to more accurate measurement results and the
development of a device that can cater to a diverse range
of users.

This technology is expected to enhance diagnostic capa-
bilities through real-time monitoring of mechanical and
cardiovascular data in the medical field while improving the
accuracy of tactile force measurement and enabling com-
prehensive performance evaluation in sports. The proposed
flexible optical tactile force sensor can significantly enhance
the performance and reliability of tactile interfaces across
various applications, including healthcare and sports.
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