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Materials and Designs for Wireless Epidermal Sensors
of Hydration and Strain
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This paper presents materials and designs for an ultrathin, stretchable class
of device that is capable of lamination onto the surface of the skin, for wireless determination of dielectric and surface strain properties. The sensor
exploits LC resonators with capacitive electrodes whose radio frequency
characteristics change with variations in skin properties, and is capable of
conformal and spontaneous integration with skin due to their skin-like, “epidermal”, mechanical properties. Resonance frequencies of the LC resonators
can be measured wirelessly through changes in the absorption of electromagnetic energy from a coil connected to an impedance measurement setup
and placed in proximity to the epidermal device. Experimental results demonstrate that the device offers a precision of 1.1 (arbitrary unit of a reference
commercial hydration meter) for hydration and 1.3% for strain detection,
with good stability and low drift. Measurement of simulated lymphedema
using an expandable balloon with an attached sensor further demonstrates
the potential for using such a sensor in monitoring skin swelling. Finite element simulation of physical deformation and associated changes in electrical
properties enable quantitative interpretation of the experimental results.
The results may have relevance for wireless evaluation of the skin, for
applications ranging from dermatology and cosmetology to health/wellness
monitoring (lymphedema, transdermal water loss, edema, and psychological
stress).
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1. Introduction

Biomedical sensors that use rigid, planar
metal electrodes on hard substrates have
mechanical properties that are signiﬁcantly different from those of the soft,
curved, and textured surfaces of biological tissues. This mismatch results in
diminished measurement accuracy and
precision, due to variability at the point
of electrode/tissue contact. Dry electrodes based on ultrathin ﬂexible polymer
ﬁlms (e.g., parylene)[1,2] and elastomer
substrates (e.g., polydimethylsiloxane,
PDMS)[3,4] offer improved capabilities,
due partly to their enhanced levels of
conformability, deﬁned as the capability
of the device to establish intimate contact with the soft, textured surface of the
skin. In many cases, additional ﬁxtures
are required to achieve robust adhesion to
the skin.[5,6] Sensors with “epidermal” construction, in which the mechanical properties, thermal loads (≈150 μJ cm−2 K−1),[7]
area mass densities (<3.8 mg cm−2)[8] and
thicknesses (<10 μm) are in the range of
the epidermis, can provide intimate skin
contact based on Van der Waals forces,
likely due to London-dispersion effects between molecules of
the skin and the elastomer substrate (e.g., PDMS), thereby
eliminating the need of pins, straps, tapes or adhesives.[9]
This type of contact offers opportunities in highly repeatable
and precise determination not only of properties of the skin
itself, but of overall health status in which the skin provides an
interface for measurement of internal body processes. Several
types of epidermal sensors have been previously reported, for
determination of skin impedance,[10] electrophysiological potentials,[11] temperature,[7] and mechanical strain.[12] The major
drawback of previously published work in the ﬁeld of epidermal
sensors is that most rely on wired connections to signal acquisition equipment, limiting their use in long-term, continuous
monitoring.
One appealing approach to epidermal wireless sensing
relies on passive inductive coupling, in which changes in the
sensing components alter the frequencies of resonant circuits made of inductors and capacitors. This method, usually
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the properties of the skin inﬂuence the capacitance of the
sensing components, thereby leading to shifts in the resonance
frequencies of the epidermal sensor.

2.1. Dielectric Measurement and Strain Determination
Figure 1 shows images and schematic illustrations of a multimodal wireless epidermal device that is 11.4 mm × 24.2 mm in
overall dimension and consists of a dielectric sensor and a pair
of strain sensors oriented perpendicular to each other. All three
sensors are designed with distinct resonance frequencies, to
enable separate readout without crosstalk. The dielectric sensor
contains a pair of electrodes in the form of an inner circular disk
(500 μm in radius) and an outer circular annulus (800 μm in
inner radius and 1.2 mm in outer radius), both in direct contact
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referred to as wireless passive sensing,[13] provides a convenient
scheme that does not require active components or power supplies, thereby making it well suited for epidermal integration.
Previously reported passive wireless sensors, in conventional,
non-epidermal formats, offer capabilities for measurement of
intraocular pressure,[14,15] gas ﬂow,[16] cerebrospinal ﬂuid shunt
function,[17] blood pressure,[18] and cardiovascular pressure.[19]
Realizing these types of systems in epidermal constructs, and
optimizing their use in sensors that have simultaneous capabilities of measuring the dielectric and mechanical strain properties of the skin represents the topic of the present report. Skin
dielectric measurements serve as effective monitors of various
physiological processes,[20–22] and can be conducted at different
frequencies for information related to different skin depths[23,24]
and conditions.[24] At frequencies of hundreds of MHz, the
effects of relaxation of water molecules dominate. Here, skin
dielectric measurements can reveal dermatological and cosmetological effects related to
water content in the skin, including wound
healing,[25] thermal injury,[26] therapeutic
activity,[27,28] and abnormal skin conditions,
including edema[29,30] and lymphedema.[31]
Strain sensors provide additional information in such contexts. The following content
provides systematic investigations of essential aspects of such classes of epidermal
wireless passive sensors, including dielectric assessment of skin properties, hydration measurement, and skin strain induced
by lymphedema due to subcutaneous ﬂuid
accumulation. Similar techniques, when
combined with other sensing mechanisms,
such as responses of ligand/receptor binding
pairs,[32] dielectric changes in humidity or
pH sensitive polymers,[33,34] and alignment
changes within liquid crystals[35] can yield
highly speciﬁc, stable, and repeatable, multimodal detection. External sensor readout systems can be adapted to wearable or portable
conﬁgurations,[36,37] enabling compact and
fully functional systems for health and wellness monitoring.

2. Design and Fabrication
The dielectric and strain sensors both exploit
capacitive detection. The method used for
dielectric determination is similar to that for
measurement of input reﬂection through an
open-ended coaxial line.[38] Here, the time
varying electromagnetic ﬁelds created by a
pair of planar electrodes generate periodic
changes in current ﬂow within the skin. The
absorption of this energy by the skin depends
on its dielectric properties. Sensing of strain
relies on changes in the geometries of interdigitated electrode structures induced by
deformations of the skin.[39] In both cases,
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Figure 1. A multimodal wireless epidermal sensor. a) Exploded view schematic diagram of the
sensor on the skin. Images of a sensor on a water soluble tape in b) flat, c) bent, and d) twisted
configurations. e) Image of a sensor integrated directly on the skin, after removal of the tape.
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with the skin, and connected to a coil encapsulated above and
below by thin layers of polyimide. The coil consists of 4 turns of
copper wire in a serpentine shape, to afford both ﬂexibility and
stretchability. The width of the wire is 150 μm, and the lengths
of the inner and outer turns are 4.8 and 9.5 mm, respectively.
The two strain sensors use serpentine interdigitated electrodes
as deformable capacitors, oriented perpendicular to each other
to allow sensing of strain in orthogonal directions. The coils for
the strain sensors have 2 turns and 1.75 turns, respectively. The
interdigitated electrodes formed by serpentine wire (40 μm in
width) are approximately 3.2 mm in length with 13 digits and a
uniform spacing of 300 μm between adjacent wires. The strain
sensors are entirely encapsulated by polymer to prevent direct
skin contact and, thereby, to reduce the inﬂuence of the skin
dielectric properties on their response. The three sensors are
separated to minimize the inﬂuence from mutual inductances
generated by the nearby or enclosed coils, thereby improving
the accuracy of wireless measurement
The fabrication starts with spin-coating a layer of polydimethylsiloxane (PDMS, 20 μm thick) onto a glass slide. Curing
the PDMS and treating its surface with reactive ion etching
(RIE) enables spin casting of a layer of polyimide (PI; 1 μm
thick) on top (Figure S1a, Supporting Information). Serpentine
interdigitated electrodes and circular electrodes consist of photolithographically patterned layers of copper (500 nm) deposited
by electron beam evaporation (Figure S1b, Supporting Information). An additional coating of PI (1 μm) electrically insulates
the surfaces of the electrode patterns; RIE removes selected

regions of the PI to deﬁne points of electrical contact with the
following metallization layer. Another patterned layer of copper
(5 μm) forms serpentine coils (Figure S1c, Supporting Information), which are encapsulated by another PI coating. Etching
of the entire system into an open mesh layout completes the
main part of the fabrication (Figure S1d, Supporting Information). A water-soluble tape of cellulose (Aquasol ASWT-2) allows
retrieval of the sensor from the PDMS substrate (Figure S1e,
Supporting Information). Deposition of Ti/SiO2 (5/60 nm) onto
the exposed backside of the sensor by electron beam evaporation facilitates chemical bonding to an ultrathin perforated
silicone substrate (5 μm in thickness) (Solaris, Smooth-On,
Inc.) after UV ozone activation. Dissolving the cellulose tape
with water yields an integrated device with excellent levels of
mechanical stretchability and ﬂexibility, to facilitate intimate
contact with the skin (Figure S1f, Supporting Informartion).

2.2. Conformal Contact of the Wireless Epidermal Sensor
to the Skin
The sensors can be integrated onto the skin with (Figure 2c)
and without (Figures 1e, 2a) the backing layer of silicone. In
many practical applications, the silicone provides protection
against abrasion, in a way that imposes minimal constraint on
transepidermal water loss or on natural motions of the skin.
The mounting process involves placing the device into contact
with the skin and then rinsing away the cellulose tape. Figure 2

Figure 2. Images of a wireless epidermal sensor without a silicone backing layer on the skin in a a) stretched and b) squeezed state. c) Image of a device
with a perforated silicone backing layer on the skin. d) Image of direct application of lotion onto a region of the skin that supports a device without a
silicone backing layer. e) Experimental setup used for wireless measurement of the resonance frequency of the sensors. f) Picture of a copper coil sewn
into clothing and connected with an impedance analyzer through a SMA connector, as an interface to a sensor mounted on the skin. g) A commercial
hydration meter can be used to measure hydration at locations adjacent to or coincident with the position of a wireless epidermal sensor. h) Images
of an epidermal dielectric sensor and an end-terminated coaxial cable with electrodes of similar dimension. i) Scanning electron micrograph of part of
a wireless sensor on a perforated silicone backing layer.
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The sensors are evaluated using an impedance analyzer (HP
4291a RF Impedance/Material Analyzer) with a frequency
range from 1 MHz to 1.8 GHz. The analyzer connects to a
hand-wound copper primary coil whose resonance frequency
is signiﬁcantly different from the epidermal wireless sensor.
The impedance analyzer sweeps across 801 frequencies distributed linearly in the designated measurement frequency
range. The signal amplitude (≈1 V) is sufﬁciently small to
avoid any signiﬁcant heating on the skin, as veriﬁed by thermal
images (Figure S2a, Supporting Information) collected with an
infrared camera (FLIR SC600). A xyz mechanical stage and a
rotational platform allow manual adjustments of the position
and orientation of the primary coil relative to the epidermal
sensors (Figure 2e). The primary coil can be either positioned
on this stage, for systematic studies, or it can be an accessory
to clothing (Figure 2f), for more practical applications. The
primary coil provides time varying electromagnetic ﬁelds that
induce alternating voltages in the epidermal coils. Changes of
the dielectric properties of the skin and/or mechanical strains
lead to changes in the capacitances of the different sensing
components and, therefore, their resonance frequencies. The
operation should be carried out in ranges of frequencies where
the dielectric properties are relatively frequency independent.
In such ranges, the permittivity of the skin is determined primarily by water/fat content, hydration levels and other properties of interest.[40,41] A conventional sensor (Figure 2h) based on
an open-ended coaxial cable equipped with a pair of electrodes
with sizes matched to those of the epidermal dielectric sensor
enables acquisition of comparative data.
The resonance frequency of the epidermal sensor is determined by the min-phase method,[42,43] in which a frequency
(fmin) where the phase of the impedance of the primary coil
reaches its minimum serves as an approximate measure of the
resonance frequency of the epidermal sensor (f0), given by

The impedance of the epidermal sensor (ZE), the resistance (RP), and inductance (LP) of the primary coil all inﬂuence
ZP. The impedance of the epidermal sensor can be further
expressed as:
ZE (ω ) = RE + jω LE − j1/(ω CE )

(3)

The coupling coefﬁcient (k) and the quality factor (Q) of the
epidermal sensor can be expressed as
k = M / LPLE
Q = LE /(RE CE )

(4)

LECE = 1 / ω 02
RE = ω 0LE / Q

(5)

The impedance of the primary coil is
ZP (ω ) = RP + jω LP ⎡⎣1 + k 2ω 2/ω 02 (1 − ω 2 / ω 02 + jω /ω 0Q )⎤⎦

(6)

With a phase of ∠ZP be expressed as
∠ZP (ω ) = arctan(Im(ZP (ω ) / Re(ZP (ω ))

(7)

Setting the derivative of ∠ZE (ω ) to zero yields an expression
for fmin. A Taylor series expansion provides a simple approximate relationship between fmin and f0
f min = f 0 (1 + k 2 / 4 + 1 / 8Q 2 )

(8)

Because the Q of the epidermal sensor is typically >20,
the term 1 / 8Q2 can be neglected. The coupling coefﬁcient
k represents the efﬁciency of the interaction between two
coils, and is thus 0 < k < 1.[44] As a result, we can assume that
f min ≈ f 0 for the rest of the analysis.[44] Variations in the phase
of the impedance of the primary coil itself can be subtracted
from the measured data by using a reference curve obtained
from the primary coil evaluated without the presence of the
epidermal sensors, in the same measurement location. This
process eliminates the large background signal associated
with the primary coil, thereby highlighting changes in phase
caused by the epidermal sensor. In the following, shifts in
phase relative to the reference phase of the primary coil are
used, rather than the direct phase curve from the primary
coil.

3. Results and Discussion

(1)
3.1. Measurements on the Body with Wired and Wireless Sensors

where LE and CE are the inductance and capacitance of the epidermal sensor, respectively. The impedance of the primary coil
(ZP) measured by the impedance analyzer can be expressed as
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(2)

where M is the mutual inductance of the primary and epidermal coils. Terms in Equation 3 can then be written

2.3. Experimental Setup for Wireless Detection

f 0 = 1 /(2π LECE )

ZP (ω ) = RP + jω LP + ω 2M 2/ZE (ω )

FULL PAPER

shows the contact that results for cases with (Figure 2c) and
without (Figure 2a) the silicone backing layer. In both cases, the
device exhibits excellent contact and an ability to accommodate
skin motion without delamination (Figure 2a–c). Absence of the
silicone facilitates the diffusion of skin lotion and other media
applied to the skin in the region of the device (Figure 2d), with
nearly completely unimpeded transdermal water evaporation,
in geometries that minimize thickness and effective modulus.
Such a device conﬁguration also enables direct reference measurements and comparison to skin evaluation using a commercial hydration meter (Delﬁn Moisture Meter SC), which
is based on similar dielectric measurement principles but performed with a pair of rigid, circular electrodes applied to the
same area of the skin (Figure 2g). Experiments described in the
following exploit this capability.

As a ﬁrst example, the wireless sensor is used to deﬁne the
dielectric properties of the skin at various positions across the
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Figure 3. a) Diagram of 12 different positions for measurements of the skin. b) Representative variations in dielectric properties of the skin for frequencies between 1 MHz to 1 GHz, evaluated using a coaxial cable probe, at the positions illustrated in (a). Minimal variations occur between 160 MHz to
200 MHz, as shown on the right. c) Plot of the inductance and Q factor of the epidermal dielectric sensor between 160 MHz to 200 MHz. d) Comparison
of capacitance measured using a wireless sensor and a coaxial cable for two volunteers (M for male; F for Female), at the positions indicated in (a).

body for two male and two female volunteers, at 12 regions
(Figure 3a). The coaxial sensor (Figure 2h) provides comparison data. For measurement frequencies between 1 MHz and
1 GHz, the dielectric properties of the skin show clear variations
with frequencies and positions, for all four volunteers. A typical
spectrum, as in Figure 3b, measured with the coaxial cable
exhibits a rapidly decreasing dielectric constant at low frequencies (from 1 to 90 MHz), followed by more modest frequency
dependence at higher frequencies. The smallest dependence
occurs in a range of frequencies between 160 to 200 MHz,
where the capacitance varies by only ≈0.6% (Figure 3b). The
observed stability of the skin dielectric properties between 160
to 200 MHz may be due to the dominant effect of δ dispersion of bonded and free dipolar water molecules,[45,46] while
other frequency-dependent polarization effects are not signiﬁcant. These trends are similar to those reported elsewhere.[41,46]
The epidermal dielectric sensor is designed with a resonance
frequency that lies within this region of minimal frequency
dependence.
Measurements collected with the wireless sensor exhibit
changes in resonance frequency with position across the
body, due to variations in water and fat contents of the skin
(Figure 3a). The capacitance of the sensor can be obtained from
Equation 1 using its resonance frequency and separate measurements of the inductance of the sensor. This inductance,
which is determined using the impedance analyzer (Figure 2c),
is assumed to be less sensitive[13] to changes of skin dielectric
properties due to its lack of direct contact with the skin. Electrical simulation using HFSS (Ansys Inc.) further conﬁrms that
the S11 parameter, which is directly related to the impedance of
the coil, undergoes little change when the skin changes from
a dry to a wet state (Figure S3, Supporting Information). The
capacitance determined in this way can be compared to that
measured using the coaxial cable probe, at the same frequencies. Trends of capacitance variation with position (Figure 3d)
as measured by the coaxial cable and the epidermal sensor are

3850

wileyonlinelibrary.com

consistent, as expected. However, symmetry in measurement
locations does not lead to symmetrical responses due to strong
location dependent properties of skin tissues.

3.2. Measurements of Skin Hydration
To demonstrate an important mode of measurement, the
wireless sensor is used to evaluate the level of hydration of
the skin at a position 2 (Figure 3a) on the forearm. Application of lotion induces variations in hydration levels, which can
then be evaluated as a mean to illustrate the measurement
capability.[10,47] The hydration levels are recorded using both a
wireless epidermal sensor and a commercial hydration meter.
As the hydration level changes from 103 to 31 (arbitrary unit
given by the hydration meter), f0 of the device shifts from 163
to 176 MHz (Figure 4a,b), indicating a decrease in the capacitance and, therefore, the skin dielectric constant, consistent
with a decrease in the water content (i.e., hydration). f0 shows
little variation, even in the relatively uncontrolled environment
of the lab, where mechanical vibrations and temperature ﬂuctuations are present (Figure S6a, Supporting Information). f0
of the dielectric sensor changes only by approximately 1 MHz
for a temperature change of 10 °C (Figure S2b, Supporting
Information). The measured f0 can be determined easily with
a precision of 0.2 MHz, which corresponds to a precision in
hydration measurement that is equivalent to 1.1 (arbitrary unit)
on the scale of the commercial hydration meter. The hydration measurement result is conducted under lab environment
where the humidity is relatively stable. To investigate the effects
of humidity, the surface of a device exposed to air was passivated by polyimide and covered with a perforated silicone layer.
This construction prevents direct contact between the electrodes and the air, and thus reduces the response of the sensor
to the humidity. Assessment with humidity levels between
22% to 88% indicated a change in f0 of ≈5.8 MHz (Figure S4,
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Figure 4. a) Measurements of the phase response of the primary coil, while in proximity to an epidermal dielectric sensor on the skin, at different
levels of hydration. The magnitude of the phase difference changes both with dielectric properties of the skin and the distance between the primary coil
to the epidermal sensor. As a result, variations in the magnitude can arise from inconsistencies in the placement of the measured forearm. b) Relationship between the minimum phase f0 and hydration levels measured using a commercial hydration sensor. c) Phase response of the primary coil
oriented at different angles relative to the epidermal dielectric sensor. Measured shifts in f0 as the primary coil is displaced d) rotationally, e) vertically,
and f) horizontally. The assessment of the influence of sensor orientation is conducted on a stretching stage in air. The resonance frequency of the
sensor is relatively high(at approximately 240 MHz) when measured in air. The resonance frequency is between 160–200 MHz when placed on skin.

Supporting Information). Such changes can be compensated
using separate measurements of the humidity. We note that the
air humidity will also inﬂuence the hydration of the skin.

3.3. In-Vitro Characterization of the Sensor Responses
According to Equation 8, the measurement depends critically
on the coupling coefﬁcient between the epidermal sensor and
the primary coil. The relative position between the coils is,
therefore, important. In-vitro characterization of the effects is
possible through measurements conducted with the wireless
sensor on a ﬂat glass substrate, while systematically varying
the position of the primary coil. To examine the inﬂuence of
rotation, the sensor is placed underneath the primary coil at
a ﬁxed distance of 8 mm. The rotation of the primary coil is
then adjusted using a precision stage. Figure 4c shows that the
quality factor of the phase curve decreases with counter clockwise rotation around an axis that passes through the center of
the primary coil and aligns parallel with the x direction. The
measured f0 remains at 238 MHz for rotations between 0 to
80°, but then changes rapidly for larger angles (Figure 4d). Uniaxial displacements along the z (vertical displacement) (Figure
4e) and y (horizontal displacement) (Figure 4f) directions of
the primary coil, originally placed 2 mm above the epidermal
sensor, are achieved with the xyz mechanical stage. Little
change in f0 is observed for a horizontal displacement of up to
1.4 cm and a vertical displacement of up to 0.4 cm, followed
with a signiﬁcant decrease in f0 and Q factor beyond these
limits (Figure S5a,b, Supporting Information). This measurement demonstrates a robust range of displacements and angles
over which reliable wireless detection can be achieved, with
changes of f0 less than 0.4%.

Adv. Funct. Mater. 2014, 24, 3846–3854

The capability of the strain sensors in detecting directional
strains in the skin are evaluated with a mechanical stage
(Figure 5a) to create well deﬁned levels of uniaxial strain in the
devices. Here, ﬁxtures constrain the sensor at both ends, in a
suspended conﬁguration. The dielectric and strain sensors all
stretch by ≈30% of their original length; the end-to-end displacement of the overall system is ≈48%. The dielectric sensor exhibits
only a 0.2% variation in its f0 (230 MHz) under stretching in
both x and y directions for strains up to 30% (Figure 6a). The
limited inﬂuence of the strain in this case may be due to the
symmetric layout of the sensor (Figures S8,S9, Supporting Information). The results suggest an ability of the sensor to provide
dielectric measurements with high tolerance to strain.
By contrast, the strain sensors (denoted as sensor 1 and
sensor 2 in Figure 5a) exhibit high sensitivity to stretching. For
example, stretching sensor 1 by 29.1% along the x direction
(Figure 5c,d) leads to a decrease in f0 by 22.7 MHz (4.2% of
f0 at static state). Here, the spacings between the electrodes of
sensor 2 also have a maximum change of 29.1% (16% in certain
region as shown in Figure 5b,e), thereby leading to an increase
in its resonance frequency of 22.5 MHz (3.4% of f0 at static
state) (Figure 5c,d). The sensors respond in a corresponding
manner for extension along the y direction. Consideration of
the nature of the mechanical deformations of the individual
electrodes provides an explanation for these observations. Electrodes that lie along the direction of stretching experience an
increase in their end-to-end length as well as reduction in their
spacing, as shown in Figure 5e. These deformations result in
an increase in capacitance and decrease in f0. Reversed changes
for electrodes aligned perpendicular to the stretching direction are observed due to the Poisson’s effect. This deformation causes an increase in electrode spacings and reduction in
their overall lengths, thereby leading to a decrease in sensor
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Figure 5. a) Experimental setup to characterize the response of the strain sensors as a function of extension along the x and y directions. b) Images of
the strain sensors under 0 to 30% uniaxial stretch along the x direction. c) Frequency response and d) resonance frequency shift of the strain sensors
for extensions between 0 to 30% along the x direction. e) Finite element simulation of strains for extensions between 0 to 30% along the x direction.
f) Finite element simulation of the redistribution of the electrical field in structures similar to those for the strain sensors for extensions between 0 to
30% along the x direction. g) Simulated changes in capacitance associated with these structures. h) Image of a wireless epidermal sensor attached
onto the surface of a balloon to simulate measurement of lymphedema (left), and change in resonance frequencies of strain sensors under the expansion of the balloon (right).

capacitance and an increase in the f0. Simulations can capture these behaviors. To simplify the calculations, segments of
structures extracted from the ﬁnite element simulation (FEM)
results of Figure 5e are used for electrical simulation with
HFSS (Ansys Inc.) to determine the associated electrical ﬁeld
distributions (Figure 5f) and capacitance changes (Figure 5g).
Results from Figure 5g indicate that electrodes aligned with the
extension direction undergo larger capacitance changes than
electrodes oriented perpendicular to the extension, suggesting
that the combined effect of the electrode length increase and
the spacing reduction may be more prominent in changing the

sensor capacitance than the effects of reduced electrode length
and increased spacing.
The strain sensors exhibit low drift over measurement periods
of several hours, with random ﬂuctuations in f0 of approximately
1 MHz (Figure S6b,c, Supporting Information), suggesting a
strain measurement precision of 1.3%. Systematic drifts are not
observed. The ﬂuctuations in the responses of the strain sensors are larger than those in the dielectric sensor (0.2 MHz). This
observation suggests that the complex interdigitated structures
in the strain sensors may be less tolerant to enviromental disturbances than the symmetrical conﬁguration of the dielectric sensor.

Figure 6. a) Phase response of the primary coil when the dielectric sensor is under various levels of uniaxial tension (left), and the shift of the resonance
frequency as a function of strain (right). b) Dependence of the resonance frequencies of a strain sensor on hydration of the skin.
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tissue swelling and implantable stents, and represent important aspect of current work.

3.4. Strain Sensing with Simulated Lymphedema

Acknowledgements

Lymphedema, a common condition for patients after axillary surgery and radiation therapy, is due to chronic retention and swelling of localized lymphatic system ﬂuids. The
symptomatic gradual swelling of arms and legs is not immediately observable, and continuous monitoring is currently
not possible. The wireless epidermal strain sensors provide
an effective solution. A balloon ﬁlled with water approximates
conditions associated lymphedema-swelling of the skin.[48]
Here, the strain sensors lie at the position of the maximum
perimeter of the balloon (y direction in Figure 5h). Increasing
the maximum balloon radius (y direction) from 2.7 cm to
3.1 cm by injecting 40 mL water induces changes in the resonance frequencies of the sensors from 524 and 632 MHz to
532 and 637 MHz, respectively. Approximating the balloon as
a sphere with uniform expansion suggests that a 15% increase
in the radius of the balloon leads to 15% stretching along both
x and y directions. These results indicate that the strain sensors have the potential to quantify multi-axial strains caused
by tissue swelling due to accumulation of water. The changes
in the responses of the strain sensors with expansion of balloon involve multi-axial stress and three-dimensional deformation. Thus, the direction and value of the principle strain
cannot be determined using the current device conﬁguration.
Further understanding of the behaviors of the strain sensors
on inﬂatable objects can lead to applications that involve
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4. Conclusion
The wireless passive sensor technology introduced here provides a soft, “skin-like” device that enables intimate integration
with the skin and non-invasive, wireless quantiﬁcation of skin
dielectric properties related to water contents and mechanical
strains induced by excessive subcutaneous ﬂuid accumulation (lymphedema). The sensors exhibit some tolerance to
misalignment with the primary coil, as required for practical
use in wearable applications. With a maximum voltage level
of 1 V output from the impedance analyzer, the measurement
distance between the primary coil and the epidermal sensor
is limited to 1.4 cm. One attractive possibility for use outside
of a laboratory setup might involve near ﬁeld communication
(NFC) techniques that are available in many portable consumer
electronic devices. In addition, when combined with other biomolecule recognition and chemical sensing techniques, this
type of epidermal wireless sensor can be constructed as a multifunctional sensing patch, with potentially important uses in
continuous health monitoring.
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The inﬂuence of changes in dielectric properties on the
response of the strain sensors appear in Figure 6b at escalated
skin hydration levels. The results reveal monotonic decreases
in f0 of both sensors as a result of the increase in the capacitance of the sensors. The inﬂuence of skin hydration on the
strain sensors can be compensated by adding or subtracting
bias values that correspond to the strain-independent skin
hydration results measured by the dielectric sensor (Figures 4a,
6a). In addition, increasing the thickness of the passivation
layer of the strain sensor can further reduce the hydrationinduced changes in strain sensors. FEM simulation results of
stretching the end-to-end length of the device by 30% in a uniaxial manner (Figures S8,S9, Supporting Information) indicate
that the average principal strain in the metals is less than the
fracture strain of Cu (≈2%), suggesting an ability to offer robust
operation at strain levels well beyond those that can be tolerated by the skin (10–20%). The strain reaches 3.3% and 1.7% in
certain localized regions, due to stress/strain concentrations at
the edges or corners, but with limited observed ability to cause
facture. In addition, the symmetric structures of the coils of all
sensors under uniaxial extension suggest that the changes in
the coil properties in one direction may be compensated by the
coil property changes in perpendicular direction. This behavior
may explain the strain-independent results of the dielectric
sensor as observed in Figure 6a. Electrical simulation of the
entire sensor structures under different strain using HFSS can
provide important information related to strain induced electrical property change. However, this computation involves considerably larger numbers of vectors and additional computation
resources. Such studies represent topics of on-going work.
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