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Wireless, wearable elastography via mechano-acoustic 
wave sensing for ambulatory monitoring of 
tissue stiffness
Chenhang Li1†, Heling Wang2,3,4†, Ziwu Song5,6, Wei Zhang5,7, Yuxin Pan1, Zihao Zhao6,  
Chaorui Qiu1, Kaiping Yin1, Mengdi Han8, Allison Bingqing Wang9, Haiwen Luan8, Jiahong Li10, 
Wenyuan Yan10, Shulin Chen11, Haixu Shen10, Tzu-Li Liu11, Sabrina S. M. Lee9, Wenbo Ding6, 
Yonggang Huang4,8,10,12, John A. Rogers8,10,11,12,13*, Changsheng Wu5,7,14,15*, Xiaoyue Ni1,16*

Assessing the mechanical properties of soft tissues holds broad clinical relevance. Advances in flexible electronics 
offer possibilities for wearable monitoring of tissue stiffness. However, existing technologies often rely on tethered 
setups or require frequent calibration, restricting their use in ambulatory environments. This study introduces a 
mechano-acoustic wave sensing technology for automated, wireless elastography. The patch-form sensor main-
tains conformal contact with the skin, regardless of body motion or deformation. It provides continuous, depth-
sensitive estimation of subcutaneous tissue stiffness through real-time surface wave dispersion analysis. Theoretical 
and experimental investigations on phantom materials and tissues spanning a wide range of Young’s modulus (in 
kilopascals to megapascals) demonstrate the capability of the device to rapidly and robustly evaluate the stiffness 
at depths up to several centimeters. The device shows compatibility with various tissue models, with results consis-
tent with in-parallel ultrasound elastography measurements. Deployment of the device during exercises confirms 
its viability for ambulatory monitoring, enabling continuous assessment of variation in tissue stiffness.

INTRODUCTION
The biomechanics of peripheral tissues, spanning from the skin to 
subcutaneous layers (1), are critical to understanding disease pro-
gression (2, 3) and guiding therapeutic strategies (4–6). Technolo-
gies that enable noninvasive or minimally invasive access to these 
tissues hold transformative potential for advancing biomedical re-
search and clinical care (7,  8). Longitudinal monitoring of tissue 
stiffness offers a means to track pathological changes over extended 
periods, with applications under conditions such as systemic sclerosis 
(9, 10), hypertrophic scarring (11), wound healing (12), and periph-
eral edema (13, 14). These insights are invaluable for evaluating disease 
progression and tailoring treatment strategies under chronic condi-
tions such as skin and breast cancer (15–19). In contrast, continuous 

monitoring provides real-time, high-frequency measurements, al-
lowing dynamic assessments of tissue biomechanics. This approach 
is particularly valuable for capturing muscle dynamics in neurologi-
cal disorders such as Parkinson’s disease (20,  21), stroke (22–24), 
and cerebral palsy (25, 26), where real-time feedback informs per-
sonalized interventions and rehabilitation (22, 27). Beyond clinical 
applications, continuous stiffness monitoring supports fatigue man-
agement (28, 29), injury prevention (30, 31), and performance opti-
mization in sports science (32–34). Moreover, wearable assistive 
robotics, such as portable exosuits, leverage real-time stiffness data 
to optimize torque control and modulate tissue forces for enhanced 
functionality (35, 36).

Despite the clear benefits of longitudinal and continuous moni-
toring of tissue stiffness, existing noninvasive technologies face no-
table limitations in practical ambulatory applications. Traditional 
systems for quantitative assessment of tissue mechanics are often 
bulky or tethered, requiring manual operation or frequent calibra-
tion, thereby limiting patient mobility and long-term usability (37–
40). Recent advancements in wearable technologies have begun 
addressing these issues by enabling skin-integrated sensing of tissue 
mechanics and acoustics (41–49). These innovations include minia-
turized devices that use vibrational mechanics to assess the stiffness 
of superficial tissues (<1 cm in depth) (41–43, 47). Devices probing 
wave mechanics have further expanded the sensing capability to 
deeper tissues (>1 cm) (44–46). For example, wearable inertial mea-
surement units (IMUs) that measure shear wave propagation in ten-
dons can gauge stiffness variations (44). Stretchable or bioadhesive 
ultrasound arrays have enabled wearable shear wave elastography 
(SWE), allowing for modulus mapping of deep tissues (45, 46). De-
spite these advancements, the usability of wearable technologies for 
monitoring in naturalistic settings remains limited by system com-
plexity, cost, and power consumption. These limitations underscore 
the need for low-profile wearable systems specifically designed to 
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meet the demands of ambulatory monitoring of tissue stiffness, bal-
ancing performance, efficiency, and practicality.

Here, we introduce a wireless mechano-acoustic wave (MAW) 
sensing system for wearable elastography, addressing the limitations 
of existing technologies. This device leverages a mechano-acoustic 
sensing platform (49–52) optimized for intimate skin interfaces to 
deliver robust measurements in ambulatory settings. The device uses 
a pair of microelectromechanical systems (MEMS)-based IMUs to 
detect broadband (<800 Hz) elastic waves generated by a skin-
mounted vibration actuator, with an automated algorithm perform-
ing spectral analysis of surface waves to calculate depth-dependent 
stiffness from measured dispersion relations. A unique feature of this 
approach is the ability to measure spatially averaged tissue stiffness in 
ambulatory settings, where real-time feedback is prioritized over re-
solving localized tissue heterogeneities, significantly reducing data 
acquisition and computational demands. Key advancements include 
(i) a wireless, skin-interfaced MAW sensing system; (ii) a signal pro-
cessing algorithm for dispersion analysis of on-body surface waves; 
(iii) a mechanical model and a scaling law linking tissue stiffness to 
surface wave speeds in bilayer structures; and (iv) an automated 
pipeline for calculating bilayer stiffness, streamlining the operational 
process for ambulatory monitoring. The system has been demon-
strated to effectively track the local stiffness variation in synthetic 
tissue, monitor the softening of porcine tissues upon the injection of 
phosphate-buffered saline (PBS) solution, and detect the stiffening of 
human skeletal muscles during physical exercises. This transforma-
tive platform offers promising applications in medicine, rehabilita-
tion, and sports science, paving the way for longitudinal or continuous 
tissue monitoring in dynamic environments.

RESULTS
Device design and working principle
Figure  1A shows the overall MAW sensing setup consisting of a 
MAW sensor (weight, 4.9 g) and a disk-shaped speaker-type vibra-
tion actuator (ASX02604-R, PUI Audio; diameter, 26.5 mm; weight, 
10 g; see Materials and Methods). Figure 1B presents an exploded 
view illustration of the MAW sensor. The circuit uses a flexible print-
ed circuit board (fPCB; AP7164R, DuPont) composed of a middle 
polyimide layer (75 μm in thickness) sandwiched by patterned cop-
per traces (18 μm in thickness). The key electronic components of 
the sensor include (i) two digital IMUs (MPU9250, InvenSense) for 
sensing skin vibrations; (ii) a flash memory (W25Q128, Winbond) 
for on-board data storage; (iii) a radio frequency system on chip 
(nRF52832, Nordic Semiconductor) for data acquisition, control, 
and wireless communication through Bluetooth low-energy proto-
cols; and (iv) a rechargeable 60-mA·hour lithium-ion polymer bat-
tery for power supply. Two serpentine interconnects electrically join 
the two IMUs on separate fPCB islands with other components on 
the main board, while attenuating mechanical disturbances from the 
connection (fig. S1). A thin (0.5 mm) silicone elastomer shell (Silbi-
one RTV 4420, Elkem; part A and part B, mixed with 3% of Silc Pig 
white silicone dye) provides a soft and waterproof encapsulation for 
the electronics. The fabrication process follows the methods outlined 
in (36). Figure 1C shows that the device maintains its functionality 
under different modes of mechanical loading, including stretching 
(global strain, ε ≤ 10%), bending (radius of curvature, R ≥ 22 mm), 
and twisting (angle, θtwist ≤ 120°). Finite element analysis (FEA) con-
firms that the maximum principal strains in the copper layer remain 

within the yielding limit (0.3%) under all loading conditions (Fig. 1D 
and note S1). FEA also verifies that the interfacial stresses between 
the device and the skin under 10% stretching stay below human sen-
sation threshold (~20 kPa) (49) (fig. S2).

The MAW sensing combines the vibration actuator and the 
MAW sensor to induce and measure the propagation of MAWs at 
the surface of body. The two umbilical IMUs are positioned at a dis-
tance, D  =  20 mm, apart (center-to-center distance gauged by a 
ruler) to balance phase sensitivity and signal attenuation (fig. S3 and 
note S2). They record vibrations at a sampling frequency of 1600 Hz, 
with a dynamic range of ±8g (g = 9.8 m/s2) and a digital resolution 
of 14 bits. A calibration experiment measures and corrects a con-
stant time delay (~0.6 ms) between the data acquisition of the two 
IMUs to ensure synchronization of the clock (fig. S4 and note S3). 
The actuator, mounted in line with the IMUs for generating a broad-
band wave, is 25 mm away from the closest accelerometer (center-
to-center distance gauged by a ruler) to strike the balance between 
minimizing damping and reducing the near-field effects caused by 
the interference of pressure waves (53, 54) (fig. S5 and note S4). This 
placement ensures that the generated surface waves reach both 
IMUs as a coherent, unidirectional wavefront. A Bluetooth receiver 
(Soundsync A3352, Anker) transmits an audio signal to the actuator 
via an audio cable to generate vibrations (fig. S6). The signal consists 
of superposed sinusoidal waves with frequencies, f, ranging from 50 
to 800 Hz at intervals of 10 Hz, with amplitudes scaled by 1/f to 
produce a broadband wave using lower-energy excitation. The out-
put sound pressure level is 56 dB when measured at a distance of 10 
mm from the device.

Figure 1E is a block diagram outlining the operational flow of the 
system. A smartphone with a customized application connects to 
the MAW sensor and vibration actuator for wireless control and 
data transfer via Bluetooth. An automated algorithm on a server 
computes the frequency-dependent phase velocity of the broadband 
wave excited from the vibration actuator and then estimates the tis-
sue stiffness from the dispersion relation using a scaling law derived 
from FEA predictions. This integrated hardware and software en-
ables real-time, ambulatory monitoring of tissue stiffness for poten-
tial applications in early diagnosis, physiotherapy, rehabilitation, 
and wearable robotics, etc.

Spectral analysis of surface waves on bilayer 
phantom materials
Human tissues typically exhibit complex, layered structures, with 
varying thicknesses and diverse elastic properties (1).  Figure  2A 
provides an example cross-sectional illustration of a bilayer tissue 
model consisting of a top skin-fat layer (modulus range of 101 to 103 kPa) 
and a bottom muscle-organ layer (modulus range of 100 to 103 kPa) 
(1, 55). Figure 2B shows the MAW sensing setup on a bilayer phan-
tom material, designed to mimic a variation of skin-fat (layer 1) and 
muscle-organ (layer 2) tissue structures for testing. The study in-
cludes 19 phantom materials (M1 to M19) (note S5 and tables S1 
and S2). Each material consists of two stacked layers of silicone 
elastomers in a disk shape with the same diameter (d = 140 mm). 
These layers have a similar mass density, represented by the average 
nominal value ρ0 = 1.06 g/cm3, and a similar Poisson’s ratio (ν0 = 
0.5) but differ in Young’s modulus, Ei, and thickness, hi, where the 
subscript, i =  1 and 2, denotes layer i. M1 to M10 have different 
layer 1 (E1 = 88 to 1400 kPa, h1 = 9.0 to 11.8 mm) but the same 
layer 2 (E2 = 88 kPa, h2 = 80.0 mm). M11 to M19 have the same 
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layer 1 (E1 = 205 kPa, h1 = 9.8 mm) but different layer 2 (E2 = 88 to 
732 kPa, h2 = 9.8 to 10.5 mm). Figure 2C shows a sample 0.5-s z-
axis (vertical to the surface) acceleration data acquired from a rep-
resentative bilayer phantom material, M2 (E1 = 166 kPa, h1 = 9 mm; 
E2 = 88 kPa, h2 = 80 mm), with and without actuation. In Fig. 2D, 
power spectral analysis of the data in the frequency range of interest 
shows that the typical noise floor is ~2.5 ×  10−4  g/Hz1/2, and the 
average signal-to-noise ratio of the far-end IMU is 22 dB. A discrete 
cross-spectral analysis of the two IMUs’ measurements provides the 
frequency-dependent, unwrapped phase lag Δϕ(fn), with a coher-
ence threshold of 0.8 applied to filter out noisy components (Fig. 2E, 
figs. S7 to S9, and note S3). The signal segment length (∆T = 10 s) 
and the averaging Hanning window size (w = 2 s) used in the spec-
tral analysis determine the temporal and frequency resolution as 

∆T and 1/w (figs. S10 to S12). Figure 2F shows the dispersion rela-
tion of the measured surface wave, i.e., the frequency-dependent 
wave number

given known, unchanged D. The penetration depth of the surface 
wave, dp(fn), can be approximated as λ(fn)/3, where λ is the wave-
length (56). Given the excited frequency range (50 to 800 Hz) and 
the modulus range of the target materials (in kilopascals to mega-
pascals), the estimated measurement depth ranges from few milli-
meters to several centimeters (fig. S13). The frequency-dependent 
surface wave speed, CR(fn) = fn/k(fn), depends on the elastic proper-
ties of the dispersive media.

k
(

fn
)

=
Δϕ

(

fn
)

D
(1)

A B

C

D

E

Fig. 1. Wearable MAW sensing technology. (A) Optical images of the MAW sensor and actuator placed on the bicep of a healthy male. (B) Exploded schematic of the 
sensor components. (C) Optical images of the sensor under different mechanical loading conditions. (D) FEA simulations showing the maximum principal strain distribu-
tion in the Cu layer under each loading condition. (E) Functional block diagram of the wireless MAW sensing system, illustrating the device hardware, user interface, 
analysis flow, and application scenarios.
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A mechanical model relating MAW measurement to 
material stiffness
FEA provides a mechanical model to derive stiffness of a bilayer ma-
terial from the dispersion relation (note S1). Figure 3A presents the 
FEA-predicted snapshots of z-axis (perpendicular to the surface) 
displacement in a phantom material (M2) as a surface wave, in-
duced by sinusoidal point force at a frequency of 100 or 400 Hz, 
propagating along the x axis (parallel to the surface). Infinite bound-
aries eliminate reflections for simplicity (figs. S14 to S16 and note 
S6). A spatial Fourier analysis computes the wave number and, 
hence, the surface wave speed at different actuation frequencies 
(Fig. 3B and note S3). Figure 3C shows the experimentally measured 
dispersion curves from M1 to M10 in close agreement with the FEA 
predictions, with a root mean square error of 10% (fig. S17 and note 
S7). Assuming isotropic, homogeneous, and nonviscous character-
istics of each layer, the shear wave speed (SWS), ci, depends on the 
elastic properties of the material as (57)

Assuming the same mass density and Poisson’s ratio for each 
layer (ρi  =  ρ0, νi  =  ν0), dimensional analysis (58) using the FEA-
derived dispersion relation establishes a scaling law

which relates the nondimensional surface wave speed, CR/c1, to 
the nondimensional frequency, fh1/c1, and the ratio of SWS, c1/c2 
(fig. S18). Figure 3D shows the FEA-predicted relationship between 
CR/c1 and fh1/c1 with a range of c1/c2. At sufficiently high frequen-
cies, the surface waves have wavelengths significantly smaller than 

h1 and penetrate only the top layer, therefore exhibiting characteris-
tics resembling those in a homogenous material (58). As shown by 
FEA, when f ≥ fth, where fth is the threshold frequency dependent on 
the limit of nonleaky branch (fig. S19 and note S8), CR/c1 approach-
es an asymptote (57)

The asymptotic relationship allows for the estimation of c1 from 
averaging the experimentally measured surface wave velocities 
[C′R(fn); n = 1, 2, …, N] as

where fth = fN − 100 Hz serves as an empirical threshold for high-
frequency approximation (fig. S20 and note S8). Lower-frequency 
waves penetrate deeper below the bilayer interface, and the wave 
characteristics become nontrivial and more susceptible to boundary 
effects (note S6). Data points at frequencies where dp(fn) > dmax are 
excluded, where dmax represents the maximum depth of the soft ma-
terial. Then, minimizing the mean square difference between ex-
perimental measurement (C′R) and theoretical prediction (CR) at all 
frequencies yields an estimation of h1 and c2, as

FEA simulations reveal that the sensing sensitivity, estimated by 
the dependence of CR on c2​, decreases as h1 increases (fig. S21 and 
note S9). To account for experimental variability, Monte Carlo sim-
ulations quantify the uncertainties in c1, c2, and h1, yielding 95% 
confidence interval of 6, 17, and 16.5%, respectively (figs. S22 and 
S23 and note S7).
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Fig. 2. MAW sensing on bilayer materials. (A) Schematic illustration of subcutaneous tissue modeled as a bilayer structure (skin-fat and muscle-organ). (B) Schematic 
illustration of the MAW sensor and vibration actuator placed on a bilayer phantom. (C) Representative 0.5-s raw data (z-axis acceleration) with actuation on and off. 
(D) Power spectral density of 10-s raw data with actuation on and off. (E) Coherence (C12) of the signals from two IMUs, with a threshold of 0.8 applied to filter out uncor-
related noise. (F) Computed dispersion curve, showing wave number (k) versus frequency (fn), with the coherence threshold applied.
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After obtaining ci, one can estimate Ei as 2(1 + ν0)ρ0ci
2 from 

Eq. 2. Figure 3E and figs. S24 and S25 show that the MAW-measured 
E1, E2, and h1 for M1 to M19 are comparable to the ground-truth 
values obtained from tensile tests and caliper measurements (E1

*, 
E2

*, and h1
*; see Materials and Methods), with 90% of the relative 

difference within 18% (fig. S26). MAW sensing maintains accuracy 
under deformation and motion, exhibiting SWS deviations of <9% 
during bending (surface curvature radius, 50 to 100 mm) or uniaxial 
stretching (5 to 20% engineering strain along the parallel and per-
pendicular directions relative to the sensor orientation) and <5% 
under mechanical vibrations (frequencies, 3 to 7 Hz; all with ampli-
tude, ±0.25g x axis, ±0.15g y axis, and ±0.2g z axis) (figs. S27 and 
S28 and note S10).

Tests on synthetic and porcine tissues
Measurements on synthetic tissues, conducted in comparison with 
SWE (ACUSON Sequoia, 18 L6 transducer, Siemens; see Materials 
and Methods), demonstrate the utility of the sensing method in ana-
lyzing biomaterials with layered structures. A benchmark test shows 
that the MAW- and SWE-measured SWSs are within 10% difference 
(fig. S29 and note S11). An artificial tissue analog (Abdominal Tis-
sue Plate, SynDaver) featuring multilayer structures serves a skin-fat 
and muscle-organ tissue model. Figure 4 (A and B) shows the side 
view of the experimental setup, with the projected region of interest 
for ultrasound B-mode imaging and SWE analysis. The white 
dashed line at the depth of 3.7 mm visually guides the interface be-
tween the top skin-fat and underneath muscle layers. The average 

SWS obtained from SWE in the two layers are c1
* = 3.0 ± 0.5 m/s 

and c2
* = 3.6 ± 0.3 m/s, respectively. The MAW-measured SWS are 

c1 = 2.9 ± 0.2 m/s and c2 = 4.1 ± 0.7 m/s (Fig. 4D), with an esti-
mated thickness of the skin layer, h1 = 3.6 ± 0.6 mm. Carving out a 
small plate area (10 mm by 10 mm) in the cutis of tissue analog (1 mm 
in thickness) and filling it with phantom materials with different 
modulus (Enominal = 55 kPa to 1 GPa, cnominal = 4.2 to 527 m/s) serve 
as a simple model for skin lesions (Fig. 4C and fig. S30) (10, 59). 
MAW sensing distinguishes the embedment of materials with in-
creasing stiffness through dispersion analysis (Fig. 4D, figs. S30 
and S31, and note S12), by measuring slightly increasing c1, while c2 
remains relatively unchanged. Note that the derived c1 does not 
match the nominal values of the replaced material, likely due to the 
failure of the homogeneous layer model to describe the scenario 
with the presence of the discontinuous material interface.

Porcine tissue with weight-controlled injection of PBS provides 
an edema model. Figure 4E shows the measurement setup on a 530-g 
skinless pork tissue. The region below the sensor has a 4.1-mm-thick 
fat layer on top of a muscle layer. Following each incremental needle 
injection of 2-g PBS into the muscle layer, positioned 7 mm below 
the sensor, and after 30-s diffusion, MAW sensor and SWE acquire 
the SWS measurements in sequence. The zoom-in images show the 
boxed region of interest for ultrasound B-mode imaging and SWE 
analysis. Figure 4F shows the dispersion curves measured from the 
MAW sensor in one test. Upon a single-point needle injection of 0, 
2, 4, and 6 g of PBS, SWE shows that the SWS of the top fat layer c1

* 
(averaged over the depth range of 0 to 5 mm) stays relatively stable 

A

C D E

B

Fig. 3. A scaling model of the dispersion relation for stiffness estimation. (A) FEA-predicted snapshots of z-axis displacement in a bilayer material excited by a peri-
odic point force along the z axis at frequencies of 100 or 400 Hz. (B) Spatial Fourier transform of the FEA-predicted z-axis displacement over frequencies ranging from 100 
to 800 Hz (note S4). (C) MAW-measured and FEA-predicted dispersion curves for 10 different bilayer phantom materials with the same layer 2 but different layer 1 compo-
sitions (M1 to M10). (D) Scaling law derived from FEA results, relating the nondimensional surface wave speed (CR/c1) to the nondimensional frequency (fh1/c1), with the 
ratio of SWS (c1/c2) varying from 0.3 to 2.2. (E) Comparison of MAW-estimated Young’s modulus (E1, E2) of the bilayer phantoms with tensile test measurements (E1

*, E2
*). 

The error bars for E1 and E2 are uncertainties assessed from Monte Carlo simulation, and the error bars for E1
* and E2

* are ±1.96 × SD from five tensile tests (note S7).
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around a mean value of 6.32 m/s, while c2
* (averaged over the depth 

range of 5 to 10 mm) decreases from 7.0 ± 0.7 to 4.6 ± 0.9 m/s as the 
underneath muscle layer softens with increasing level of water con-
tent (Fig. 4G). The SWS measured from the MAW sensor (c1 and c2) 
agree with the SWE results within 15% difference. The estimated top 
layer thickness (h1) varies between 3.8 and 5.3 mm, marking the 
depth of the greatest bilayer stiffness contrast.

Ambulatory monitoring of tissue stiffness on human body
Assessing stiffness of skeletal muscles under varying loads in 11 
healthy participants (7 males and 4 females, aged 24 to 47) provides 
a demonstration of the ambulatory monitoring capability of the 
MAW sensor. Figure 5 shows results from one representative par-
ticipant (male, aged 28). The test starts with the participant seated 
quietly on a chair, wearing a MAW sensor and an actuator on the 

right bicep along the muscle fibers and positioning the right arm 
with its elbow resting on the table at a fixed angle of 60° (Fig. 5A and 
see Materials and Methods). The participant then holds flat objects 
of varying weights (0 to 4533 g) to modulate the muscle load-
ing. Figure 5B shows the dispersion curves measured with 16 differ-
ent weights from a single test on the right arm. Figure S31 includes 
the complete set of measurements.  Figure  5C shows the average 
SWS (ci,left/right) from five tests conducted on the left and the right 
biceps over 2 days, with 10-hour intervals between each test. Here, 
c1 and c2 reflect the stiffness of the superficial skin-fat layer and 
deeper muscle tissue, respectively. As the weight increases, c2,right 
and c2,left exhibit an increasing trend from 2.2 and 2.6 (0 g) to 8.2 and 
6.5 m/s (4533 g), indicating a stiffening of the muscle layer. Mean-
while, c1,right and c1,left show no clear correlation with the load at 
light weights (<1 kg) but exhibit a similar increasing trend at 

A C D

B

F G

E

Fig. 4. MAW sensing on synthetic and porcine tissues. (A) Cross-sectional view of the experimental setup for MAW sensing on a multilayer synthetic tissue. (B) Ultra-
sound B-mode image overlaid with SWE analysis of the original tissue underneath the sensor. (C) Top view of the setup, with the top layer replaced by a slab material to 
simulate skin lesions. (D) MAW-estimated SWSs (c1, c2) of the original synthetic tissue, compared with the SWE measurement (c1

*, c2
*) and after replacement of materials 

with different stiffness. The error bars for c1 and c2 are uncertainties assessed from Monte Carlo simulation (note S7), and the error bars for c1
* and c2

* are ±SD of the SWS 
within the region of interest of SWE. (E) Optical images of the experimental setup and corresponding ultrasound B-mode images overlaid with SWE analysis of a 530.2-g 
porcine tissue after incremental injections of PBS. (F) Dispersion curves obtained from MAW sensing after incremental injections of PBS. (G) Estimated SWSs from MAW 
sensing (c1, c2) and SWE measurements (c1

*, c2
*). The error bars for c1 and c2 are uncertainties assessed from Monte Carlo simulation (note S7), and the error bars for c1

* 
and c2

* are ±SD of the SWS within the region of interest of SWE.
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heavier weights (>1 kg). The sensor, with its potential to scale up to 
an IMU array, also demonstrates promise in measuring directional 
anisotropy in stiffness. In the same test, adding a sensor oriented 
approximately orthogonal to the original one reveals that the SWS 
increases rapidly in the direction along the muscle fibers while re-
maining relatively constant in the orthogonal direction. The obser-
vation is consistent with the expected anisotropic stiffening of 
muscle during isometric contraction (60, 61) (fig. S32 and note S12).

Tests during physical exercises, involving substantial body move-
ments and skin deformation, demonstrate the real-time monitoring 
capability of the MAW sensor. The bicep-curl exercise offers a con-
trolled, physiologically defined model with localized and reversible 
modulation of deep tissue stiffness, enabling direct assessment of 
dynamic sensing performance. Figure 5D shows the same partici-
pant wearing a device on the right bicep while performing a 
bicep-curl exercise (see Materials and Methods). The participant 

lifted a 10-lb (4533 g) dumbbell in the right hand with the palm fac-
ing forward and the elbow angle cycling through three reference 
positions: straight (180°), half-curled (90°), and fully curled (60°). 
At all positions, the maximum change in D is 3.5%, which can con-
tribute to a maximum error of 3.5% in the estimation of SWS 
(fig. S33 and note S13). Figure 5E shows the representative disper-
sion curves acquired from the three positions. For continuous mon-
itoring, the spectral analysis uses a shortened time window 
(∆T = 0.5 s) to boost temporal resolution, albeit at the cost of re-
duced spectral resolution (fig. S12). The experiment starts with the 
participant holding each posture for 10 s (cycle 1), followed by 6 
cycles of bicep curls (movie S1). Each cycle progresses through the 
positions: 60°, 90°, 180°, 90°, and back to 60°. Figure 5F presents the 
raw z-axis acceleration data with the corresponding positions indi-
cated. The automated algorithm, running on an external computer 
(Intel Core i7-12700KF CPU@3.61 GHz), outputs c1 and c2 in real 

A

D E

B C

F

G

Fig. 5. MAW sensing on the human body. (A) Optical image of the experimental setup on a healthy male participant wearing a MAW device and a vibration actuator on the 
bicep while holding a flat object (240 g). (B) Dispersion curves obtained from a single MAW measurement as the participant holds different weights (0 to 4533 g). (C) Esti-
mated SWSs from the left bicep (c1,left, c2,left) and the right bicep (c1,right, c2,right). Error bars are 1.96 × SD from five measurements taken at different times over 2 days. (D) Opti-
cal images of the same participant lifting a 10-lb (4533 g) dumbbell at three benchmark positions (180°, 90°, and 60°). (E) Superimposed dispersion curves measured from 
MAW sensing at each benchmark position. (F) Raw acceleration data recorded during a bicep-curl exercise. (G) Calculated SWSs synchronized with the raw acceleration data.
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time at a rate of 160 Hz (Fig. 5G). The sensor captures the continu-
ous change in SWS. During the holding postures, the SWS transi-
tion from the initial relaxed state at 180° (c1  =  6.5  ±  0.6  m/s, 
c2 = 5.0 ± 0.4 m/s) to the loaded state at 90° (c1 = 9.7 ± 0.8 m/s, 
c2  =  9.5  ±  0.8  m/s) and to the intermediate relaxed state at 60° 
(c1 = 6.5 ± 0.2 m/s, c2 = 3.2 ± 0.2 m/s). For all cycles, the measured 
SWS peaks at the position ~135° during the transition from 180° to 
90°. The estimated h1 shows high correlation with c1 and varies be-
tween 5 and 20 mm (fig. S31).

Testing across all 11 healthy participants demonstrates a similar 
trend in c1 and c2 during both weight-holding test and bicep-curl 
exercises (figs. S31 and S34 to S44 and note S14). These results vali-
date the sensor’s ability to reliably detect changes in muscle stiffness 
in real time and under ambulatory conditions across individuals.

DISCUSSION
This paper introduces MAW sensing, a wearable elastography tech-
nology designed for wireless, untethered measurement of subcuta-
neous tissue stiffness changes. The system’s comprehensive hardware 
design, including soft sensor mechanics, ensures a robust skin-
device interface that enables continuous, high-fidelity surface wave 
measurement, even in the presence of body deformation or motion 
artifacts. An automated algorithm using cross-power spectral analy-
sis computes the dispersion relations of surface waves, which en-
code the mechanical properties of tissues at varying depths. FEA 
validated the experimentally measured dispersion relationships, 
while a nondimensional analysis based on FEA provides a mechani-
cal model that correlates bilayer material stiffness, represented by 
SWS, with the detected surface wave speeds.

The resulting MAW sensing platform enables continuous, non-
invasive monitoring of stiffness changes in soft materials and tis-
sues. Tests on diverse phantoms demonstrate a bilayer stiffness 
measurement with estimation errors largely within 18%, covering a 
broad modulus range (in kilopascals to megapascals) with signifi-
cant penetration depths of up to a few centimeters. Validation tests 
conducted on synthetic and porcine tissues show strong agreement 
between MAW and SWE measurements. The system effectively 
monitors the softening of porcine tissues following the PBS injec-
tion and the stiffening of human skeletal muscles under increasing 
load. Real-time assessments of bilayer stiffness in biceps during 
physical activities demonstrate the system’s capability to continu-
ously monitor relative stiffness changes in an ambulatory setting.

Compared to existing solutions (e.g., strain sensors, myotonom-
etry, and ultrasound elastography), MAW offers distinct advantages 
including (i) wireless, low-power, and low-cost operation with no 
need for manual calibration; (ii) motion robustness via coherence 
filtering; and (iii) centimeter-scale depth resolution. These features 
make it uniquely suited for continuous or longitudinal monitoring 
of deep tissue stiffness in ambulatory settings (table S3), highlight-
ing its potential for any applications that demand this capability.

The MAW sensor operates at a power consumption of 343 mW, 
comprising 33 mW from the sensor unit and 310 mW from the vi-
bration actuator. This configuration supports up to 3 hours of con-
tinuous actuation and sensing. Building on engineering principles 
previously validated for long-term stability and biocompatibility 
(50–52), the sensor is expected to support extended-duration 
(>48 hours), stable, and safe wearable use. These results highlight 
the balance between accuracy, simplicity, and cost, showcasing its 

potential for tissue stiffness assessment in ambulatory environments 
without the need for expensive equipment or specialized personnel. 
Future enhancements include integrating a custom-designed, min-
iaturized actuator (62), optimized for actuation force and energy ef-
ficiency, and directly powered and controlled by the sensor’s 
onboard battery and microcontroller. This will reduce overall power 
consumption and enhance the system’s integrity and usability, espe-
cially in anatomically constrained areas. Expanding the system to 
incorporate a two-dimensional (2D) array of IMUs and exploring a 
multilayer mechanical model will enable 3D elastography with en-
hanced spatial resolution. Moreover, the MAW sensing platform has 
the potential to measure viscoelastic properties by analyzing both 
the phase velocity and wave attenuation across different frequencies, 
encompassing both storage and loss modulus. These capabilities 
could offer insights into conditions where tissue viscosity plays a 
crucial role, such as edema, tumor progression, muscle injuries, etc.

MATERIALS AND METHODS
Vibration actuator setup
A miniature speaker-type actuator (ASX02604-R, PUI Audio) was 
used to generate mechanical vibrations via a vertically oscillating 
diaphragm driven by a voice coil–magnet assembly. Power and con-
trol signals were supplied through a Bluetooth receiver (A3352, 
Anker), connected to the actuator via a 3.5-mm audio cable. The 
actuator and cable were enclosed in a custom-designed protective 
housing fabricated from 3D-printed acrylic, and the entire assembly 
was affixed to the skin using medical-grade double-sided silicone/
acrylate adhesive (2477P, 3M). To minimize mechanical interfer-
ence, both the receiver and cable were secured using soft silicone 
tape (V5000150, Medvance) at a flat anatomical site proximal to the 
actuator but spatially separated from the sensing region.

Ground-truth measurement of phantom materials
The Young’s modulus was characterized by tensile tests (RSA G2, TA 
Instrument) under prescribed strains (<3%) at room temperature. 
The samples were cut into sizes of 20 mm by 5 mm by 1 mm (length 
by width by thickness) and fixed by a film tension clamp. Both load-
ing and unloading strain rates are 5 × 10−4 s−1. The error bars are SD 
from five tensile tests. The thickness of the phantom layers was mea-
sured using a caliper. The error bars are SD from 10 measurements.

Ultrasound B-mode imaging and SWE measurement
An operational frequency of 5.3 MHz was used for the SWE push 
excitation, and a track transmit frequency of 6.7 MHz was used for 
the measurements of SWS. The probe was fixed on a three-axis lin-
ear stage and positioned with the axial axis normal to the tissue sur-
face, with ample ultrasound gel coupling, and maintained contact 
with minimal compression. SWS maps were placed and superim-
posed into ultrasound B-mode images for parallel comparison. One 
scan was taken for each SWE measurement. SD of the SWS acquired 
in the scanning region was used as the error bar to represent mea-
surement uncertainty.

Human test protocols and specifications
Weight-holding and bicep-curl tests were conducted on 11 healthy 
participants (7 male and 4 female, aged 24 to 47). The weight-holding 
test was performed by a male participant seated in a chair, with the 
MAW sensor placed on the right bicep, holding 16 different weights 
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(0 to 4533 g) at a fixed elbow angle of 60°. For the cyclic lifting test, 
each participant lifted a 10-lb (4533 g; male) or 6-lb (2722 g; female) 
dumbbell while periodically changing the elbow angle (60°, 90°, and 
180°). All human tests were approved by the Duke University Health 
System Institutional Review Board (protocol ID Pro00114164).

Supplementary Materials
The PDF file includes:
Note S1 to S14
Figs. S1 to S44
Tables S1 to S3
Appendix SI
Legend for movie S1

Other Supplementary Material for this manuscript includes the following:
Movie S1
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