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Abstract
Implantable sensors can provide access to accurate, continuous, and minimally invasive monitoring of physiological sig-
nals from internal organs and tissues, thereby facilitating timely diagnosis, closed-loop intervention, and advanced health 
management. Among the various types of implantable sensors, those capable of measuring physical parameters–such as 
temperature, force, and flow–are particularly important due to their ability to monitor physical conditions critical to nearly 
all organs and to provide insights into a wide range of health conditions. This review presents recent progress in four key 
types of implantable physical sensors: strain sensors, pressure sensors, temperature sensors, and flow sensors. It covers their 
engineering principles, design considerations, in vivo performances, and clinical relevance. The review also addresses critical 
challenges and future opportunities in the development of implantable physical sensors, such as flexibility and stretchability, 
biocompatibility, long-term stability, and the translation of these sensing technologies from bench to clinic.
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Highlights
• Recent advances in implantable physical sensors are comprehensively reviewed.
• The engineering principles, design considerations, in vivo performance, and clinical applications of implantable physical 
sensors are discussed.
• Implantable physical sensors offer compelling opportunities for real-time, minimally invasive organ monitoring.
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Introduction

Biosensors have become integral to modern medical technol-
ogies, revolutionizing how we monitor and manage human 
health [1–3]. The skin, the largest organ of the body, serves 
as a rich source of physiological signals, leading to the 
development and widespread use of on-body sensor technol-
ogies—such as electronic skin, wearable devices, electronic 
gloves, and smart clothing [4–6]. While skin-interfaced sen-
sors provide valuable health insights [7–10], the most criti-
cal and direct information often resides within the body’s 
internal organs and tissues, where physiological data can be 
more closely correlated with specific health conditions and 
diseases. For instance, abnormal changes in local blood flow 
velocity may serve as early indicators of thrombosis, while 
unusual temperature fluctuations in organs can signal the 
onset of inflammatory diseases or organ transplant rejection 
[11–13]. The timely and accurate acquisition of such internal 
data is crucial for enhancing disease prevention, diagnosis, 
and treatment.

However, the skin naturally acts as a barrier, making it 
challenging to directly access physiological signals from 
internal organs and systems. To overcome this barrier, 
implantable sensors–including physical, chemical, and elec-
trophysiological sensors–have emerged as a promising solu-
tion for monitoring internal physiological signals with high 
precision. While the field of implantable sensors is advancing 
rapidly, these devices face a set of complex challenges. They 
must account for factors such as biocompatibility, flexibility 
and stretchability, implantation procedures, long-term stabil-
ity, and power and data transmission. Unlike skin-interfaced 
sensors, implantable devices must perform effectively within 
the body's intricate and diverse biological environments. For 
instance, the mechanical properties and surface structures of 
different organs vary significantly, necessitating customized 
sensor designs (Fig. 1a). The brain, with its elastic modu-
lus of only a few kPa, requires devices with an exceptional 
level of softness and flexibility, in contrast with the kidney's 
surface, which has a modulus of hundreds of kPa [14–16]. 
The bladder's capacity to undergo deformation by up to 75% 
highlights the need for highly stretchable sensors [17, 18]. In 
addition, the delicate structures of nerves and blood vessels 
require sensors with specialized designs and implantation 
procedures [19, 20]. Furthermore, the long-term stability and 

reliability of implantable sensors become even more critical 
when monitoring chronic and lifelong conditions, such as 
Crohn’s disease [21, 22].

Given the diversity and complexity of the internal body 
environment, there remains a lack of comprehensive guide-
lines for designing implantable sensors tailored to specific 
organs and addressing the unique challenges posed by differ-
ent implantation sites. In this review, we focus on implant-
able physical sensors, particularly strain sensors, pressure 
sensors, flow rate sensors, and temperature sensors. We 
provide an in-depth analysis of the demands for these sen-
sors across different organs and specific diseases, reviewing 
the current state of these technologies and highlighting key 
design considerations, challenges, and future directions in 
this rapidly evolving field. A central focus of this review 
is the in vivo applications of these sensors, emphasizing 
how they perform within the dynamic environment of liv-
ing organisms. By exploring their in vivo performances, we 
aim to shed light on the critical factors that influence sensor 
integration, functionality, and longevity in real-world clini-
cal settings, thereby guiding future research and develop-
ment efforts toward more effective and reliable solutions for 
organ monitoring.

Strain sensors

Strain sensors transduce deformations to electrical signals. 
Integrating strain sensors onto the surfaces of organs, arter-
ies, muscles, or skeletons enables the monitoring of valuable 
biomechanical information to help evaluate post-surgery 
recovery, mitigate risks of sudden dysfunction, and assist 
in closed-loop control for neural modulation systems. To 
design implantable strain sensors for specific applications, 
the stiffness and strain range of the targeted organs and tis-
sues need to be considered, as these factors are critical in 
determining the appropriate sensing mechanism, design, and 
materials [44]. Stiffness depends on both the geometry and 
the mechanical properties of the constituent materials. Fig-
ure 1b shows the elastic moduli and strain ranges of various 
organs and tissues in the human body. The elastic modulus of 
human tissues ranges from a few kPa in brain tissues to GPa 
in bones [45]. To effectively track tissue deformations with 
minimal constraints, implantable strain sensors should be 
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thin, narrow, and made from materials with an elastic modu-
lus similar to the target tissue. Figure 1c shows the elastic 
moduli and strain ranges of various representative substrate 
materials used in strain sensors. For example, strain sensors 
made of soft hydrogels can be injected into brain tissues [46] 
or attached to the bladder [47], both of which are among the 
softest and most stretchable tissues in the human body. In 
contrast, high-modulus materials, such as polyimide (PI), 
are suitable for measuring micro-level strain on bones [48].

Another important factor in designing implantable strain 
sensors is the selection of the sensing mechanism. Com-
monly used strain sensing mechanisms include resistive, 
capacitive, electromagnetic, optical, triboelectric, and piezo-
electric strain sensing [49]. Representative mechanisms are 

illustrated in Fig. 2a. Electromagnetic strain sensors, such as 
Hall Effect Strain Transducers (HEST) or Differential Vari-
able Reluctance Transducers (DVRT), along with traditional 
metal strain gauges, have been used in in vivo studies since 
the late 1990s to measure strain and force on tendons and 
ligaments [50]. Despite their micrometer-level resolution, 
these sensors are made of rigid materials that are challeng-
ing to conform to soft tissues. Optical strain sensors uti-
lize Bragg grating [51] or light absorption [52], which rely 
on deformation of stretchable waveguides. These sensors 
provide stable strain measurements and are less sensitive to 
environmental factors, but they typically require expensive 
laser sources and measurement devices. Self-powered strain 
sensors based on triboelectric (TENGs) and piezoelectric 

Fig. 1  Overview of implant-
able physical sensors used for 
health monitoring in various 
organs. a Representative exam-
ples of implantable physical 
sensors and their applica-
tions for organ monitoring in 
different systems in the body. 
Adapted and modified from 
[12, 23–28]. b Strain ranges 
and elastic moduli of different 
organs and tissues [14, 15, 17, 
18, 28–38]. c Strain ranges and 
elastic moduli of representa-
tive substrate materials used in 
implantable sensors [39–43]
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Fig. 2  Implantable strain sensors and their applications in measuring organ and tissue deformations. a Commonly used sensing mechanisms for 
implantable strain sensors. Adapted and modified from [68]. b A wireless strain sensing system for monitoring urinary bladder function follow-
ing surgical recovery. Adapted and modified from [69]. c A hydrogel-based strain sensor with tissue-adhesives for monitoring overactive bladder 
in a pig model. Adapted and modified from [47]. d Fully implantable strain sensors made of Au-TiO2 nanowires for continuous heart volume 
monitoring. Adapted and modified from [70]. e A self-adaptive cardiac optogenetics device that integrates an array of negative stretching-resis-
tive sensors. Adapted and modified from [71]. f An organogel/silicone sensor for implantable ligament strain monitoring. Adapted and modified 
from [25]. g Stretchable fiber sensors for strain sensing in the Achilles tendon. Adapted and modified from [72]. h Schematic illustration of a 
strain sensor on the sheep tendon. Adapted and modified from [73]. i Photograph of a multimodal sensor attached to the surface of a sheep’s 
humerus. Adapted and modified from [27]. j Schematic illustration of a multiplexed strain sensing array for subcutaneous implantation in a 
mouse. Adapted and modified from [74]. k Schematic illustration of implantable strain sensors for monitoring bone defects. Adapted and modi-
fied from [75]
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nanogenerators (PENGs) can harness mechanical motions 
to generate voltage via triboelectrification and piezoelectric 
effect [53]. They are effective for detecting high-frequency 
motions, such as finger tapping [54], heartbeats [55], or liga-
ment stretching [25]. However, fast charge transfer within the 
triboelectric and piezoelectric materials makes them unsuit-
able for low-frequency strain sensing [56]. In contrast, resis-
tive and capacitive strain sensors have been widely adopted 
in implantable devices due to their relatively high sensitiv-
ity and accuracy, ease of fabrication, and convenient signal 
readout. Resistive strain sensors typically utilize stretchable 
and fast-response sensing materials such as doped silicon 
[57], carbon nanotubes (CNTs) [58], MXene [59], graphene 
[60], liquid metals [61], and silver nanowires [62]. These 
sensing materials can convert deformations to large resist-
ance changes, making them well suited for body parts that 
undergo small and rapid deformations. The sensor geometry 
and material resistivity can affect the overall sensor resist-
ance, as described by the equation R = �

L

A
 , where L , A 𝐴,

and � are the length, cross-sectional area, and resistivity of 
the conductor, respectively. When subjected to strain� =

ΔL

L
 , 

both the sensor geometry and resistivity can change, altering 
the resistance. The gauge factor (GF) can be expressed in the 
following way [63]:

where � is the Poisson’s ratio of the sensing material. The 
combined geometrical effect and piezoresistive effect can 
lead to high sensitivity (GF > ~ 10–100) and signal-to-noise 
ratio when the strain is small, but they may experience high 
hysteresis and signal drift due to irreversible changes in 
the morphology of the conductive sensing materials dur-
ing deformation [64]. In contrast, most capacitive strain 
sensors rely on the strain-induced geometric changes on 
their electrodes and dielectric layers to detect deformations. 
SPoisson’s ratio of the sensing material. The combined geo-
metricaltretchable conductors such as liquid metals [65], 
CNTs [66], and ionic liquids [67] can maintain high con-
ductivity for stable capacitance measurement at large strain. 
The capacitance of a typical parallel-plate capacitive strain 
sensor with length l , width w , and dielectric thickness d can 
be calculated using the equation C =

�
0
�r lw

d
 , where �

0
 and �r 

are the permittivity of free space and the dielectric constant, 
respectively. Capacitance under an applied strain � can be 
expressed by the following equation (assuming the dielectric 
material and electrodes have the same Poisson’s ratio � for 
simplicity):

(1)GF =
ΔR∕R

�
= 1 + 2� +

Δ�∕�

�
,

(2)C =
�
0
�r(1 + �)l0(1 − ��)w0

(1 − ��)d0
= (1 + �)C0

The resulting capacitance change is proportional to the 
strain, leading to a GF of 1. Other capacitive sensing struc-
tures such as interdigitated electrodes [65] or folded origami 
electrodes [76] can also be used to construct capacitive strain 
sensors. Capacitive strain sensors are generally less sensitive 
(i.e., smaller GF) than resistive strain sensors and more sus-
ceptible to electromagnetic interference or parasitic charges, 
but they can provide more stable strain measurement with 
lower hysteresis [49].

The following sections explore the designs and applica-
tions of implantable strain sensors for specific human tis-
sues and organs, including the heart, bladder, blood vessels, 
muscles, and skeleton. We also cover material selections, 
implantation methods, and biocompatible encapsulation 
techniques for these strain sensors. Table 1 summarizes rep-
resentation implantable strain sensors discussed here.

Bladder

The bladder is one of the most deformable organs in the 
human body. Changes in the bladder volume and pressure are 
closely related to its functional states. Abnormal changes in 
these parameters can occur due to urinary impairments, such 
as overactive bladder (OAB) and underactive bladder (UAB), 
loss of bladder sensation, or partial removal of the bladder 
or sphincter following surgeries [82]. Conventional bladder 
monitoring relies on imaging methods such as ultrasound, 
near-infrared spectroscopy, or magnetic resonance imaging 
(MRI) [82], which only provide temporary monitoring func-
tions and require bulky, specialized equipment. Attaching 
implantable strain sensors on the bladder can allow continu-
ous monitoring of surface strain that correlates to bladder 
volume changes. With 300% ~ 500% volume changes in the 
bladder [82], strain on the bladder detrusor muscle can range 
from 20 to 100% [18], which requires strain sensors to be 
highly stretchable and durable. To address this challenge, 
Kim et al. have developed an implantable wireless sensing 
system to monitor bladder recovery after cystectomy surger-
ies (Fig. 2b) [69]. The system includes a strain sensor made 
of carbon black and silicone elastomer that can be stretched 
up to 300%. As the bladder expands, the sensor experiences 
an increase in resistance that correlates to surface strain and 
bladder capacity. By suturing the sensor on the bladder of 
a baboon, the system can successfully monitor the bladder 
recovery status after partial cystectomy for 8 weeks with low 
inflammatory responses. However, suturing strain sensors 
onto thin bladder walls (~ 3.4 mm thick for human [83]) can 
potentially damage the detrusor muscles, and open surgery 
may result in large incisions, increasing the risk of infection. 
To improve the surgical procedures and address the sensor-
tissue interfacing issues, Oh et al. have developed a type 
of ultra-soft, hydrogel-based resistive strain sensor that can 
be bonded to the bladder surface (Fig. 2c) [47]. The sensor 
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consists of eutectic gallium-indium liquid metal printed on 
polyacrylamide hydrogel. By applying an anti-swelling coat-
ing, the sensor immersed in phosphate-buffered saline (PBS) 
after 30 days can have less than 20% weight change and 
minimal resistance changes. The surface functional groups 
of the hydrogel (E ~ 1 kPa) can strongly adhere to the blad-
der surface, and the sensor’s modulus is only 1 kPa, much 
softer than the human bladder (~ 250 kPa [17]). The sen-
sor is initially validated in a rat study to detect the bladder 
status during an induced OAB dysfunction. In a pig study, 
minimally invasive surgery enables the miniaturized sensor 

(10 mm × 15 mm) to pass through a narrow laparoscopic 
tube and be directly attached to the bladder surface. The 
sensor then detects induced voiding and filling without con-
straining the bladder’s deformation.

One important function of implantable strain sensors on 
the bladder is their integration with active neuromodula-
tion to form a closed-loop system that controls the bladder 
contraction and improves urination efficiency. In this sys-
tem, strain sensors usually provide feedback signals to deci-
sion algorithms, which classify bladder status and initiate 
electrical stimulations. In a representative study, Yan et al. 

Table 1  Summary of key parameters of representative implantable strain sensors

Implanted location Mechanism Main materials Sensing performance Ref

Bladder Resistive Carbon black, Ecoflex Gauge factor: 1 ~ 5
Elastic modulus: 75 kPa
Strain range: 300%
Long-term stability: 8 weeks

[69]

Bladder Resistive Eutectic gallium-indium liquid metal, polyacrylamide 
hydrogel

Gauge factor: 1.1
Elastic modulus: ~ 1 kPa
Strain range: 200%
Long-term stability: 30 days

[47]

Bladder Resistive Silicon nanomembrane, polyimide, Ecoflex Gauge factor: 3.3
Strain range: 60%
Elastic modulus: NA
Long-term stability: > 2 weeks

[77]

Bladder Capacitive Gold, PET, and acrylic elastomer Gauge factor: −0.55 ~ −3.1
Strain range: 120%

[78]

Bladder Capacitive Carbon nanotubes, Ecoflex Gauge factor: 1 ~ 2.13
Strain range: 100%
Elastic modulus: NA
Stability: > 1 month

[79]

Heart Resistive Au-TiO2 nanowires, PDMS Gauge factor: 5 ~ 6
Strain range: 15%
Elastic modulus: ~ 650 kPa
Long-term stability: > 7 days

[70]

Heart Resistive Reduced graphene oxide, PDMS Gauge factor: 876.7
Strain range: 30%
Elastic modulus: 1–3 MPa
Long-term stability: > 7 days

[80]

Heart Resistive Graphene, PDMS Gauge factor: > 5000
Strain range: 35%
Long-term stability: 10,000 stretching cycles

[81]

Heart Capacitive AgNPs, polyimide, PDMS, poly(styrene–isoprene-
styrene) (SIS)

Gauge factor: 12 (within 5% strain)
Strain range: 16%
Response time: < 200 ms (estimated)
Long-term stability: 50 days (estimated)

[24]

Ligament Triboelectric Organogel, silicon fibers, Ecoflex Strain range: 600%
Long-term stability: 6 months

[25]

Tendon Capacitive AgNPs, elastomeric polyurethane fibers, PDMS, Ecoflex Strain range: > 50%
Gauge factor: 12 (at 15–27.5% strain)
Long-term stability: > 40 days

[72]

Tendon Capacitive Au-TiO2 nanowires, PDMS Gauge factor: 0.38
Strain range: 25%
Resolution: 0.1% strain, ≈ 9 μm
Stability: functional after 100,000 cycles of 

5–20% strain and 7 days in PBS

[73]



Med-X             (2025) 3:1  Page 7 of 32     1 

have developed a stretchable sensing and stimulation device 
using a CNT-based resistive strain sensor integrated into a 
stimulation electrode array [79]. Placing the device directly 
on the surface of a feline bladder and applying stimulations 
can simultaneously induce bladder contraction and monitor 
surface strain, creating a platform for potential close-loop 
control. Similarly, Mickle et al. have developed a closed-
loop, optogenetic neuromodulation system that integrates a 
resistive strain sensor made of carbon black [84]. The resist-
ance change is processed by an algorithm to identify abnor-
mal bladder behaviors, which then activates light stimulation 
to trigger bladder contractions. In a more recent study, Lee 
et al. have developed an implantable system that consists 
of an electronic web for stimulation, an electronic thread 
for strain and electromyogram sensing, and a wirelessly 
powered radio frequency (RF) transmitter [77]. The system 
uses silicon nanomembrane as the strain-sensing element 
with an Ecoflex-based web structure capable of stretching 
up to 60% strain. To achieve closed-loop control of urina-
tion in a rat model, the system monitors strain gauge values 
in a detrusor underactivity model, and a decision algorithm 
automates electrical stimulation to induce bladder contrac-
tions. Similar closed-loop systems can also utilize capacitive 
strain sensors. For example, Hassani et al. have developed a 
platform that utilizes an interdigitated capacitive strain sen-
sor and a shape memory alloy-based actuator [78]. In a rat 
study, the sensor converts bladder filling status into capaci-
tance changes, which are used to control the actuator for 
voiding. Overall, the automated systems described in these 
studies provide real-time monitoring functions and deliver 
precise neuromodulation treatment for bladder dysfunction, 
presenting a promising method for maintaining normal blad-
der functions in patients.

Cardiovascular system

Cardiovascular diseases remain the leading cause of death 
globally. Heart muscle diseases, including myocardial 
ischemia or infarction, can lead to abnormal heart rhythms 
(arrhythmia) or stroke [85]. A key factor in assessing heart 
function is the myocardial strain, which refers to the contrac-
tile deformation at the longitudinal (systolic strain), circum-
ferential, and radial directions of the ventricular chamber 
during each cardiac cycle, typically ranging from −17% to 
−23% [30]. A decrease in myocardial strain or strain rates 
can indicate a thickened or stiffened ventricular wall, which 
is closely related to hypertrophic cardiomyopathy or aor-
tic stenosis [86]. While commonly used imaging methods, 
such as cardiac MRI or echocardiography, can provide 2D 
structural images of the heart, they are limited by the spatial 
resolution, frame rates, and angle dependency, and require 
routine patient assessment [30]. Strain sensors implanted on 
the heart surface offer direct and continuous measurement 

of biomechanical signals such as myocardial strain, cardiac 
cycles, or hemodynamics. Although the strain range on the 
heart surface is moderate (within 20%), the ventricular vol-
ume and pressure change during one cardiac cycle only last 
for 0.4 to 0.7 s [87], which requires strain sensors to have 
high sensitivity and fast response. As a result, resistive strain 
sensors with high GF are typically used to monitor the heart. 
Recently, Dual et al. have developed a fully biocompatible 
strain sensor using Au-TiO2 nanowires encapsulated by poly-
dimethylsiloxane (PDMS) to measure heart volume changes 
(Fig. 2d) [70]. This type of resistive strain sensor has a gauge 
factor of 5 to 6 and a linear resistance change from 6 to 
15% strain. The sensor maintains stable performance after 
immersion in 37 °C sterile Ringer solution for 7 days and 
over thousands of stretching cycles. In a pig study, the sen-
sor is sutured to the epicardial wall of the pig heart and 
continuously monitors the volume of the left ventricle. The 
results indicate that the accuracy of the strain-based volume 
measurement is higher than the standard ultrasound echo-
cardiography. Compared to metal nanowires, carbon nano-
materials offer even higher sensitivity to strain since tun-
neling is a dominant factor in their resistance change during 
stretching [88]. Lee et al. have developed a type of resistive 
strain sensor based on reduced graphene oxide and micro 
cracked PDMS [80]. The resulting strain sensor features 
high sensitivity with a maximum GF of 876.7 over a range 
of 0% to 30% strain. To validate the functionality in vivo, 
the sensor is attached to the ventricle of a rat heart using 
a medical bioglue. By measuring changes in output resist-
ance, the sensor can monitor normal and abnormal cardiac 
behaviors, including arrhythmia and cardiac arrest induced 
pharmacologically.

Strain sensors can also be integrated with other electrical 
components to achieve more complex therapy. For example, 
cardiac optogenetics is an emerging field that involves using 
light to control and study cardiac activities. Heart proteins 
are genetically modified to allow the use of light to control 
and stimulate different heart rhythms [89]. Hong et al. have 
developed a self-adaptive cardiac optogenetics device that 
incorporates an array of negative stretching-resistive sen-
sors for closed-loop heart rate monitoring and light intensity 
control (Fig. 2e) [71]. The strain sensors are composed of 
CNTs and natural latex, which can have sharply decreas-
ing resistance (75.3% reduction) at large stretching (86.6% 
strain). Such a negative stretching-resistive strain effect can 
not only be used to measure heart strain but also control 
the light intensity through strain-induced current change. 
By arranging the strain sensors and LEDs in a PI-based 
stretchable structure, the device is wrapped around a virus-
infected beagle heart to control the heart rate by applying 
optical stimuli, demonstrating its effectiveness and efficiency 
in treating ventricular tachycardia. In addition, strain sen-
sors combined with wireless circuits can create a fully 
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implantable platform that ensures continuous measurement. 
This design reduces infection risk and improves comfort and 
mobility for patients. Herbert et al. have developed a capaci-
tive strain sensor that is integrated into an inductive antenna 
stent to monitor restenosis by wireless inductor-capacitor 
(LC) sensing [24]. This sensor design, which uses aAerosol 
jet printing silver nanoparticles (AgNPs) and PI, forms a 
miniaturized parallel-plate capacitor with overlapping finger 
plates that can slide to change capacitance under strain. The 
sensor can achieve 60% capacitance change within only 5% 
strain, which is 10 times more sensitive than typical capaci-
tive strain sensors [90, 91]. After implanting the sensor into 
heart arteries, the sensor can continuously detect the expan-
sion and contraction induced by pulsatile flows, and the cor-
responding change of resonance frequency can be measured 
by an external antenna. In restenosis, the artery stiffens, and 
the sensor can detect reduced changes in capacitance and 
resonant frequency compared to the normal artery. However, 
during an accelerated aging test in saline, the sensor’s base-
line capacitance can almost double due to fluid penetration, 
which suggests the need for more effective encapsulation. 
Despite this limitation, wireless arterial stiffness sensing 
provides a robust platform for comprehensive cardiovascular 
health monitoring, allowing timely medical intervention and 
preventing severe diseases such as heart attacks and strokes.

Ligaments and tendons

Ligament and tendon injuries account for roughly 50% of 
musculoskeletal injuries [92]. By understanding the strain 
magnitude during various movements or physical activities, 
clinicians and researchers can better identify the mecha-
nisms that lead to ligament injuries and tendon ruptures [93]. 
Due to the limited availability of in vivo strain measure-
ment methods, advancements in clinical therapies for liga-
ments and tendons remain challenging [94, 95]. For exam-
ple, HESTs and DVRTs are the only implantable sensors 
capable of directly measuring in vivo strain within human 
musculoskeletal tissues [50]. HESTs measure electrical 
potential changes caused by the relative movement between 
a magnet and a sensor where the electrical potential is per-
pendicular to both the current and the magnetic field, and it 
changes as the position of the magnetic field changes relative 
to the conductor while DVRTs detect changes in magnetic 
reluctance through a core moving within two coil windings 
[96]. A magnetically permeable core inside these coils can 
move within the windings [96]. These sensors provide direct, 
highly accurate strain measurements, are highly sensitive 
to detecting strains in musculoskeletal tissues, and offer 
high sampling frequencies [94, 96]. However, these sensors 
require invasive procedures [94]. Additionally, precise sen-
sor alignment with ligament fibers is necessary, and signal 
artifacts can result from body movement or the sensor cable 

[94]. The sensor should be capable of measuring typical 
tendon strains (less than 10%) while allowing the tendon to 
move naturally with minimal restriction [97]. To overcome 
these limitations, implantable strain sensors should include 
features such as flexibility, wireless data transmission, and 
enhanced stability [98, 99].

To realize real-time monitoring of ligament strain, Sheng 
et al. have developed self-powered and implantable strain 
sensors with stretchability up to 600% and stability for over 
six months [25]. The sensor is based on a TENG, in which 
organogel and silicone fibers generate charges at the inter-
face by making contact and separating during stretching or 
compression. The sensor is constructed in a double helix 
structure and encapsulated in an Ecoflex tube. The organo-
gel/silicon fiber-helical sensor based on TENG focuses 
on the dynamic strain, such as the stretching and bending 
motions of the ligament, facilitating injury diagnosis and 
rehabilitation. The sensor is tested on the patellar ligament 
of a male New Zealand white rabbit, where electrical sig-
nals are acquired and processed using an electrometer and 
acquisition card (Fig. 2f). After seven days of implantation, 
the sensor’s electrical output remains consistent with its ini-
tial performance. This ultrastretchable, self-powered sensor 
system holds significant potential for continuous, real-time 
monitoring of ligament strain, improving the management 
and rehabilitation of musculoskeletal injuries.

Tendon injuries are increasingly prevalent and have 
become a significant health concern, often resulting from 
overuse or degradation due to aging [100, 101]. In current 
clinical practice, tissue rehabilitation is monitored through 
MRI or ultrasound. Implantable strain sensors can provide 
real-time monitoring of the mechanical properties of the 
healing tissues, with average tendon strains ranging from 
1.1% [102] to 9.2% [103].

Lee et al. have proposed a wireless, stretchable, suturable 
fiber strain-sensing system designed for real-time monitor-
ing of physiological strain in orthopedic biomedical applica-
tions [72]. The capacitive sensor comprises two highly con-
ductive and stretchable fibers made from composites of 
AgNPs and elastomeric fibers. The sensor is integrated into 
a passive wireless RLC circuit, and an external network ana-
lyzer is used to read the sensor’s data wirelessly. As the 
capacitance changes with strain, the  resonant fre-
quency shifts according to the formula: f

0
=

1

2�
√

LC
 , where 

f
0
 is the resonant frequency, L is the inductance, and C is the 

capacitance. This shift in resonant frequency allows for the 
wireless detection of strain without direct electrical connec-
tions. The sensor demonstrates a sensitivity of:

(3)
S =

�
(

△C

C0

)

��
≈ 12,
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which makes it highly effective in detecting small strains 
(as low as 0.05%). This sensitivity is particularly important 
for musculoskeletal systems where tissues like tendons and 
ligaments undergo minor deformations. For in vivo testing, 
the sensor is implanted in the Achilles tendon of a min-
iature pig, and its wireless functionality and stability are 
demonstrated over a period of three weeks (Fig. 2g). The 
observed strain change is approximately 3.09%, which is 
within the expected physiological range for the Achilles 
tendon. The sensor is biocompatible, as confirmed by cell 
viability tests with human cardiac microvascular endothelial 
cells. Its design, high sensitivity, and wireless capabilities 
make it a promising tool for biomedical applications, includ-
ing personalized rehabilitation and continuous monitoring 
of musculoskeletal conditions.

A strain sensor with low stretchability can potentially 
damage nearby musculoskeletal soft tissues (MSTs), while 
poor fixation during MST strain measurements and the use 
of wired sensors can lead to artifact signals when the sensor 
bends [104]. Similar to cardiac muscles, MST strain meas-
urements benefit from wireless, stretchable sensors for moni-
toring the health and function of ligament and tendon tissues 
that are responsible for movement, stability, circulation, and 
overall bodily function [105]. However, extreme motions 
make these muscles easily damaged and have limited abil-
ity to regenerate [106]. Given the challenges of repairing 
injured muscle tissues, implantable strain sensors are valu-
able for real-time monitoring and measuring muscle strain 
with flexibility. Zhang et al. have proposed a stretchable 
capacitive strain sensor integrated with an inductor to form 
an LCR circuit that enables wireless strain measurements 
through resonant frequency changes [73]. Its stretchable 
feature allows the sensor to endure the deformation of the 
MSTs and offers a higher resolution for strain measurement 
with a wireless readout box. The sensor consists of conduc-
tive gold-coated titanium dioxide nanowires embedded in a 
dielectric silicone rubber layer to form a “sandwich” struc-
ture, and the capacitor is bonded to a coil inductor to form 
the LCR circuit that is encapsulated with PDMS (Fig. 2h). 
As the sensor is stretched, the capacitance changes due to 
dielectric layer deformation and variations in the overlap-
ping area of conductive layers. The sensor exhibits excellent 
resolution (0.1% strain, ≈ 9 μm) and maintains high linear-
ity  (R2 > 0.99) for strains between 0 and 25%. Additionally, 
the sensor retains the linearity and resolution of the capac-
ity over 100,000 cycles of fatigue loading. Ex vivo tests on 
sheep tendons show reliable strain measurement, with an 
average strain of 4.2%, whereas in vivo tests demonstrate 
successful dynamic strain measurement during locomo-
tion. The sensor is first pre-stretched by 15%, and then it is 
sutured to the medial gastrocnemius tendon of a sheep. The 
sensor system can be used to quantify musculoskeletal soft 
tissue strains during functional activities, providing insights 

into tissue biomechanics, pathology, and adaptation during 
healing.

Bones

Bone is a dynamic tissue that undergoes continuous remode-
ling and, following injuries, possesses the capacity to regen-
erate, restoring its biological and mechanical properties to 
their pre-injury condition [107]. The creation of a continu-
ous monitoring technique to evaluate adequate bone load-
ing during rehabilitation can enhance patient quality of life 
[108]. Implantable strain sensors for bones can provide con-
tinuous insights into tissue strain during rehabilitation pro-
tocols and daily activities, enabling adjustments to be made 
based on the tissue's tolerance levels [97]. Strain levels and 
strain rates are the key parameters for evaluating the biome-
chanical properties of soft tissues and assessing their healing 
progress [97]. The reported ranges for strain accuracy and 
precision in the literature are 20 to ~ 1,280 με for accuracy 
and 39 to ~ 630 με for precision [109]. Cai et al. have intro-
duced wireless, battery-free, and multimodal biointerfaces, 
known as osseosurface electronics, for monitoring the mus-
culoskeletal system, diagnosing bone health, and providing 
therapeutic stimulation in freely moving animal models 
[27]. The device is designed for direct application to bone 
surfaces, opening new possibilities for long-term monitor-
ing and therapeutic applications in musculoskeletal health. 
Osseosurface electronics are ultra-thin, wireless, and bat-
tery-free, allowing for real-time recording of physiological 
and biophysical signals such as bone strain, temperature, and 
optoelectrical stimulation. The primary sensor is a metal-foil 
strain gauge laminated onto the bone surface. The system 
utilizes Near Field Communication (NFC) for wireless pow-
ering and data transmission. The wireless osseosurface elec-
tronics system is implanted into rats, and a cyanoacrylate-
based adhesive is used to bond the strain gauge and other 
components directly to the bone surface (Fig. 2i). In vivo 
strain measurements are performed during gait analysis, with 
strain values ranging from 0 to 1200 µε during typical gait 
cycles. After two weeks of implantation, the device becomes 
surrounded by fibrous tissue, indicating successful tissue 
integration. Surface-engineered calcium phosphate ceramic 
particles are used to facilitate the integration of the electron-
ics with the bone, enabling stable, long-term monitoring. In 
addition to small animal testing, the system is also tested in 
sheep models. These tests validate the device's scalability 
and demonstrate that the sensors reliably capture bone strain 
through thicker tissues (up to 11.5 cm deep).

Bone fractures are a global public health concern, espe-
cially in individuals with osteoporosis, as they can result in 
disability and higher healthcare costs, placing a significant 
burden on both individuals and healthcare systems [110]. 
Spinal cord injury is a serious medical issue causing severe 
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disability and high mortality [111]. Therefore, real-time 
continuous monitoring of spinal or joint movements can 
optimize patient rehabilitation, reducing the likelihood of 
requiring a second surgery [112]. Orthopedic implants are 
one example solution to achieve this, and they are designed 
to handle mechanical demands, including load-bearing 
strength and elasticity for withstanding shear stress [113]. 
Zhang et al. have presented a dual-functional smart coating 
foil that can be applied to commercial orthopedic implants to 
address key challenges in orthopedic implants, such as infec-
tions and implant failures [74]. A multiplexed strain-sens-
ing array based on single-crystalline, piezoresistive silicon 
nanomembranes. The strain-sensing array, made of multiple 
single-crystalline silicon strain gauges, is distributed across 
the implant's surface to provide high-resolution, real-time 
mapping of strain in different regions (Fig. 2j). The strain-
sensing functionality of the coating is tested in an ex vivo 
sheep spinal fusion model. After destabilizing the spine, the 
strain on the spinal rod increases by 0.04 ± 0.01%, suggest-
ing that more load is transferred to the rod due to reduced 
vertebral stiffness. When bone cement is used to restore stiff-
ness, the strain decreases by 0.06 ± 0.02%, confirming that 
the coating’s sensors can detect strain changes during the 
fusion process.

Mechanical forces and properties play a crucial role 
in guiding tissue repair, as well as regulating stem cell 
function, and developmental processes [114]. Moreover, 
mechanical loading can enhance the quantity and func-
tionality of regenerated bone, particularly when this bone 
is generated through endochondral ossification. Addition-
ally, muscle-exerted mechanical forces play significant roles 
in skeletogenesis [115, 116]. Strain sensors can be effective 
tools for advancing our understanding of bone mechanics 
and improving the outcomes of orthopedic treatments and 
rehabilitation programs. Klosterhoff et al. have proposed a 
wireless, implantable strain sensor designed for real-time 
monitoring of mechanical boundary conditions across bone 
defects [117]. The strain sensor is designed to measure 
strain across a bone defect longitudinally during rehabilita-
tion (Fig. 2k) [75]. The platform integrates the strain sensor 
into the polymeric bridging segments of internal fixation 
plates. For real-time monitoring of mechanical boundary 
conditions, two types of internal fixators are used—stiff 
polysulfone (PSU) fixators and compliant Ultra-High 
Molecular Weight Polyethylene (UHMWPE) fixators—to 
create different mechanical environments. The UHMWPE 
fixators double the strain magnitude compared to PSU, ini-
tially averaging 5408 ± 704 microstrain (με) and decreases 
to 2698 ± 567 με as the bone defect heals, reducing the load 
carried by the fixator. The UHMWPE group experiences 
compressive strain of 0.1% to 6.7%, while PSU fixators show 
lower strains of 0.1% to 0.9%. The wider range of tissue 

strain in the compliant fixation group shows that the tissue 
is exposed to more varied forces, which facilitates healing. 
Increased mechanical stimulation improves early bone for-
mation and healing. These results suggest that strain moni-
toring can offer a non-invasive way to assess bone repair, 
potentially reducing the need for X-ray imaging.

Pressure sensors

Pressure sensors convert pressures exerted on tissues to 
electrical signals and they can be used for detecting fluid 
pressure or volumetric changes of targeted organs, such as 
the brain, eyes, arterials, and bladder. Pressure sensors can 
be applied during surgery, shortly after surgery, or for vari-
ous diagnostic purposes, including intracranial, arterial, and 
urinary bladder pressure monitoring. The form factor, pres-
sure range, and measurement sensitivity are some of the key 
criteria for an implantable pressure sensor, which should be 
tailored for targeted organs.

Pressure sensing mechanisms mainly include capacitive 
(Fig. 3a), piezoresistive (Fig. 3b), and optical fiber detection 
(Fig. 3c). The sensing mechanism determines the structure 
and configuration of a pressure sensor. For instance, a spher-
ical capacitive pressure sensor detects arterial circumference 
changes through capacitance variations [118]. A piezoresis-
tive pressure sensor detects diaphragm bending as a change 
in resistance within the piezo resistors embedded in the 
diaphragm [119]. In fiber optic catheters, pressure sensors 
placed at the tip convert wavelength changes into pressure 
readings [120]. Implantable pressure sensors are particularly 
useful for measuring intravascular blood pressure, intracra-
nial pressure, and intraocular pressure.

A major obstacle to long-term pressure sensing in the 
human body is biofouling on the pressure-sensitive region 
of the sensor. The human immune response can be dynamic, 
resulting in varying thicknesses of the layers accumulating 
on the sensor’s surface, affecting the sensor readings. Addi-
tionally, corrosion of sensor materials by body fluids can 
lead to sensor failure.

Innovations such as bioresorbable materials and wire-
less transmission technologies further enhance the utility 
and safety of these sensors by reducing infection risks and 
improving patient compliance [74, 122, 127]. Continuous 
data streaming provided by these sensors reduces the need 
for repeated surgeries, thereby minimizing infection risks 
and improving patient outcomes and healthcare efficiency. 
The following sections highlight recent advances in implant-
able pressure sensors used in the central nervous and cardio-
vascular systems, with representative examples summarized 
in Table 2.
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Brain

Brain-implantable pressure sensors hold substantial clini-
cal significance and have proven to be especially applicable 
for measuring real-time intracranial pressure (ICP) [128, 
129]. In the central nervous system, ICP-induced brain 

damage is a significant health and socioeconomic challenge 
worldwide [122]. Real-time ICP monitoring is crucial for 
managing conditions such as traumatic brain injury [128], 
hydrocephalus [130], and other neurosurgical conditions 
[131]. ICP is assessed through pressures in closed compart-
ments and lumina within the body to diagnose conditions 

Fig. 3  Implantable pressure sensors and their applications in measuring intracranial pressure, blood pressure, and other internal pressures. a 
Achematic illustration of a capacitance pressure sensor. Adapted and modified from [118] b Schematic illustration of a piezoelectric pressure 
sensor. Adapted and modified from [119] c Schematic illustration of an optical pressure sensor. Adapted and modified from [120]. d A biore-
sorbable optical sensor that converts wavelength to pressure for monitoring the intracranial pressure. Adapted and modified from [120]. e An LC 
circuit-based resistive pressure sensor that converts deformation in serpentine Mo track to pressure for monitoring intracranial pressure. Adapted 
and modified from [121]. f Schematic illustration of a bioresorbable wireless resistive pressure sensor with hydrogel bioadhesive. Adapted and 
modified from [23]. g A bioresorbable, piezoelectric pressure sensor that translates electrode deformation to pressure for post-surgical care. 
Adapted and modified from [122]. h A wireless ex-arterial cuff-like capacitive sensor located on the aorta and encapsulated with PDMS and PI. 
Adapted and modified from [123]. i A thermally self-reporting capacitive polymer stent that converts change in capacitive to pressure for detect-
ing in-stent restenosis and cardiac functional dynamics. Adapted and modified from [124]. j An extra-arterial Hall-based magnetic sensor for 
continuous monitoring of blood pressure and vascular hemodynamics. Adapted and modified from [125]. k A bioresorbable triboelectric pres-
sure sensor that converts voltage changes to pressure for continuous cardiovascular postoperative monitoring. Adapted and modified from [126]
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such as ischemia [132], intra-abdominal hypertension [133], 
and pulmonary hypertension [122]. Fluctuations in ICP are 
driven by changes in the circulatory dynamics of cerebral 
blood and cerebrospinal fluid [134]. The normal range of 
ICP is from 7 to 15 mmHg [135]. Physiologically, a 5 to 
10 mmHg increase in ICP can obstruct blood flow [136], 
leading to life-threatening ischemia [137]. Intra-abdom-
inal hypertension is characterized by an ICP higher than 
12 mmHg [138], contributing to morbidity in critically ill 
patients. An ICP above the 20 mmHg threshold requires 
immediate medical attention; and a pulmonary artery pres-
sure over 25 mmHg is associated with various heart and lung 
conditions [24, 120, 122, 139]. Elevated ICP is a hallmark 
of secondary brain injury, demonstrating the critical need 
for real-time monitoring to prevent further complications. 
Continuous real-time detection of ICP through implantable 
pressure sensors significantly aids the monitoring of these 
conditions [120, 130]. Therefore, a successful implantable 
pressure sensor for the brain should demonstrate sufficient 
sensitivity within 5 mmHg to achieve maximum clinical out-
come. ICP pressure sensors access the intracranial space to 
detect pressure through a small craniectomy defect drilled at 
the top of skull, avoiding direct contact with the brain to 
minimize immune responses.

Different types of bioresorbable implantable pressure 
sensors—optical [120], capacitive [121], resistive [24], and 
piezoelectric [122]—demonstrate excellent ICP detection 
capabilities while offering a promising solution to reduce 

the risks of infection and immune response. In addition to 
reducing the need for surgical extraction of the sensors, 
the increased lifespan of these bioresorbable implantable 
sensors enables more measurements compared to the non-
resorbable, commercial devices with biodegradability and 
minimal biological impact [120]. Figure 3d highlights a min-
iaturized, tri-layer piezoelectric sensor developed by Shin 
et al. [120], which consists of a thermally grown ultrathin 
silicon wafer (t-SiO2), a silicon nanomembrane, and a silicon 
slab with cavity. The pressure-sensitive diaphragm exhibits 
a piezoresistive response in the strain gauge that depends 
on the mechanical equilibrium between the pressure of the 
surroundings and that of the air trapped inside the cavity 
[120]. In this configuration, the thickness of the diaphragm 
is inversely proportional to the wavelength detected by the 
PLGA optical fiber, which translates into the ICP. The t-SiO2 
acts as a barrier to protect the underlying silicon nanomem-
brane (~ 200 nm) used as an adhesive layer for both sili-
con and silicon dioxide, and a buried  SiO2 layer (~ 600 nm) 
provides electrical insulation and mechanical support. The 
sensor is encapsulated with a 100-μm-thick bioresorbable 
polyanhydride layer to protect the sensor-wire interface from 
biofluid exposure. In the rat model in vivo test, the sensor 
is placed intracranially through a craniectomy defect and 
sealed with bioresorbable glue. Additionally, the sensor is 
capable of both wired and wireless data transmission via a 
miniaturized wireless potentiostat [120]. The pressure sen-
sor developed by Shin et al. combines the fiber optic and 

Table 2  Summary of key parameters of representative implantable pressure sensors

Implanted location Mechanism Main materials Sensing performance Ref

Calvaria Optical fiber Silicon dioxide, amorphous silica Range: 0—15 mmHg
Sensitivity: 3.1 nm/mmHg
Long-term stability: 25 days

[120]

Calvaria Resistive PLGA, PLLA/PCL, molybdenum Range: 0—75 mmHg
Long-term stability: 5 days

[121]

Calvaria Capacitive Poly(HEMA-NVP) + Poly(AA-NHS), PLGA, POC, mag-
nesium

Range: 0—40 mmHg
Sensitivity: 1 MHz/mmHg
Long-term stability: 50 min

[24]

Calvaria Capacitive Si3N4, Zinc, PLGA, magnesium, natural wax Range: 0—15 mmHg
Resolution: 1 mmHg
Sensitivity: 200 kHz/mmHg
Long-term stability: 4 days

[122]

Extra-arterial Resonance fre-
quency shifts

PDMS, polyimide, chromium, gold Range: 80—120 mmHg
Sensitivity: 8.53 kHz/mmHg
Long-term stability: 5 days

[123]

Extra-arterial Halls effect Parylene-C, biocompatible resin DS300, epoxy Range: 30—220 mmHg
Sensitivity: 45 mv/mt
Long-term stability: 7 days

[125]

Extra-arterial Piezoresistive PLA/C, magnesium, POC Range: 0—170 mmHg
Sensitivity: 11 mV/mmHg
Long-term stability: 5 days

[126]

Intra-arterial Piezoresistive SU-2002, SU-3010,  SiO2, titanium, copper, PermiNex, 
silicon

Range: 0—300 mmHg
Sensitivity: 3.5 kHz/mmHg

[124]
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piezoelectric sensing mechanism to detect ICP, demon-
strating stable sensitivity within the range of 3 mmHg to 
15 mmHg for up to 25 days during the rat in vivo test.

Xu et al. have proposed PLLA/PCL (80:20) for pressure 
sensor encapsulation to overcome the elastic modulus mis-
match compared to other encapsulation substrate materials. 
Their flexible, bioresorbable electrocorticography (ECoG) 
device is made of materials that improve biocompatibility 
and reduce infection risks associated with device removal, 
while integrating ICP monitoring for comprehensive brain 
health assessment. The bioresorbable ECoG device with 
an integrated ICP sensor features a serpentine molybde-
num (Mo) track deposited on a poly(L-lactide) PLLA/PCL 
(80:20) substrate with a total thickness of 40 µm. As the 
Mo track experiences deformation, it exhibits a measurable 
change in the electrical resistance that linearly correlates 
with pressure [121]. In the in vivo animal test, pressure 
readings obtained from rats confirm the linear relationship 
between resistance and pressure. The sensor functions effec-
tively for five days within its ICP monitoring range from 0 to 
75 mmHg, with the sensor fully degraded in approximately 
100 days [121] (Fig. 3e). Although the pressure sensor uti-
lizes PLLA/PCL to reduce elastic modulus mismatch and 
demonstrates stability through the rat in vivo test, the pres-
sure sensor’s thickness still triggers immune responses in 
the brain.

Recent advances in electronics-tissue bio-interface tech-
nologies have enabled the development of highly reliable 
and biocompatible sensors for long-term disease diagnosis 
and treatment. A key challenge has been achieving robust 
anchorage of pressure-sensing bioelectronics onto dynamic 
biological tissues. In this implantable flexible pressure sen-
sor, LC magnesium coils are encapsulated in poly(lactic-co-
glycolic acid) (PLGA) film. PLGA film also serves as the 
dielectric layer in this sensor design [24] (Fig. 3f). Structur-
ally, a poly(1,8-octanediol-co-citrate) (POC) layer supports 
the capacitor, while a poly(HEMA-NVP) hydrogel substrate 
and poly(AA-NHS) polymer brushes form the adhesive bio-
interface. The resonance frequency is crucial for the sensor's 
operation as it detects changes in pressure through frequency 
shifts. In an in vivo rat model test, the sensor is success-
fully implanted through a skull hole and adhered using a 
hydrogel bio-adhesive to enable real-time ICP monitoring 
for up to five hours [24]. However, further investigations 
are needed in dynamic environments and long-term settings. 
Another bioresorbable pressure sensor that also operates 
on passive LC resonance circuits achieves a sensitivity of 
approximately 200 kHz per mmHg and a resolution as low as 
1 mmHg [122] (Fig. 3g). Moreover, this bioresorbable pres-
sure sensor utilizes natural wax and  Si3N4 for encapsulation, 
allowing the sensor to maintain functionality for four days 
without adverse reactions [122].

Heart

Cardiovascular coronary artery diseases (CADs) are preva-
lent and carry a high mortality rate, accounting for more 
than 17 million deaths around the world annually, according 
to the World Health Organization [140]. Implantable pres-
sure sensors enable real-time cardiac monitoring through 
continuous measurement of blood pressure via either a close 
interface or an incision with the heart and artery. CAD is 
primarily caused by atherosclerosis, a condition in which 
plaque builds up inside the coronary arteries. Plaque consists 
of fat, cholesterol, calcium, and other substances found in 
the blood. Over time, this buildup can harden or rupture, 
leading to the narrowing or blockage of the arteries. Cardio-
vascular conditions such as heart failure, stroke, peripheral 
arterial disease, and hypertension contribute to potential 
cardiac arrest, angina, dyspnea, and heart attacks due to 
blockages that impair the transfer of blood to the heart. In 
cardiovascular applications, implantable pressure sensors 
play a crucial role in monitoring conditions such as CAD 
[141], heart failure [142], and hypertension [122]. These 
pressure sensors enable close monitoring of blood pressure 
and flow dynamics within the heart and major blood vessels 
[143], allowing for early detection and management of car-
diac events. A successful heart pressure sensor offers precise 
monitoring while providing the patient with a clear arterial 
pathway. Extra-arterial placement [123, 124, 126] and the 
use of stent-like structures [125] for cardiac pressure sensor 
can achieve both objectives.

Implantable pressure sensors in or near the cardiovascular 
system utilize the circumference changes to measure either 
the capacitance changes between two parallel plates [123, 
124] or the distance changes between two sensing magnets 
[125]. Besides utilizing the difference in distances, ambient 
pressures can also be converted into electrical signals [126]. 
Figure 3h presents a wireless passive extra-arterial implant-
able blood pressure monitoring sensing system, operating 
based on an LC resonant circuit [123]. The system consists 
of an extra-arterial miniature-sized cuff style parallel-plate 
capacitor and an external planar spiral inductor, where pres-
sure changes within the artery cause the flexible diaphragm 
constructed with chromium and gold to deform, changing 
its capacitance and the resonant frequency of the LC circuit. 
The resonant frequency shift is detected by an external read-
out coil (f) through electromagnetic coupling, which allows 
wireless measurement of the blood pressure. Additionally, 
the sensor utilizes adaptive radio frequency powering for 
wireless transmission, reducing the size and potential com-
plications associated with battery replacement. The sensor, 
encapsulated with biocompatible PDMS and polyimide, has 
a maximum detection distance of 22 mm between the two 
parallel plates, and the external coil is connected with the 
impedance analyzer. The accuracy of the sensor is verified 
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by comparing its readings with those of commercial pres-
sure sensors in an in vivo environment for up to five days 
with a difference of less than 5%, which can be numerically 
compensated for improved accuracy [123].

To overcome the limitations in sensitivity and data col-
lection issues, a self-reporting stent with an inductor coil-
encapsulated pressure sensor for monitoring arteries blood 
pressure internally has been developed [124]. This innova-
tion enables validation through comprehensive testing that 
demonstrates high sensitivity and reliability. The sensor uses 
titanium and chromium for its sensing area and employs 
SU-2002, SU-3010 and PermiNex for encapsulation [124] 
(Fig. 3i). This construction increases the sensing resolution 
and coupling distance between the sensor and the external 
antenna. After self-assembly due to thermal bonding and 
precise alignment of the capacitor plates and inductor coils, 
the dual-pressure sensors enable the detection of blood flow 
in situ. The stent is crimped onto a balloon catheter, which is 
later inserted into the target artery. Furthermore, the stent's 
structure is designed to maintain its position and provide 
necessary mechanical support to the artery. The stent con-
verts the deformation of polymer to resistance. During the in 
vivo test, the self-reporting stent is implanted into the rat's 
femoral artery and monitored wirelessly using a vector net-
work analyzer (VNA) externally [124]. The stent is designed 
to be implanted within blood vessels, particularly targeting 
sites with a high risk of restenosis.

In addition to the novel stent design, another innovative 
approach has emerged for cardiovascular monitoring. A 
sensor that utilizes a Hall-based magnetic flux mechanism 
to monitor arterial blood pressure, arterial diameter, and 
arterial circumferential strain continuously has been devel-
oped [125] (Fig. 3j). This design, validated both in vitro and 
in vivo, provides accurate and detailed cardiovascular moni-
toring under various physiological and pathological condi-
tions, offering potential for improving patient compliance 
surveillance and treatment management in cardiovascular 
diseases. The sensor comprises a Hall-effect sensor and a 
miniature magnet attached to the outer wall of the aorta 
without physical interconnection, thereby avoiding vascular 
restriction and material fatigue (Fig. 3j). The heart's pulsatile 
actions alter the distance between the HES and the magnet, 
changing the magnetic flux and generating a corresponding 
voltage output to calculate arterial diameter, circumferen-
tial strain, and blood pressure. The arterial pressure can be 
expressed as

where �  is the thickness of the arterial wall, R is the 
arterial wall radius, � is the elastic Young’s modulus, �� is 
the circumferential arterial strain, and Rm is the viscoelas-
tic modulus. The sensor’s components are encapsulated in 
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3D-printed biocompatible resin and coated with parylene-C 
for enhanced durability [125]. Surgical implantation involves 
suturing the components to the aorta, verified by fluoros-
copy for precise alignment. In porcine model tests, the sen-
sor demonstrates a mean absolute error below 5 mmHg for 
blood pressure measurements, and the readings remain sta-
ble under varying conditions for up to seven days.

A recently reported bioresorbable implantable pressure 
sensor uses triboelectric principles [126] (Fig. 3k). This 
bioresorbable dynamic pressure sensor (BTS) is designed for 
monitoring cardiovascular functions post-surgery by provid-
ing real-time data on blood pressure and vascular health. The 
air spacer structure in the triboelectric sensor ensures that 
the separation of triboelectric layers is governed by the air, 
aligning the device's mechanical properties with the ideal 
gas law. This design results in a linear relationship between 
pressure changes and the open-circuit voltage output:

where ΔP is the pressure change, n is the number of 
moles, R is the universal gas constant, T  is the tempera-
ture, �

0
 is the permittivity of the vacuum, x

0
 is the initial 

displacement, � is the surface charge density, and Uoc is the 
open-circuit voltage. Constructed primarily from magne-
sium and encapsulated in biocompatible materials such as 
gelatin methacrylate and PLA/C, the BTS can be minimally 
and invasively attached to the vascular wall or placed under 
the skin [126]. In in vivo animal tests in rat and dog models, 
the sensors exhibit high sensitivity to pressure changes with 
a linear relationship between pressure and output voltage. 
Although the encapsulation layer begins to degrade after five 
days, the BTS demonstrates good biocompatibility with no 
significant inflammatory reactions over nine weeks. Further-
more, the sensor's performance and degradation are evalu-
ated in rat and beagle dog models, and the sensor completely 
degrades after 12 weeks [126]. The sensor helps detect 
abnormal cardiovascular and respiratory events, such as 
arrhythmias and vascular occlusions, facilitating early inter-
vention and potentially preventing severe complications. 
Its bioresorbable nature eliminates the need for follow-up 
removal procedures, reducing healthcare costs and burdens.

Aside from the central nervous system and cardiovascu-
lar system, implantable pressure sensors also demonstrate 
promising functionalities for other physiological systems, 
including respiratory monitoring and chronic condition 
management [120]. The implantable in vivo sensor’s ability 
to provide high-accuracy, real-time pressure measurements 
strengthen medical personnel’s clinical decision-making and 
enhance patient care. In addition to the significant clinical 
benefits, ongoing challenges include extending the opera-
tional lifetime and ensuring the encapsulation integrity of 
these sensors. Overall, implantable flexible pressure sensors 
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represent an important advancement in biomedical technol-
ogy integration, providing a robust alternative for continuous 
internal pressure monitoring across various organ systems 
[98].

Implantable pressure sensors not only provide real-time, 
stable, and quantitative measurements for the central nervous 
system and circulatory system, but they can also be applied 
to the respiratory system and other physiological systems 
and applications. These implantable devices are intended for 
long-term monitoring of chronic conditions in patients with 
brain injuries or diseases, eliminating the need for surgical 
removal and reducing infection risk, healthcare costs, and 
patient distress. When a patient’s ICP requires repeated or 
continuous measurement, the implantable pressure sensors 
provide a minimally invasive alternative without repeated 
surgical interventions. At the same time, as the implantable 
pressure sensor’s operational lifetime is extended, the need 
to replace the sensor is reduced, which further decreases the 
chance of critically ill patients undergoing additional surger-
ies and being exposed to infections. Their high accuracy in 
pressure measurement supports better clinical decision-mak-
ing and improved patient outcomes. Although these sensors 
demonstrate significant clinical benefits, challenges remain 
in extending their operational lifetime.

Flow sensors

Blood flow velocity is a critical physiological parameter that 
varies widely across different vascular systems and states of 
health [144]. Implantable flow sensors are crucial for diag-
nosing and monitoring vascular diseases such as aneurysms, 
atherosclerosis, and thrombosis, which can cause vessel 
wall damage and inflammation, potentially leading to fatal 
outcomes [145, 146]. Moreover, continuous hemodynamic 
monitoring is important to measure critical hemodynamic 
parameters such as blood pressure, heart rate, and tempera-
ture via real-time data transmission [147, 148], which can 
significantly improve patient care, offer early detection, and 
detect adverse events in a timely manner. Traditional respira-
tion monitoring devices tend to have limitations, including 
bulkiness, and high costs, making them unsuitable for daily 
use [149]. As a result, there has been a growing focus on 
developing more attractive methods for user-friendly res-
piration monitoring [149]. The breathing rate is a crucial 
vital sign in human physiology, providing valuable insights 
into an individual’s overall well-being [150]. In addition to 
blood flow sensing, sensors capable of real-time breathing 
monitoring have the potential to serve as valuable diagnostic 
and monitoring tools for respiratory conditions, including 
asthma, and sleep apnea [150]. Self-powered respiration 
sensors are attracting interest because they can convert the 
energy from breathing, such as biomechanical or thermal 

energy, into electricity. Technologies such as triboelectric, 
piezoelectric, pyroelectric, and electromagnetic nanogen-
erators make these sensors portable with low-maintenance 
[149]. Examples of self-powered respiration sensor systems 
are triboelectric, piezoelectric, pyroelectric, hygroelectric, 
electromagnetic, and hybrid [149]. Figure 4 a-d illustrate 
the mechanisms of TENG, PENG, pyroelectric effect, and 
hygroelectric effect. TENG can operate in four main modes: 
the vertical contact-separation mode generates electron flow 
by periodic contact and separation of two triboelectric layers 
with different electron affinities; the lateral sliding mode can 
capture energy from different directions but may compro-
mise durability; the single-electrode mode features one mov-
able electrode while the other is grounded; the freestanding 
mode has two electrodes remain stable, connected through 
a load, and charge transfer is induced by a moving dielectric 
segment. The PENG involves disrupting the central symme-
try of the crystal structure in piezoelectric materials through 
the application of external force. Pyroelectric materials gen-
erate an electrical charge when their temperature changes. 
This occurs due to shifts in their internal dipole alignment, 
which alters the surface charge and creates an electric cur-
rent. The hygroelectric effect converts the potential energy 
of water molecules directly into electrical energy. Detailed 
discussions of different types of flow sensors used in various 
target organs appear in the following sections and are sum-
marized in Table 3.

Cardiovascular system

Figure 4e presents implantable flow sensors developed by 
Kwon et al., which is a batteryless wireless vascular flow 
rate sensor powered by a Bluetooth low energy (BLE) sys-
tem-on-a-chip [151]. The sensor integrates pressure, flow, 
and temperature sensing, with a strain sensor that features 
a buckled bending cantilever to measure both forward and 
backward arterial flow rates. The sensing module consists 
of strain gauges made from thin monocrystalline Si-NMs 
to measure blood flow, pressure, and temperature. The sen-
sor operates based on the piezoresistive effect, utilizing a 
bi-directional flow sensor with a 3D curvy ribbon. Forward 
and backward blood flows deform this 3D structure, induc-
ing tensile and compressive strain in the Si-NMs, resulting 
in corresponding resistance changes:

For Si-NM strain gauges under forward and backward 
flow, the GF values range from 30 to 100. Additionally, the 
system includes a wireless electronics module that interfaces 
with the sensing module. It uses a receiver coil resonant at 
the NFC frequency (13.56 MHz) and transmits data wire-
lessly via BLE protocols. A porcine model evaluates sensor 

(6)ΔR(%) = GF × �
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performance in both ex vivo and in vivo studies. The flow 
measurements are compared with those from commercial 
transonic flow transducers, demonstrating accurate detection 
of flow rate fluctuations. In ex vivo studies, the sensing mod-
ule is inserted into pulmonary arteries (PAs). Flow measure-
ments by the wireless system show a high correlation with 
commercial flow transducer data, with an average error of 
0.5 ± 0.4 l/min for both forward and backward flows. In vivo 
studies involve implanting the sensing module inside the 

pulmonary artery. Continuous flow rate data reveal physi-
ologically meaningful waveforms, with characteristic dips 
(dicrotic notches) observed during each pulse's downstroke. 
The wireless system is validated by comparisons with clini-
cal standards, showing similar flow rate values and wave-
form characteristics. One limitation of this study is that the 
accuracy of blood flow measurements depends on proper 
sensor calibration. Variations in environmental conditions 

Fig. 4  Sensing mechanisms and applications of representative implantable flow sensors in monitoring blood flow in the cardiovascular system 
and airflow in the respiratory system. a Illustrations of four TENG sensing mechanism. Adapted and modified from [149]. b Schematic diagrams 
of PENG. Adapted and modified from [149]. c Schematic of the pyroelectric effect. Adapted and modified from [149]. d Schematic diagrams 
of the hygroelectric effect. Adapted and modified from [149]. e Schematic illustration of a flow sensor design, featuring a multi-sensing mod-
ule implanted inside the pulmonary artery. Adapted and modified from [151]. f Schematic illustration and photograph of a flow probe with a 
porcine model kidney for blood flow control. Adapted and modified from [152]. g Schematic illustration and images of a wireless stent system 
implanted in a rabbit’s artery. Adapted and modified from [20]. h Illustrations of a stent flow sensor and its applications for respiratory monitor-
ing. Adapted and modified from [26]. i A catheter sensor system for in situ breathing measurements in the airway inside the lung. Adapted and 
modified from [153]
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could affect sensor performance, necessitating regular recali-
bration to ensure accurate data interpretation.

Thrombosis refers to the abnormal formation of a blood 
clot (thrombus) inside a vessel, obstructing blood flow. In 
severe cases, it can block circulation, causing ischemia and 
tissue death [154]. Moreover, hepatic artery thrombosis is 
the second leading cause of liver graft failure, following pri-
mary graft nonfunction [155]. Hence, effective blood flow 
sensing allows for early intervention to help prevent graft 
failure [156]. In vivo thermal probes, such as those used for 
intracranial thermal microvascular flow sensing, can be used 
for continuous monitoring of cerebral perfusion [157]. Lu 
et al. have proposed an innovative wireless thermal-flow sen-
sor, a miniaturized system utilizing a sub-millimeter scale 
and multi-nodal thermal probe to measure the microvascular 
blood flow [152]. This advanced flow probe incorporates 
multiple temperature sensing nodes, detecting temperature 
changes induced by blood flow. As blood flows through the 
tissue, convective heat transfer changes the temperature dis-
tribution around the sensor. The temperature distribution is 
used to estimate the blood flow velocity. The probe incor-
porates biodegradable cellulose acetate barbs to secure the 
probe to surrounding soft tissues, ensuring stability for up 
to nine days before degrading and facilitating easy removal. 
Insulated copper wires are sealed within a flexible silicon 
cable and connected to a BLE module encapsulated in 
Ecoflex in the assembly (Fig. 4f). The overall dimensions 
are comparable to a #12 biopsy needle (~ 2 mm diameter), 
allowing for minimally invasive insertion. The sensor's per-
formance is evaluated using porcine models in vivo. The 
porcine kidney is selected to simulate artery thrombosis, 
with the sensor deployed by puncturing the kidney's cap-
sule. In muscle flaps and kidneys of porcine models, the 
measured flow velocities (0.9–2.0 mm/s) and perfusion 
(4.1–8.2 mL/100 mL min for flaps, 35 mL/100 mL min for 
kidneys) are consistent with characteristics observed in pre-
vious reports. The sensor's response to simulated venous and 
arterial thrombosis is considered fast enough for 1–5 min. 
However, obtaining stable baseline temperature readings for 
accurate temperature change measurements is challenging. 

The thermal conductivity of tissue may not be uniform, 
which can cause flow estimation errors.

Wireless implantable devices for continuous hemody-
namic monitoring offer several significant benefits. More 
specifically, stents can facilitate robust wireless communi-
cation, ensuring reliable data transmission without the need 
for external wires. Herbert et al. have introduced a fully 
implantable, wireless, and batteryless vascular electronic 
system integrated with printed soft sensors [20]. The sys-
tem utilizes a multimaterial inductive stent that serves as a 
backbone for wireless operation. The stent design includes 
conductive loops and non-conductive connectors, forming 
an inductive antenna (Fig. 4g). The sensors monitor hemo-
dynamics in real-time, including arterial pressure, pulse 
rate, and flow. This is achieved through inductive coupling, 
allowing the stent to communicate wirelessly with an exter-
nal loop antenna and VNA. The system measures changes 
in the resonant frequency to detect pressure variations and 
flow rates. A small inductive stent with an initial diameter of 
less than 1.5 mm and an expanded diameter of up to 3.0 mm 
is used for implantation. The inner surface of the stent is 
laminated with soft, low-profile capacitive sensors. The 
system's performance has been validated in artery models 
and through minimally invasive catheter implantation in an 
in vivo rabbit study. The system demonstrates a resolution 
of 5 mmHg in static air pressures and can detect sudden, 
large pressure changes. In vivo studies validate long-term 
stability, where the device maintained the functionality over 
several months. One limitation of this work is that the wire-
less measurements in vivo can be unreliable due to the small 
size of the artery and the distance between the implanted 
device and the skin  . This can affect the quality and reliability 
of the transmitted data.

Respiratory system

An implantable flow sensor also plays a critical role in the 
respiratory system to measure airflow in the airways of ani-
mals to capture both respiration and heart rates [26]. Tra-
ditional methods, such as body plethysmography involv-
ing placing animals in a chamber to measure respiratory 

Table 3  Summary of key 
parameters of representative 
implantable flow sensors

Implanted location Mechanism Main materials Sensing performance Ref

Pulmonary artery Piezoresistive Silicon, polyi,ide, gold, 
silicone

Gauge factor: 30 to 100
Average error: 0.5 ± 0.4 l/min

[151]

Kidney Thermal Gold, platinum, polyimide, 
cellulose acetate

Response time: 1–5 min
Long-term stability: 9 days

[152]

Airway Thermal Polyimide, chromium, gold, 
copper

Airflow rates: 0—300 ccm
Response time: 130 ms
Accuracy: 0.57% error margin

[26]

Lung Thermal Cromium, gold, parylene Response time: 60 ms [153]
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functions based on pressure changes, have several limita-
tions [26]. The method is sensitive to both body and envi-
ronmental temperatures. As a result, animal movements can 
cause pressure variations, which makes it difficult to obtain 
accurate respiratory data. To address the limitation, Noma 
et al. have developed a stent flow sensor to measure respira-
tory and cardiac functions in unrestrained laboratory animals 
[26]. The sensing mechanism involves a combination of a 
heater and two temperature sensors integrated into a micro-
machined tube, where the heater functions as a hot-wire ane-
mometer. The flow rate is measured by the amount of electri-
cal power needed to maintain a stable heater’s temperature. 
The tube flow sensor and stent are assembled in a connec-
tion area and the stent expands mechanically to fit inside the 
airway (Fig. 4h). The sensor output increases with the flow 
rate, following the King’s equation for hot-wire anemometry 
[158]. The stent flow sensor is implanted into the airway of 
anesthetized rats. The sensor is positioned at the center of 
the airway, where the flow velocity is the highest to maxi-
mize the sensitivity and accuracy of the flow measurements. 
The obtained respiration frequency is around 0.61 Hz, and 
the tidal volumes are measured at approximately 1.06 mL 
during expiration and 1.33 mL during inspiration, fitting 
within the physiological range for rats. The limitation of 
this sensor is that the stent structure relies on mechanical 
expansion to stay in place, which may introduce stress on 
the sensor and stent over time, especially in environments 
where movement is present or long-term stability is required.

Similarly, Maeda et al. have introduced the application of 
a catheter sensor system designed for in situ breathing and 
optical imaging measurements within the airways of the lung 
[153]. The system integrates a tube flow sensor with medical 
basket forceps and an optical fiberscope, all housed within a 
small-diameter tube for insertion into the airway. The system 
measures both airflows and captures optical images within 
the airways in real-time. The system utilizes a thermal air-
flow sensor based on hot-wire anemometry. Two heaters 
are placed within the tube to measure airflow velocity and 
direction. Heat is carried away as air flows over the heaters, 
causing a measurable change in electrical power consump-
tion. The sensor is attached to the inner tube of the catheter 
system with electrical connections made through enameled 
wires. The sensor's response is calibrated using King's law:

where V is the voltage supplied to maintain the heater, u is 
the flow velocity of the air, and A, B, and n are constants 
determined by the sensor design and structure. The optical 
fiberscope captures real-time images of the airway, assisting 
with positioning the catheter and monitoring the sensor's 
placement. The fiberscope guides the system to the desired 
location in the airway. The catheter sensor system is inserted 

(7)V2 = A + Bun ,

into the rabbit's airway, comprising the tube flow sensor and 
the optical fiberscope (Fig. 4i). Breathing airflow and opti-
cal images are successfully measured with a breathing cycle 
period of 1.08 s, which is consistent with the rabbit’s physi-
ological breathing rate. The catheter sensor system, with its 
thermal flow sensor and integrated optical fiberscope, pro-
vides a robust and precise method for in situ measurement 
of airflow and imaging within the airways.

Temperature sensors

Extensive research has indicated that organ temperature is 
closely related to organ vitality, inflammation, and infection 
[13, 159, 160]. Despite small temperature differences among 
various organs, temperature becomes a crucial warning sig-
nal under abnormal conditions. For instance, nerve damage 
or infection may result in an abnormal temperature increase 
of approximately 1℃ within a few hours, whereas organ 
transplant rejection, such as kidney transplant rejection, can 
lead to a sharp temperature drop of several degrees Celsius 
within a single day [12, 19]. By continuously monitoring 
changes in organ temperature, implantable temperature sen-
sors can provide critical support for disease prevention and 
treatment. These sensors enable long-term monitoring of 
organs, providing vital information for early warning and 
disease diagnosis. They are particularly useful for detect-
ing organ diseases and wounds or postoperative infections, 
as abnormal temperature fluctuations are closely associated 
with various inflammations. In disease treatment, implanta-
ble temperature sensors can monitor the temperature around 
the treatment area, providing effective feedback for thermal 
effects in therapies and even forming closed-loop treatment 
systems. Monitoring and controlling tissue temperature is 
essential to prevent heat damage during therapies involv-
ing electrical or thermal stimulation. In some cases, these 
sensors can also deliver electrical or thermal stimulation, 
making them suitable for therapeutic interventions. Further-
more, temperature sensors can be part of multifunctional 
monitoring platforms when combined with other sensors, 
enabling signal calibration and enhancing the accuracy of 
medical assessments.

Compared to traditional temperature measurement 
devices, implantable temperature sensors must be small, 
thin, flexible, and nontoxic to achieve mechanical and bio-
logical compatibility with organs, allowing long-term moni-
toring with minimal tissue damage. These specific require-
ments make it impossible to adapt commonly used "gold 
standard" mercury thermometers into implantable formats. 
Additionally, many optical-based temperature sensors, such 
as infrared thermometer, are unsuitable for organ tempera-
ture monitoring due to the water content of organs and the 
barrier properties of the skin. Currently, the most commonly 
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used implantable temperature sensors can be categorized 
based on their mechanisms: resistance temperature detec-
tors (RTDs), thermocouple temperature detectors, dielectric 
constant temperature detectors, Positive-Intrinsic-Negative 
(PIN) diode temperature detectors, temperature sensing 
oscillators, and meta-structured temperature detectors. The 
most common sensing mechanism is based on the change 
in electrical resistance with temperature, as seen in RTDs. 
RTD temperature sensors, typically made from metals such 
as platinum (Pt), copper (Cu), and nickel (Ni), can achieve 
measurement accuracy ranging from 0.1 to 0.5℃ with 
a potential maximum accuracy of 0.05℃ or even higher 
[161]. The predictable linear relationship between a wire's 
electrical resistance and temperature enables precise tem-
perature measurements. For measuring temperatures within 
the human physiological range (~ 30–45℃), the relation-
ship between resistance and temperature can be expressed 
as [161]: RT = R

0
(1 + �T) , where α is the temperature coef-

ficient, T is the temperature, RT is the resistance at tem-
perature T, and R

0
 is the resistance at the reference tempera-

ture. The advantages of RTDs include stable and repeatable 
resistance–temperature relationship, as well as flexibility in 
the sensor design. By arranging the wire in various configu-
rations, these sensors can be customized to meet specific 
organ temperature sensing requirements. For implantable 
temperature sensors, the common design of RTD to mini-
mize local strain is the use of thin and narrow microwires 
embedded in a sandwich structure using lithographic tech-
niques, resulting in an ultrathin and compact sensing area 
(Fig. 5a). Examples include the gold thermal sensing disk 
with a thickness of 100 nm and a line width of ~ 20 μm, 
and the 200-nm-thick serpentine-shaped  MoS2 temperature 
sensor [12, 162]. The small and thin features enable them to 
conform seamlessly to the organ. Moreover, the fabrication 
of RTDs is compatible with existing planar manufacturing 
processes, which allows convenient construction of multi-
functional monitoring platforms. Thermocouple temperature 
sensors operate based on the thermoelectric effect (Fig. 5b). 
Specifically, in a closed loop formed by two different metals, 
A and B, an electromotive force is generated in the presence 
of a temperature difference between the two metals, resulting 
in a measurable current flow [163]. The relationship between 
the temperature (T) and the output voltage ( Vs ) of a ther-
mocouple can be expressed as [161]: Vs(T) =

∑n

i=0
ai ∙ T

i , 
where ai   represents the ith coefficient of the polynomial, and 
n denotes the order of the polynomial. The values of ai   and 
n vary depending on the type of thermocouple and the spe-
cific temperature range. Thermocouples are known for their 
stability, fast response, and small heat capacity, making them 
suitable for the calibration of other types of temperature sen-
sors [164]. The dielectric constant temperature detection is 
another commonly used method. The dielectric constant (εr) 
is a property of sensing materials that quantifies the ability 

of an insulator to store electrical energy within an electric 
field [165]. By exploiting the temperature dependence of the 
dielectric constant, temperature sensors can be developed to 
influence the performance of LC circuits. For example, poly-
ethylene glycol (PEG) is known for its pronounced temper-
ature-dependent dielectric constant, particularly within the 
34–42 °C range, which corresponds to typical human body 
temperatures. This temperature dependence can be analyti-
cally described by the Curie–Weiss formula: 

where �
s
 and �

l
 are the dielectric constants of the solid phase 

at low temperature and the liquid phase at the melting tem-
perature, while T

m
 and T

C
 are the melting temperature and 

effective Curie temperature determined by the molecular 
weight Mw of PEG, respectively. An LC circuit can be con-
structed by using PEG to fabricate a capacitor and by con-
necting the capacitor to an inductor (with inductance L and 
resistance R), which will resonate at a certain frequency. 
Therefore, temperature sensing can be realized by coupling 
this circuit with a secondary coil linked to a specialized sig-
nal readout system [165]:

In addition to common conductors, PIN diodes also 
exhibit obvious temperature dependence. Specifically, its 
turn-on voltage varies with temperature [166]. This implies 
a linear relationship between voltage and temperature at a 
fixed current, or between diode current and temperature at 
a fixed voltage. Building on this mechanism, Sahasrabudhe 
et al. have developed a temperature sensor using diodes 
 (InxGa1-xN) to monitor heat dissipation in tissues during 
surgical procedures [164]. Moreover, since the diode is a 
small electronic component with a unique temperature-
dependent I-V relationship, adiode connected to an LC cir-
cuit can be used to construct a temperature sensing oscilla-
tor. For example, Chen et.al have combined stacked NMOS 
diodes into an LC circuit, forming a temperature-dependent 
oscillator [170]. The oscillation frequency of the oscilla-
tor can be designed to vary with temperature by exploiting 
the temperature dependence of the leakage current flowing 
through a subthreshold-biased transistor, thereby achieving 
temperature sensing through frequency feedback. In addition 
to electrical signal-based sensing mechanisms, an alterna-
tive approach involves using materials with inherent tem-
perature-dependent properties, such as temperature-sensitive 
acoustic materials (Fig. 5c). For example, Tang et al. have 
developed a series of temperature sensors based on meta-
structured hydrogels (metagels) [46]. These metagels can 
sense the intracranial temperature by responding to temper-
ature-induced micro-deformations. The metagel comprises a 
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hydrogel matrix embedded with periodic air columns, form-
ing a soft phononic crystal with tunable acoustic reflection 
spectra. As the temperature changes, the hydrogel under-
goes micro-deformations, altering its acoustic properties and 
leading to shifts in the acoustic reflection spectra. In this 

system, the metagel exhibits a strong correlation between 
frequency and temperature across a wide range of 28–43 °C, 
encompassing the typical range of human core body tem-
perature. This method avoids direct electrical signals and 

Fig. 5  Implantable temperature sensors and their applications in monitoring inflammation and assisting therapy. a, b, c Representative sensing 
mechanisms for implantable temperature sensors: (a) resistance temperature detectors, adapted and modified from [166]; (b) thermocouples, 
adapted and modified from [167]; (c) meta-structured temperature detectors, adapted and modified from [46]. d A wireless implantable tempera-
ture sensor for long-term monitoring of characteristic temperature patterns in intestinal Crohn's disease. Adapted and modified from [22]. e A 
cuff-type implantable temperature sensor for monitoring inflammation in recovering sciatic nerve injuries. Adapted and modified from [19]. f An 
implantable temperature sensor patch for monitoring kidney transplant rejection. Adapted and modified from [12]. g A neural probe integrated 
with a temperature sensor for real-time monitoring during electrical brain stimulation. Adapted and modified from [168]. h A photothermal ther-
apy patch with an integrated temperature sensor for real-time monitoring during bone treatment. Adapted and modified from [27]. i An acoustic 
temperature sensor for synchronous temperature feedback during focused ultrasound therapy. Adapted and modified from [169]
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transmission, offering potential for long-term implantation 
of temperature sensors [46].

Inflammation monitoring

The development of various types of implantable tem-
perature sensors has revolutionized several critical areas 
in modern healthcare, including organ disease monitoring, 
wound/postoperative recovery tracking, and assistance in 
precision therapy. Inflammation is a biological response 
of the immune system, triggered by various factors such as 
pathogens, damaged cells, and toxic compounds. Inflamma-
tion can be associated with various scenarios, including tis-
sue and organ infections, inflammatory diseases, and organ 
transplant rejection. Implantable temperature sensors have 
the potential to revolutionize the monitoring and timely 
treatment of inflammation. For example, Crohn’s disease, a 
chronic inflammatory bowel disease, can affect any part of 
the gastrointestinal tract and penetrate deep into the bowel 
tissue. As a lifelong condition with periods of remission 
and flare-ups, Crohn’s disease requires long-term monitoring 
[21]. Existing monitoring techniques, including surveillance 
endoscopy, MRI, computed tomography (CT), and ultra-
sound imaging are not only cumbersome and complex, but 
also incapable of providing real-time monitoring capabili-
ties [171]. The intestinal temperature variations associated 
with Crohn's disease make long-term monitoring strategies 
based on temperature sensors feasible. Madhvapathy et al. 
have developed a small (12.8 × 8.2 × 5.8  mm3), lightweight 
(~ 0.58 g), smooth (roughness Sa = 2.8 ± 1.6 µm), and bio-
compatible intestinal temperature sensor for monitoring 
and treating intestinal inflammation (Fig. 5d) [22]. The 
shape and surface design avoid adhesion, tissue necrosis, 
and imbalance of intestinal microbial flora caused by fric-
tion between the sensor and the intestinal lining [172, 173]. 
The button battery-powered system and low-power Blue-
tooth chip enable the temperature sensor to report intesti-
nal temperature continuously for 16 weeks for long-term 
and real-time monitoring of inflammatory events during 
the progression of Crohn's disease without adverse effects. 
Compared to complex traditional medical equipment, this 
simple sensor offers new possibilities for long-term dis-
ease monitoring. In addition to disease-related inflam-
mation, implantable temperature sensors are valuable in 
monitoring inflammation associated with wounds or post-
operative recovery. For example, monitoring nerve healing 
is crucial as incomplete or suboptimal recovery can lead 
to permanent physical disabilities near the repaired nerve. 
Traditional monitoring methods are often complex, requir-
ing highly trained technicians, and may pose a risk of sec-
ondary nerve damage during the assessment [174]. Infec-
tion and inflammation during wound recovery often cause 
localized temperature changes due to increased vascular 

permeability, making temperature sensor-based monitoring 
a viable approach for assessing recovery [175]. Kim et al. 
have designed a 35 mm × 4 mm × 100 µm (L × W × T) cuff-
type flexible sensor, consisting of Au microcircuits embed-
ded within a PI film and encapsulated in the biocompatible 
Ecoflex layer (Fig. 5e) [19]. The thin, cuff-type design of 
the sensor reduces the impact of the polymer encapsulation 
layer on thermal conductivity and allows it to be wrapped 
closely around the injured sciatic nerve and fixed with an 
endo-clip, enabling real-time monitoring of temperature 
changes. The elastic modulus of Ecoflex (< 70 kPa) is lower 
than those of typical peripheral nerves of mammals, which 
reduces the risk of damaging sensitive nerves during sensor 
implantation. As a result, this temperature sensor can moni-
tor nerve changes throughout the recovery process, offer-
ing early detection of serious nerve damage or unexpected 
complications based on abnormal temperature fluctuations 
during recovery. Moreover, organ rejection can also lead 
to significant inflammation. For instance, 10% to 15% of 
kidney transplant recipients experience subclinical rejection 
within the first few months to a year, leading to inflamma-
tion and potential organ failure. If rejection is detected early, 
timely treatment can preserve organ function. The current 
"gold standard" for detecting rejection reactions, namely 
biopsy, has several limitations in providing timely warn-
ings of rejection. They carry the risk of false positives and 
negatives, and can cause pain, bleeding, infection, and other 
complications for patients [176–178]. Temperature changes 
associated with organ rejection have the potential to revo-
lutionize rejection monitoring. Madhvapathy et al. have 
developed a small (~ 0.3 × 0.7  cm2), ultrathin (~ 220 μm), 
stretchable (20% stretchability), flexible (bending radius ≥ 
~ 2.8 mm), smooth (0.13 mm ± 0.02 areal surface roughness) 
and biocompatible (encapsulated by layers of polyimide and 
silicone) temperature sensor that can be attached to the kid-
ney via a direct surgical suture, thereby enabling real-time 
monitoring of kidney transplant-related rejection reactions 
(Fig. 5f) [12]. The internal battery can maintain the system's 
surface temperature and support thermal conductivity moni-
toring for about 30 days, or up to 8 months if used solely for 
temperature monitoring, which covers the period of highest 
risk for organ rejection. Abnormal temperature signals, such 
as sudden drops, can serve as important indicators of organ 
rejection. This real-time diagnostic method is convenient 
for both doctors and patients. Implantable temperature sen-
sors have opened new possibilities for timely and conveni-
ent detection of inflammation. One common limitation of 
temperature sensors is their dependence on battery life and 
Bluetooth transmission. To overcome this, passive sensing 
and special transmission strategies have been proposed to 
reduce power consumption or even eliminate the need for 
power. For instance, Karipott et al. have integrated a reso-
nant circuit sensor with an existing orthopedic implant to 
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detect post-surgical inflammation. This allows for remote 
monitoring of the temperature near the implant through 
inductive coupling with an external detection coil [179]. 
Similarly, Kim et al. have used NFC to form a battery-free 
and wireless monitoring sensor platform, enabling external 
devices to read the sensor signals [19]. Despite the advan-
tages of this method, heating during electromagnetic wave 
transmission remains a potential concern. In contrast, Maini 
et al. have designed a passive temperature sensor using 
acoustic metamaterials. The sensor consists of a PDMS 
matrix embedded with micropillars that reflect ultrasonic 
waves. It detects temperature variations by altering the fre-
quency of the reflected waves as the matrix deforms due 
to thermal expansion. This strategy eliminates the need for 
internal power and data transmission, making it particularly 
advantageous for long-term implantation and sustained bio-
compatibility [180].

Assistance in therapy

Beyond inflammation monitoring, implantable tempera-
ture sensors also play a crucial role in assisting therapy. 
Treatment methods for organ, nerve, and tissue diseases, 
including electrotherapy, thermal therapy, phototherapy, and 
focused ultrasound therapy (FUS), often lead to localized 
heat accumulation. During treatment, it is typically essential 
to regulate the temperature and its impact range to prevent 
undesirable damage to healthy cells. In these scenarios, 
implantable temperature sensors can provide precise tem-
perature feedback and facilitate the formation of a closed-
loop therapy system. For example, neural probes, which 
deliver electrical stimulation through their electrodes, play 
a crucial role in treating neurological and brain diseases such 
as Alzheimer's, Parkinson's, and epilepsy [181, 182]. Simul-
taneously, the negative effects of electrical stimulation, such 
as instantaneous temperature increases and localized heat 
accumulation, should be minimized to prevent unintentional 
damage to delicate brain cells. To address this issue, Wang 
et al. have integrated temperature sensors into neural probes 
for real-time monitoring of local temperature during electri-
cal stimulation (Fig. 5g) [168]. The neural probe features 
two sets of electrodes, with a temperature sensor composed 
of a 5 µm linewidth Au serpentine microcircuit (RTD type) 
positioned at the center of the electrodes. The entire probe 
is encapsulated in a 1 µm thick layer of PI, which ensures 
biocompatibility while minimizing the impact of polymer 
thickness on the thermal conductance. As a result, the probe 
can accurately record local temperature changes of several 
degrees Celsius during electrical stimulation of the brain 
and eyes. This integration eliminates the need for additional 
surgery to implant traditional, larger thermometers in the 
target area. Implantable temperature sensors used in pho-
tothermal therapy can provide similar feedback. Light and 

heat therapies are valuable for bone healthcare, including in 
the treatment of osteoporosis and the recovery from fragil-
ity fractures. Based on this, Cai et al. have developed a bone 
healthcare patch that combines a microscale inorganic light-
emitting diode (µ-ILED) with a temperature sensor, enabling 
both bone treatment and real-time monitoring of local tem-
perature changes (Fig. 5h) [27]. The entire device has been 
through three encapsulation treatments: first with silane, fol-
lowed by two layers of 9 µm parylene-C, and finally a PDMS 
dip coating. To further ensure long-term implantation and 
stability, the device is anchored on the bone by utilizing cal-
cium phosphate ceramic particles in combination with trans-
forming growth factor beta 1(TGF-β1) [183]. This integrated 
device can operate continuously for weeks without adverse 
effects. However, this nearly permanent implantation method 
raises important considerations regarding device removal 
post-treatment and the potential risks in human applications. 
In addition to integrating sensors with therapeutic devices, 
another approach is to design small-sized passive implant-
able temperature sensors to provide temperature feedback 
during long-term treatment. For example, Shi et al. have 
designed ultra-small implantable temperature-sensing oscil-
lators made of lead zirconate titanate, with a volume of only 
0.065  mm3 (Fig. 5i) [169]. This sensor is compact enough to 
be delivered through an 18-gauge microneedle and injected 
directly into the target tissue, minimizing inconvenience dur-
ing or after implantation. The temperature-modulated signal 
from the sensor can be transmitted back to the ultrasound 
source via acoustic backscattering, which is particularly val-
uable for assessing the thermal effects of medical procedures 
such as focused ultrasound neuromodulation. When coated 
with an 8-μm-thick layer of parylene C, the sensor exhibits 
no functional or performance degradation during continuous 
soaking in PBS for over 21 days, making it highly suitable 
for long-term implantation. Similarly, this passive acous-
tic feedback consists of polymer acoustic microstructures 
and contributes to prolonged implant stability, as it does not 
contain any metal components [180]. Clearly, implantable 
temperature sensors have demonstrated significant value in 
providing assistance in therapy. Small, thin implantable tem-
perature sensors offer significant benefits for both patients 
and doctors by enabling real-time temperature monitoring, 
supporting precision medicine, and preventing accidental 
damage from overheating.

Representative examples of implantable temperature sen-
sors are summarized in Table 4.

Conclusions and outlook

Implantable physical sensors have the potential to revolu-
tionize medical and healthcare practices by enabling direct, 
real-time acquisition of critical physiological signals from 
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internal organs and tissues. These sensors—including 
strain, pressure, flow, and temperature sensors—may sig-
nificantly advance patient care, facilitate early diagnosis, 
and enhance treatment efficacy across various medical dis-
ciplines. Implantable strain sensors are vital for monitoring 
biomechanical changes within organs, muscles, and bones, 
providing crucial data on organ volume fluctuations, tissue 
stiffness, and motion rhythms. This information is essential 
for assessing post-surgical recovery and managing chronic 
conditions. Implantable pressure sensors, particularly those 
used to monitor ICP and cardiovascular parameters, deliver 
real-time data critical for managing traumatic brain inju-
ries, heart diseases, and hypertension. Similarly, implant-
able flow sensors, especially in vascular applications, enable 
continuous monitoring of blood flow, which is essential for 
managing conditions such as aneurysms and atherosclero-
sis. Implantable temperature sensors play a dual role: they 
monitor organ health, inflammation, and infection, while 
also integrating with therapeutic tools to regulate tissue 
temperature during treatments such as electrotherapy and 
photothermal therapy, thereby supporting precision medi-
cine and enhancing treatment safety. Unlike wearable sen-
sors, implantable sensors must address a range of complex 

factors, including biocompatibility, flexibility, and stretch-
ability, implantation procedures, long-term stability, as 
well as power and data transmission (Fig. 6). These consid-
erations are critical to ensuring the successful integration 
and reliable performance of implantable sensors within the 
human body over extended periods.

Material biocompatibility

The biocompatibility of materials used in implantable sen-
sors is crucial, as it directly influences organ health and can 
potentially trigger immune responses. In the design pro-
cess, priority should be given to FDA-approved metallic 
materials such as titanium, platinum, 316 L stainless steel, 
magnesium, nitinol, gold, and silver for use in electronic 
components [184]. Similarly, FDA-approved polymers 
such as PEG, polyethylene terephthalate (PET), parylene, 
polytetrafluoroethylene (PTFE), and polyurethane (PU) 
should be preferred for use as substrate or encapsulation 
materials [184, 185]. Additionally, materials such as  TiO2, 
 SiO2,  Al2O3, PLGA, and PDMS have been validated as 
non-cytotoxic in a large number of studies [120, 186–189]. 
Magnesium, zinc, PLGA have also been well-documented 

Table 4  Summary of key parameters of representative implantable temperature sensors

Function and implanted location Mechanism Main materials Sensing performance Ref

Inflammation monitoring (kidney) RTD Gold, polyimide, silicone Range: 30–41℃
Resolution: ~ 0.004℃
Accuracy: ± 0.1℃
Response time: ~ 0.13 s
Long-term stability: > 27 days

[12]

Inflammation monitoring (nerves) RTD Gold, polyimide, ecoflex Range: 0–40℃
Signal-to-noise ratio: 100
Sensitivity: 0.22%/℃
Response speed: 8℃/s
Long-term stability: > 21 days

[19]

Inflammation monitoring (bones) Acoustic Silicon, PDMS Range: 29–43℃
Resolution: ~ 0.03 K

[180]

Inflammation monitoring (brain) Acoustic Polyvinyl alcohol/ poly(N-isopropy-
lacrylamide) (PVA/PNIPAM)

Range: 28–43℃
Resolution: 0.1℃
Sensitivity: 80 kHz/℃
Long-term stability: 3–4 weeks

[46]

Assistance in therapy (brain and 
retina)

RTD Gold, chromium, polyimide Range: 18–42℃
Accuracy: ± 0.25℃
Response time: 1.3 s

[168]

Assistance in therapy (bones) Thermistor Polyimide, copper,
NTC thermistor,
Parylene, PDMS,
calcium phosphate ceramic particles

Range: 33–41℃
Resolution: 10 mK
Sensitivity: ~ 1920 ADC/K
Long-term stability: 205 days 

(estimated)

[27]

Assistance in therapy (nerves) Relaxation oscillator Lead zirconate titanate, gold, copper, 
aluminum,

anisotropic conductive film,
CMOS, parylene

Range: 25–50℃
Resolution: ~ 0.049℃
Accuracy: ± 0.2℃
Response time: ~ 0.13 s
Long-term stability: > 21 days

[169]
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as bioabsorbable, degradable, or excretable materials [122]. 
However, the potential toxicity of emerging nanomaterials 
such as metal nanowires and CNTs remains unclear [190, 
191]. Although initial cytotoxicity tests have indicated low 
toxicity levels, more rigorous and long-term studies are 
essential to confirm their biocompatibility, particularly in 
human cells and across diverse cell models.

Long‑term stability

The long-term stability of implantable sensors is essen-
tial for ensuring accurate measurements and safeguarding 
organ health. Sensors that lose stability over time can pro-
duce erroneous data, compromising patient safety. Effective 
encapsulation is key to maintaining this stability. Materials 
such as parylene, known for their low water vapor transmis-
sion and oxygen permeability, can protect sensitive compo-
nents from corrosion or oxidation [192]. Tables 1, 2, 3 and 4 
indicate that sensors utilizing effective encapsulation materi-
als, such as parylene, typically exhibit long-term stability. 
Additionally, the long-term performance of sensors can be 
compromised by chemical and mechanical aging, including 
cyclic stresses, compressions, and prolonged exposure to 
body fluids, which may lead to material degradation and 
affect sensors’ mechanical and electrical properties [98, 
193]. It is also crucial to understand yield and fatigue limits 
of materials. Furthermore, battery life plays a significant 
role in sensor longevity. The need for battery replacement or 

recharging in implantable devices is inconvenient and risky, 
making the development of low-power systems or battery-
free designs critical strategies for enhancing long-term 
stability [164]. In contrast to sensors requiring long-term 
stability, bioresorbable sensors offer a conceptually differ-
ent approach by operating only for a predetermined period 
before safely dissolving within the body [162, 189]. This 
eliminates the need for sensor removal and reduces poten-
tial risks associated with secondary surgery. Challenges for 
bioresorbable sensors mainly lie in achieving stable sensor 
performance and control over the dissolution process, which 
may require advanced structural design, material selection, 
and novel encapsulation strategies to ensure reliable per-
formance during the sensor's intended operational period.

Mechanical flexibility and stretchability

When selecting materials for implantable sensors, flexibil-
ity and stretchability must be carefully considered to mini-
mize mechanical mismatch between the devices and the 
target organ or tissue. For example, sensors designed for 
the bladder need to exhibit significant stretchability, often 
exceeding 70%, while materials for brain implants require 
a low elastic modulus (0.5–3 kPa) to match the softness of 
brain tissue (Fig. 1). Mechanical mismatch can adversely 
affect both signal quality and organ health. To address these 
challenges, intrinsically stretchable conductors can be used, 
such as silver nanoparticles, silver nanowire networks and 

Fig. 6  Key considerations in 
the design, testing, and in vivo 
performance of implantable 
physical sensors
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liquid metals, while stretchable elastomers such as PDMS 
and Ecoflex can serve as substrates or encapsulation layers 
[194–197]. Additionally, structural designs such as serpen-
tine layouts [198] and kirigami designs [199, 200] can be 
leveraged to create structurally stretchable components using 
materials with limited strain limit, such as metals (e.g., gold, 
titanium) and dielectric materials (e.g.,  SiO2, parylene) [201, 
202]. These designs enable the integration of materials that 
are not inherently stretchable, ensuring that the sensors can 
conform to and move with the body’s tissues without com-
promising functionality.

Implantation and device‑tissue interfaces

The choice of implantation method for implantable sen-
sors influences their functionality and their impact on organ 
health. An optimal method should minimize tissue damage, 
reduce infection risk, and ensure precise sensor placement 
and intimate sensor-tissue interface for reliable measure-
ments. Traditional surgical suturing is commonly used 
to anchor sensors on or within tissues [12, 98]. Although 
suturing offers stable sensor attachment, it can lead to tissue 
damage, inflammation, and complications such as scarring 
and bleeding during both implantation and retrieval. Bio-
adhesives composed of soft polymers or hydrogels present 
a less invasive alternative by adhering to wet tissue surfaces 
through physical or covalent cross-linking mechanisms, 
such as hydrogen and amide bonds [164, 203, 204]. These 
adhesives can minimize tissue trauma and reduce bleeding; 
however, their adhesion strength can vary based on the tis-
sue type and physiological conditions, and their long-term 
stability under dynamic conditions remains a potential chal-
lenge. Novel bio-inspired adhesives with strong yet revers-
ible adhesion to organ and tissue surfaces may lead to more 
reliable sensor-tissue interfaces [205, 206]. In addition, 
the use of smart materials that respond to physiological 
changes could enable dynamic adaptation of the sensor-tis-
sue interface, enhancing sensor stability and function over 
time. Innovations in minimally invasive delivery methods, 
potentially through the use of advanced robotics and imag-
ing technologies, could improve sensor placement accuracy 
and reduce tissue damage.

Power supply and data transmission

Power and signal transmission are essential for ensuring that 
implantable sensors operate effectively and transmit accurate 
data to external monitoring systems. Typically, these sensors 
are powered by batteries, such as coin-cell batteries, which 
can be supplemented with wireless charging features such as 
RF coils [12, 207]. In addition, self-powered systems, includ-
ing piezoelectric nanogenerators (PENGs) and TENGs, are 
emerging as promising alternatives by harvesting energy 

from the body’s own movements [208–210]. Traditional sig-
nal transmission methods, such as percutaneous wires, are 
generally discouraged due to the increased risk of infection 
and patient discomfort [211]. Instead, wireless transmission 
methods are preferred, with active systems such as Bluetooth 
offering a more convenient and patient-friendly solution. 
Passive wireless transmission designs, such as LC resonant 
circuits or chip-less radiofrequency identification (RFID), 
can eliminate the need for batteries, further extending sensor 
lifespan [212–214]. Additionally, novel passive transmission 
methods, such as metastructured hydrogels made entirely of 
polymers, are capable of converting micro-deformations into 
temperature feedback via acoustic backscattering [46, 170]. 
This approach is particularly advantageous for long-term 
implantation and sustained biocompatibility.

Bench‑to‑clinic translation

Translating implantable physical sensors from benchtop 
testing to human use is a complex process with several sig-
nificant challenges. Standardized testing methods are rec-
ommended during benchtop testing for initial evaluation. 
For example, key tensile properties, such as elastic modu-
lus, tensile strength, and elongation at break, can be evalu-
ated using ASTM D412 for sensors made of elastomers and 
ASTM D882 for sensors made of thin plastic sheets. ASTM 
D4482 provides guidelines for investigating the fatigue life, 
hysteresis, and cyclic deformation of rubber materials [215]. 
For more a thorough device examination, ISO 14708–1 has 
specific testing standards to evaluate implantable devices 
under mechanical impact, vibration, temperature changes, 
and exposure to humidity [216]. Animal studies follow 
benchtop testing and are critical for assessing the feasibil-
ity, safety, biocompatibility, and long-term performance. 
However, differences between animal models and human 
biology can lead to unexpected outcomes in clinical trials 
[217]. Therefore, biocompatibility test standards such as 
ISO 10993 require a series of toxicity tests to allow medical 
devices to be used in clinic settings. Ensuring long-term 
biocompatibility and stability is another challenge, as sen-
sors must function accurately over extended periods without 
triggering immune responses or degrading in the body. As 
many physical sensors are integrated into larger implant-
able devices, such as neurostimulators and bladder control 
systems, their integration with existing medical technologies 
in real-world clinical settings adds complexity that must be 
addressed during development. Another critical aspect of 
the translation process is the regulatory and compliance con-
siderations. Stringent standards for safety, efficacy, device 
manufacturing quality, and other factors need to be met 
before implantable devices are approved for human use. To 
facilitate the bench-to-clinic translation, advances in mate-
rial science, such as the development of new materials that 
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are more biocompatible with the human immune system, 
will be critical in improving sensor longevity and minimiz-
ing immune reactions. Additionally, innovations in simula-
tion and modeling techniques may allow better prediction of 
the behavior of these sensors in the human body, potentially 
reducing reliance on animal models and accelerating the 
transition to human trials.
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