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Medical Devices
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indicating that further medical attention
and care may be necessary. Today, most
of the wearable devices have a watch
format and track activity levels. By
incorporating vital signs sensors, these
devices can be upgraded for both fitness
monitoring and medical diagnostics.
Moving toward health monitoring
devices that interface well with the skin
and the body may help with the adoption of wearable medical devices and
even improve the performance of fitness monitoring. Considerable efforts
are taking place where new fabrication
techniques and materials are being
applied to sensors and electronics
with the goal of demonstrating flexible
and conformal electronic devices. The
bulky and rigid nature of conventional
silicon-based devices can impede their
applications in epidermal and implantable medical sensing.[2,3] Alternative materials, such as plastic
and elastomeric substrates, used in these flexible devices are
conformal by nature, lightweight, and therefore offer better
interface with the human skin and soft tissue. Many sensors
also use electronic and optoelectronic materials that are flexible by nature[4–7] while other approaches look into transferring
small and thin conventional devices onto flexible substrates.[8,9]
Meanwhile, silicon-based electronics provide unparalleled
performance in data processing and performance. Therefore,
the ideal design for a comfortable wearable medical device
would take a hybrid approach where new advanced flexible
materials are used in the same fabrication platform as silicon
integrated circuits (ICs). Such a hybrid approach can also take
into consideration the diversity of shapes and sizes of the
population, making medical devices better customized for
individuals. Additionally, flexibility and a good fit to the body
can also improve signal quality and reduce noise from the
measurement.[6,7]
Medical devices are designed to diagnose, prevent, and
treat disease. According to the Food and Drug Administration (FDA), a medical device should not achieve its purposes
through chemical action within or on the body, and an agent
which achieves its purpose through chemical action is termed
as a drug.[10] Therefore, sensors ranging from a simple temperature sensor to an invasive electrocorticography (ECOG) sensor
fall under the broader umbrella of medical devices. In this

Advances in wireless technologies, low-power electronics, the internet of
things, and in the domain of connected health are driving innovations in
wearable medical devices at a tremendous pace. Wearable sensor systems
composed of flexible and stretchable materials have the potential to better
interface to the human skin, whereas silicon-based electronics are extremely
efficient in sensor data processing and transmission. Therefore, flexible and
stretchable sensors combined with low-power silicon-based electronics are a
viable and efficient approach for medical monitoring. Flexible medical devices
designed for monitoring human vital signs, such as body temperature, heart
rate, respiration rate, blood pressure, pulse oxygenation, and blood glucose
have applications in both fitness monitoring and medical diagnostics. As a
review of the latest development in flexible and wearable human vitals sensors, the essential components required for vitals sensors are outlined and
discussed here, including the reported sensor systems, sensing mechanisms,
sensor fabrication, power, and data processing requirements.

1. Introduction
In recent years, there has been an increased demand for wearable devices, as demonstrated by the growth of the wearable
fitness market to $5 billion in 2015, which is higher by 25%
from 2014—this growth rate is expected to be sustained over
the next 5 years.[1] Concurrently, there has been a significantly
increased interest in monitoring stress and human performance during physically demanding tasks. Wearable medical
devices, for improved in-home care, customized for patients
with known health issues that can benefit from regular and
even continuous monitoring, are desired. Currently, devices are
being developed to monitor human vital signs continuously, as
noninvasively and comfortably as possible. Regular monitoring
of vital signs would help to establish an individual health baseline and alert users and medical professionals of abnormalities
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review paper, we limited our focus to noninvasive and wearable
vital signs sensors. Vital signs are measurements of the body’s
most basic functions and are useful in assessing the physical
state of a person.
Here, we review several sensors that are flexible and could
be used as wearable devices to monitor vital signs such as
heart and respiration rate, temperature, blood pressure,
pulse oxygenation, and blood glucose. An overview of the
general working principle of each sensor is given together
with examples of flexible sensors previously reported in the
literature. General fabrication processes that allow flexibility
are also reviewed together with schemes for data processing,
transmission, and visualization. In Figure 1, a visual summary of this paper is given. In Section 2, flexible health
monitoring devices are described. For each sensor, the underlying sensing principle, alternative sensing schemes, and the
reported sensors in the literature are discussed. In Section 3,
fabrication processes are reviewed. Section 4 describes the
data processing and transmission requirements of the sensors, and also lists the measurement range and signal
frequencies associated with different types of vital sign measurements. Finally, in Section 5, the power requirements of
wearable electronics are discussed along with practical considerations such as choice of power source and storage in
different sensing scenarios. Overall, in this review paper, we
present all the major components in wearable biosensor systems and discuss the progress made in this field, as well as
the challenges that lie ahead.

2. Flexible Health Monitoring Devices
The four main vital signs routinely monitored by medical
professionals are: i) body temperature, ii) heart rate, iii) respiration rate, and iv) blood pressure;[11] v) pulse oxygenation
(oxygenation of fresh arterial blood), and vi) blood glucose do
not fall into the category of vital signs, yet these are widely
used by medical professionals. Figure 2 gives an overview of
the biosignals and sensing locations. In Figure 2a, biosignals
are grouped according to the sensing location. For example,
blood pressure measurements and bioelectronic measurements such as surface electromyography (SEMG) can be
performed on the arm,[12,13] therefore these two biosignals
are grouped under the red dot (Arm). Similarly, temperature, heart rate, pulse oxygenation, bioelectronic, and motion
signals can be obtained from the wrist, therefore these are
grouped under the green dot (wrist). Other biosignals that
can be extracted from the chest (orange dot), leg (yellow dot),
and bodily fluids (black dot) are also shown in the figure. In
Figure 2b, biosignals are listed according to precedence. The
same order is followed in the paper, where we discuss the
biosignal, the sensing mechanisms, and the reported flexible and wearable biosensors in literature used for measuring
the specific biosignal. Bioelectronic and motion signals are
also shown in Figure 2 because they can be used to extract
important physiological information such as the stress level
or movement of a person. However, considering the scope of
the review paper, these two biosignals were omitted from the
discussions.
2
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2.1. Temperature
Body temperature provides an insight into the physiological
state of a person. An elevated body temperature is an indication of infection or fever. On the other hand, a degraded
body temperature signifies low blood flow due to circulatory
shock. Therefore, body temperature is regarded as the first
vital sign. While measuring body temperature, the effect
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Figure 1. System flow of biosensors and a graphical overview of this review. Section 2 presents various biosensors designed to acquire biosignals.
Section 3 discusses the fabrication processes reported in the literature for developing flexible medical devices. Section 4 introduces the process flow
for biosignal acquisition, filtering, amplification, processing, and transmission to a host computer or portable device. Section 5 discusses the power
requirements and methods of powering wearable biosensor systems.

of the measurement site needs to be taken into account
because body temperature varies depending on the measurement site; for example, at room temperature (25 °C), normal
wrist temperature is around 32 °C while the body-core temperature is around 37 °C.[14] In wearable form factor, temperature sensors are usually placed on the arm or the chest,
hence, recorded temperatures are less than the body-core
temperature.
Body temperature can be measured using thermistors,[15–18]
thermoelectric effects,[19] or via optical means.[20] However, the
prominent method used in wearable sensors is the thermistor
configuration. The resistance of thermistors varies according to
the temperature. If the resistance increases with temperature
increase, the sensor is positive temperature coefficient (PTC)
type. Conversely, if the resistance decreases with temperature

increase, the sensor is negative temperature coefficient (NTC)
type. The general equation governing a thermistor is given below:
1 1
Rt = R0 exp β  − 
 T T0 


(1)

Here, Rt is the resistance at temperature T, R0 is the resistance
at T0 (reference temperature), and β is the material constant for
the thermistor. Equation (1) can be rewritten as:
1 1
ln Rt = ln R0 + β  − 
(2)
 T T0 

Now, a linear relationship between ln (Rt) and 1/T is established. β represents the slope of the ln(Rt) versus 1/T plot,

Figure 2. Biosignals and sensing locations. a) Sensing locations for wearable medical devices. Here the biosignals are grouped according to the sensing
location. Blood pressure measurements and bioelectronic measurements such as surface electromyography (SEMG) can be performed on the arm,
therefore these two biosignals are grouped under the red dot (Arm). The wrist (green dot) can be used for obtaining a vast amount of biosignals—
temperature, heart rate, pulse oxygenation, bioelectronic, and motion signals. Similar to the wrist, the chest (orange dot) is also a suitable biosensing
location. Temperature, heart rate, and respiration rate can be extracted from the chest. The leg (yellow dot) can provide bioelectronic and motion
signals. Electrochemical sensing can be performed on bodily fluids such as sweat and tear (black dot). Since bodily fluids can be obtained from different parts of the body, the sensing location is not marked. Additionally, these biosignals can be obtained from other sensing locations, for example,
pulse oxygenation can be obtained from the fresh arterial blood of the finger, earlobe, or forehead. Here, we highlighted the sensing locations where
the measurements can be done in a less obtrusive manner. b) Biosignals and their corresponding sections in this review article.
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Table 1. Flexible thermistors and performance parameters.
Thermistor material

β [K]

α [% K−1]

Ref.

Multi-walled CNTsa)

112.49

−0.15

[15]

–

−0.61

[16]

Graphene

835.72

−1.12

[17]

Nickel oxide

4262.70

−5.71

[18]

b)

PEDOT:PSS and CNT

a)

Carbon nanotubes; b)Poly(3,4-ethylenedioxythiophene)–poly(styrenesulfonate).

which is related to the Boltzmann relation  E  , where E is the
 kT 
bandgap of the thermistor material and k is the Boltzmann’s
constant. Generally, the sensitivity of the thermistor is quantified using β and the temperature coefficient of the thermistor,
α, which can be found by differentiating Equation (1) with
respect to T and dividing by Rt:

α=

1 dRt
β
= − 2 (% K −1 )
Rt dT
T


(3)

Both β and α can be used to characterize the performance
of the thermistor; β has the units of Kelvin, while α represents
the percentage change of resistance per degree Kelvin. The
described working principle and performance quantification
apply to most of the reported wearable thermistors. Depending
on the thermistor material, β and α can vary significantly.
Some of the reported thermistors in flexible and wearable form
factor and their performance parameters are listed in Table 1.
For these reports, the thermistor material is deposited and patterned on top of conductive electrodes.

Yan et al. used resistive graphene as the temperature sensing
channels and highly conductive silver nanowires (AgNWs)
as electrodes (shown in Figure 3).[17] Fabricated stretchable
devices proved mechanically robust and demonstrated strain
dependent resistance (Figure 3b,c,e). The thermistors demonstrated β = 835.72 K and α = −1.12% K−1. Huang et al. used
nickel oxide based thermistors, and demonstrated β = 4262.70 K
and α = −5.71% K−1. These performance parameters are comparable to commercially available thermistors.[18] Jeon et al.
used nickel microparticle-filled binary polymer composites
as the temperature sensor, where the polymers had a melting
point in the range of 35 to 40 °C.[21] When the material temperature reaches the melting point of the polymers, the particle–
particle distance of the host nickel microparticles increases due
to volume expansion of the polymers, which increases the thermistor resistance. This results in a huge β in the sensing temperature zone, hence, a low gain read circuit is used to read out
the sensor data. While promising advances have been made in
wearable temperature sensing, a few impediments still hinder
accurate temperature measurements. Most reported thermistors show a strain dependence,[17,18] which is not ideal for wearable sensing because flexing or twisting the sensor can alter
the resistance of the thermistor. Decoupling strain effects from
temperature effects in thermistors still remains challenging. A
hybrid approach of using a small rigid thermistor embedded
in a flexible and stretchable matrix can be used to circumvent
the strain dependence. The host flexible and stretchable matrix
will provide the required compliance and the rigid thermistor
will be minimally influenced by the induced strain. Another
bottleneck in wearable temperature sensing is to accurately
measure body-core temperature. Wearable sensors record skin

Figure 3. Stretchable graphene thermistors and characterization. a,b) Images of the stretchable graphene thermistors at relaxed and twisted states.
c) Images of the stretchable graphene thermistor at 0% and 50% strains. d) Resistance variation with temperature showing a nonlinear relationship.
e) I–V curves of the thermistor at 0% strain in the temperature range of 30 to 100 °C. f) Dependence of ln(R) on 1000/T showing a linear relationship.
Reproduced with permission.[17] Copyright 2015, American Chemical Society.
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2.2. Heart Rate
The primary function of the human heart is to pump oxygenated blood and nutrients to the body and remove carbon dioxide
and other wastes. The sequence of cycling deoxygenated blood
through the lungs and pumping newly oxygenated blood to the
body through the aorta is called the cardiac cycle. The heart rate
(HR) or pulse is the frequency of cardiac cycles, expressed as beats
per minute (b.p.m.). The HR changes according to the body’s
need and is susceptible to alteration in the body’s normal state.

Any major change to the physical or mental state of a person usually changes the pulse. Therefore, HR is used as one of the vital
signs to assess the physical and mental state of a person.[11]
The HR can be measured manually from the radial artery
at the wrist, from the carotid artery at the neck, or by listening
directly to the heartbeat using a stethoscope. To measure the
HR more accurately, electrical, optical, and strain sensors can
be used. In the case of electrical measurement, skin electrodes
are used to pick up the depolarization signal from the heart
muscles. This technique is known as electrocardiography
(ECG). In addition to health monitoring, ECG is a useful
diagnostic technique for assessing the cardiovascular system.
Although ECG measurements are conventionally done using
12 leads, the signal can be picked up by using two electrodes
placed on the chest.[27] This allows the sensor designs in wearable form factor. However, the signal intensity drops as the
spacing between the electrodes is reduced.[28] Xu et al. used
two electrodes in a band aid form factor as shown in Figure 4a.
The sensor system was composed of electrodes, circuits, and
radios for wireless communication in a soft microfluidic
assembly; as a result, the complete system was flexible and
stretchable[29] (Figure 4b). Figure 4c,d shows the obtained ECG
signal using the flexible system. Similar wearable ECG configuration is used with polymer,[30] carbon nanotube,[31] stretchable elastomer,[32] and textile-based[33,34] electrodes. Since the
ECG signal is periodic, the heart rate can be obtained from the
R wave-to-R wave (RR) interval of the ECG signal.

Review

temperature, which is a few °C less than the core temperature of 37 °C. Additionally, the skin temperature has a strong
dependence on environmental temperature fluctuations. Boano
et al. measured temperature shift of 2–3 °C in skin temperature
during indoor to outdoor movement using wearable temperature sensors.[22] On the other hand, the core temperature varies
less than 1 °C throughout the day. Although, the variation of
core and skin temperature is dissimilar, it is possible to establish a relationship between the two, and estimate the core temperature from the skin temperature using reported models in
the literature.[23–25] Additionally, evaporation of sweat results in
a reduced relationship between core and skin temperature,[26]
as well as a degraded thermal contact between the skin and the
sensor. Therefore, for accurately measuring the core temperature, all these impediments need to be addressed.

Figure 4. Electrocardiography (ECG) using a flexible and stretchable sensor system. a,b) Optical images of the sensor system on the forearm, with
a pair of epidermal electrodes in self-similar serpentine mesh layouts (inset optical micrograph) for an a) undeformed state and b) compressed and
twisted state. c) ECG acquired by using the device mounted on the sternum. d) A detailed view of the ECG signal shows the expected Q, R, and S
waveforms. Reproduced with permission.[29] Copyright 2014, AAAS.
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While the conventional gel-assisted Ag/AgCl electrodes
remain the gold-standard for clinical use, these electrodes
are cumbersome for use in wearables and result in skin irritation.[35] In wearable form factor, electrodes that operate
without gels, adhesives, and even skin contact have been demonstrated.[36,37] However, the performance of these electrodes
remains below par. Leleux et al. used ionic liquid gels in conjunction with gold and PEDOT:PSS electrodes (Figure 5a,b),
and demonstrated stable operation up to three days without
reapplication of the gel (Figure 5d).[38]
Plethysmography is another powerful method for measuring
the HR. The pulse signal can be obtained from the plethysmogram by using optical[6] and pressure[39,40] sensors. With
every heartbeat, the heart pumps oxygenated blood to the body
and pulls back the deoxygenated blood; these actions distend
the arteries and arterioles in the subcutaneous tissue. In the
optical sensing method, which is known as photoplethysmography, a light-emitting diode (LED) is used to illuminate the
arteries, and depending on the blood volume the transmitted
or reflected light intensities through and from the skin and
tissue change. This signal is then obtained by using a photo
diode. During the systolic phase (the phase of the heartbeat
when the heart muscle contracts and pumps blood from the
chambers into the arteries), the light absorption peaks due to a
high volume of blood. The interval between two systolic peaks
can be used to calculate the HR. The same principle applies
for pressure sensors—the systolic peaks can be detected using
pressure sensor placed on the radial artery[39] or the carotid
artery.[40] Schwartz et al. used a pressure sensitive polymer
transistor and picked up the pulse signal from the radial artery
(Figure 6a–c).[39] Using the same pressure sensing technique,
Nie et al. picked up the pulse signal from the carotid artery
(Figure 6d,e). However, in this case, the sensor was a dropletbased capacitive pressure sensor.[40]
Using the three sensing techniques: electrical, optical, and
pressure, the HR can be measured accurately. The sensing

method should be chosen according to the sensing location.
For example, on the chest, ECG electrodes should be chosen
over optical and pressure sensor. Similarly, on the wrist, optical
or pressure sensors are preferable over ECG for HR sensing.

2.3. Respiration Rate
Respiration rate is a critical vital sign because without adequate
inflow of oxygen and removal of carbon dioxide, a patient is at
risk of death or permanent injury. Furthermore, abnormal respiration rates are symptoms of many disorders such as sleep
apnea, asthma, chronic obstructive pulmonary disease, and
anemia.[41–43]
To measure respiration rate, sensors can respond in various
ways to the flow of breath, or to the expansion and contraction of the chest and abdomen during breathing. Numerous
methods exist to transduce the expansion and contraction of
the lungs into an electrical signal. In impedance plethysmography, electrodes are placed onto the body and the change in
impedance between them reflects the change in lung volume
during inhalation and exhalation.[44] Most wearable respiration
sensors, however, physically expand and contract along with the
lungs and employ some type of strain or pressure sensing to
detect the volume change. A single solid piece of material can
be used as a strain gauge by exploiting the Poisson effect: when
tensile stress is applied to the material, its length increases in
the direction of the stress and decreases in the direction perpendicular to the stress. If a conductive material is used, the
resistance measured in the direction of the tension increases
as a result. If a dielectric material is used instead, the capacitance measured perpendicular to the strain increases. Alternatively, when conductive materials are embedded or woven
into a stretchable insulating matrix, the change in contact area
between the conductors and the resulting change in resistance can be used to sense the strain. If a conductive material is

Figure 5. ECG electrode performance comparison. a) Cross-section of an ionic liquid gel-assisted electrode. b) The different electrode configurations tested.
c) Schematic of the electrode positions on a subject’s arm. The working electrode and counter electrode were placed on the forearm, 5 cm away from each
other. The reference electrode was placed on the arm, 30 cm away from the working electrode. d) Electrode/skin impedance measured at 1 kHz for IL gelassisted Au and PEDOT:PSS electrodes and commercial Ag/AgCl electrode with an aqueous gel. Reproduced with permission.[38] Copyright 2014, Wiley-VCH.
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Figure 6. Heart-rate monitoring using pressure sensors. a–c) Pulse wave of the radial artery measured with a pressure sensitive polymer transistor.
a)Real-time transient pulse signal. b) Averaged signal from 16 periods (separate measurements). c) Photo showing the placement of the sensor on the
radial artery of a person. Reprinted with permission.[39] Copyright 2013, Macmillan Publishers Ltd. d,e) Monitoring pulse and blood pressure variation
using a droplet-based pressure sensor. d) The pressure sensor is applied on the skin surface above the carotid artery. e) Blood pressure variations, as
well as the pulse signal, are observed. Reproduced with permission.[40] Copyright 2012, Royal Society of Chemistry.

formed into a loop around the body, the change in inductance
as the body circumference changes can also be used to measure
respiration. Alternatively, a compressible material can be used
to sense pressure by sandwiching it between two stiffer materials wrapped tightly around the body. Another method is to
use a looped optical fiber whose transmittance changes as the
loops are stretched. Finally, while all of these techniques require
applying a signal, either electrical or optical, to the sensor and
measuring the response, piezoelectric or triboelectric sensors
can generate an electric signal directly from applied pressure.
All of these sensing mechanisms require the sensing element
to be in close contact with the body so that the expansion and
contraction of the torso during breathing is transmitted adequately to the sensor. It is, therefore, critical for the sensor to be
as comfortable and conformable as possible.
To detect the flow of breath, sensors can be placed near
the nose or mouth that respond to the changes in air temperature, humidity, pressure, or carbon dioxide concentration
during respiration.[45,46] Acoustic sensors on the neck can also
be used to measure respiration rate.[47,48] These types of sensors can be highly accurate and can more easily detect certain conditions than chest-based sensors, such as respiratory
obstructions in which air stops flowing into the lungs despite
continued motion of the chest.[45,49] Strain sensors on the torso
also tend to respond to other body motions in addition to respiration, such as walking, speaking, and arm movement,[43,49,50]
whereas sensors on the nose and throat are not susceptible to
such motion artifacts. However, sensors on the nose and throat
are likely to be more conspicuous and less comfortable than
those on the torso. Thus, for general activity tracking purposes,
where the wearer is not at high risk for respiratory problems,
the strain and pressure sensors may still be the preferred
choice. The downsides of these sensors can also be mitigated
through signal processing and the use of multiple sensors
in different locations, such as the chest and abdomen. For
example, band-pass filters can be used to remove interference
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from body motion during speaking and walking.[43] Additionally, the difference in timing between expansions of the chest
and abdomen can be used to detect a partial airway obstruction.[51] Many new wearable and stretchable strain or pressure
sensors have therefore been developed for respiration monitoring purposes in the past several years, utilizing novel materials and designs for improved comfort and sensitivity.
A number of respiration rate sensors take advantage of conductive textile technology to build the sensing elements directly
into the textile. Huang et al.[52] and Atalay et al.[43] knitted conductive fibers—carbon-coated and silver-coated, respectively—
together with nonconductive fibers to form resistive strain
sensing textiles. As the textile is stretched, the contact area
between the conductive fibers is reduced, and the resistance
increases. Figure 7a shows knitted loops of conductive fibers,
highlighting the contact areas, and Figure 7b shows a belt containing the resistive sensor.[43] Wijesiriwardana knitted copper
wires into an elastomeric textile to form an inductive loop;
when wrapped around the torso the inductance of the loop
changed in response to the expansion and contraction of the
lungs.[53] Multiple textile-based pressure sensors have also been
reported. In Hoffmann et al.[54] and Min et al.,[42] a compressible
textile or foam material is sandwiched between two conductive
textile electrodes. When the chest expands, the pressure applied
on the compressible textile reduces its thickness, increasing the
capacitance between the electrodes. A process for fabricating
resistive textile pressure sensors was developed by Li et al., in
which cotton fibers were converted directly into conductive
carbon by pyrolysis, and then infiltrated with an elastomer to
form the pressure sensor.[55] This sensor was integrated into a
conventional belt to measure respiration rate. Kundu et al. fabricated a potentially more comfortable alternative to the aforementioned belt-based sensors: a capacitive sensor embedded
in a t-shirt.[56] In this design, textile electrodes were attached
to the anterior and posterior sides of the shirt, as shown in
Figure 7c, and the capacitance between them was monitored.
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Figure 7. Textile-based respiration sensors. a) Knitted resistive sensor, showing the silver coated yarn (yellow) woven into a nonconductive textile. Contact
points between loops are highlighted in red; when the textile stretches the contact area is reduced, increasing the resistance. b) Photograph of a belt containing the knitted resistive sensor. Reproduced with permission.[43] Copyright 2015, IEEE. c) Respiration sensing t-shirt, with capacitive textile electrodes
on front and back, along with a box for data acquisition electronics. d) Capacitance signal between textile electrodes (black), compared to conventional
spirometer flow rate (red), during different breathing patterns. Reproduced with permission.[56] Copyright 2013, The Japan Society of Applied Physics.

The effectiveness of this textile sensor is exemplified by a
comparison with a conventional spirometer measurement, as
shown in Figure 7d. Guo et al. developed a shirt with resistive respiration sensing capability, by printing a carbon-filled
silicone piezoresistive element onto the garment.[41] Both of
these garments also included removable boxes carrying the data
acquisition electronics. Nontextile sensing devices have been
integrated into belts and garments as well, including slidingplate capacitive strain sensors,[50] crystalline conductive polymer
film strain gauges,[57] and optical fibers.[58–60]
There are, however, some downsides to the textile-integrated
sensors. First, there is an inherent tradeoff between comfort
and sensitivity: to acquire a signal of sufficient quality, the
garment or belt needs to be tight. The sensing textiles may
therefore be uncomfortable, particularly if worn for extended
periods of time, and may also require manufacturing of many
different sizes. Furthermore, the sensing garment should be
reused repeatedly and perhaps even washed, requiring the
sensing elements to be extremely durable. Patch-type sensors, on the other hand, resembling an adhesive bandage, can
potentially be smaller, less expensive, and more unobtrusive
than the textile sensors, and can be disposable. Several patch
strain sensors have recently been developed based on composites of carbon nanomaterials such as carbon nanotubes or
graphene embedded in an elastomer matrix, which find applications in electronic skins and human motion detection in
addition to respiration rate monitoring. Carbon nanomaterials
have several properties that make them ideal for strain sensors, including exceptional flexibility, mechanical strength,
and carrier mobility, enabling excellent sensitivity to both low
and high strains as well as fast response time.[61–64] Stretching
the composite reduces the number of percolation conduction
pathways as well as the contact area between the conductive
particles, increasing the end-to-end resistance of the sensor.
Yamada et al. fabricated films of aligned carbon nanotubes,
8
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which were attached to a poly(dimethylsiloxane) (PDMS) support perpendicular to the direction of strain.[61] When the device
was stretched, the carbon nanotube film separated into islands
with gaps bridged by narrow nanotube bundles, and the overall
film resistance could be correlated with the size of the islands
and gaps and therefore the amount of strain. Figure 8 shows
the fabrication process for these sensors (a) and a representative respiration waveform (b). Wang et al. fabricated graphene
woven fabrics using a copper mesh template and incorporated
them into sensors using a combination of PDMS and medical
tape as a stretchable substrate.[62] Stretching the graphene
caused reversible crack formation, which decreased the number
of current pathways and therefore increased the resistance.
Waveforms of relative change in resistance are shown during
normal breathing and during exercise in Figure 8c. Boland
et al. infiltrated elastic bands with graphene flakes to form
highly stretchable strain sensors.[63] The graphene flakes diffuse
through the pores in the elastic band, resulting in a structure
that exhibits good conduction between flakes but maintains
the very high stretchability of the elastic band. Finally, Cai
et al. used random networks of carbon nanotubes as stretchable and transparent electrodes for capacitive strain sensors.[64]
These sensors employed a stretchable silicone dielectric, which
experienced a decrease in thickness and increase in area following the Poisson effect under tension. Each of these sensors
was integrated into an adhesive bandage placed onto the chest
to monitor respiration, illustrated in the inset to Figure 8c. Of
these sensors, the graphene-infiltrated elastic bands showed
the highest extensibility, 800%, and the largest relative signal
strength during breathing, a resistance change of about 2×.[63]
Finally, several self-powered wearable piezoelectric and triboelectric respiration sensors have been developed recently. Films
of the piezoelectric material poly(vinylidene fluoride) (PVDF),
which generates a voltage in response to changing mechanical deformation, have been integrated into multiple wearable
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Figure 8. Respiration-sensing patches based on carbon nanomaterials. a) Fabrication process diagram for aligned carbon nanotube strain sensor.
b) Respiration pattern measured with the strain sensor. Reproduced with permission.[61] Copyright 2011, Macmillan Publishers Ltd. c) Measured change
in resistance of graphene woven fabric strain sensor during normal breathing and exercise. Insets show the waveforms of a single breath cycle and the
location of the sensor on the chest. Reproduced with permission.[62] Copyright 2014, Wiley-VCH.

respiration sensors.[65] Chiu et al. improved upon the flat
film design by using a freely movable curved PVDF structure
integrated into a sensor patch, achieving an improvement in
signal amplitude of over twofold.[66] These types of sensors also
respond to heartbeats, so signal processing is required to separate the respiration information from the heart rate information. In Yi et al., a triboelectric sensor was built using stretchable rubber and aluminum foil, which naturally experience
electron transfer from the aluminum to the rubber when they
are brought into contact.[67] Stretching the rubber reduces its
charge density, causing a corresponding flow of electrons into
the aluminum foil from the ground. This device was used to
measure respiration rate by incorporating it into a band around
the abdomen. While additional power may still be required to
perform data processing and communication, utilizing a selfpowered sensor can reduce the overall power requirements,
allowing a smaller-capacity power source to be used.

2.4. Blood Pressure
Blood pressure is one of the most important signs into the general health of a person. The two most significant numbers in
blood pressure are the maxima (systolic) and minima (diastolic).
A typical blood pressure measurement device is a sphygmo
manometer, which consists of a pump connected to an inflatable
cuff that is typically wrapped around the arm and a manometer
to measure the pressure. The cuff pressure is initially inflated
well above 200 mm Hg, cutting off blood circulation to the arm,
the pressure is then decreased until blood starts to spurt into
the blood vessel at the peak pressure of the pulse, known as
the systolic pressure. Further reducing the pressure to the point
where this turbulent blood flow stops is known as the diastolic
pressure, the lowest pressure of the pulse. The turbulence of
the blood flow may either be measured using the sounds heard
through a stethoscope or the small oscillations in the pressure of the cuff (known as oscillometry). The blood pressure
of a healthy person lies below 120/80 (systolic/diastolic); higher
blood pressures are diagnosed as hypertension.

Adv. Mater. 2016,
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While the use of sphygmomanometers has become routine
during clinical visits, these systems are limited by their stationary setup and expensiveness, making continuous long-term
monitoring difficult. This creates many gaps through which
asymptomatic cardiac conditions may go undetected until a
heart attack or stroke occurs.[68] Sphygmomanometers also
lack the ability to monitor the pressure of the pulse waveform
between the systolic and diastolic pressure, known as arterial
tonometry, which is very useful for diagnosing cardiac conditions.[69] Additionally, the cuff size of sphygmomanometers
must be chosen carefully for each individual or else a false
value would be read.
The development of new material systems has led to the
fabrication of highly sensitive strain sensors capable of measuring pulse pressure waveforms with ease.[39,70–75] These novel
pressure sensors are typically in the form factor of capacitors,
which use either a compressible dielectric to induce a change
in capacitance or a piezoelectric dielectric to induce a voltage
across the device. The signal from the capacitive elements are
either amplified by an external instrument or a monolithically
integrated device on the same substrate, typically a thin film
transistor (TFT).[39,70] Alternatively, strain-dependent resistors
may be fabricated and were commonly used in the early development of wearable pressure sensors.[73,76,77] However, these
are no longer as common in literature, most likely as a result of
the constant current that demands higher power consumption
than their capacitive counterparts. Additionally, radio frequency
identification (RFID) techniques have been used to detect arterial wall motion but require implanting of the device under the
skin.[78]
Compressible capacitive strain sensors consist of an elastic,
but robust dielectric sandwiched between two flexible electrodes. As the dielectric is compressed from externally applied
pressure, the capacitance of the device changes. The most
common material of choice for the dielectric is PDMS owing to
its biocompatibility, inexpensiveness, and the extreme range of
strain. Additionally, Mannsfeld et al. demonstrated in a seminal
work that the sensitivity of planar PDMS can be improved by a
factor of 30, decreasing the effective modulus of the material,
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and the relaxation time can be reduced to by a factor of 104, by
molding the surface into microstructured pyramids.[79] These
high sensitivities and fast relaxation times enabled a new set
of devices that could measure blood pressure precisely enough
for arterial tonometry. Further examining the effects of these
microstructures, Tee et al. have shown that smaller sidewall
angles and larger pyramid spacing led to a decrease in the effective modulus, improving sensitivity to 0.2 kPa−1.[80] However,
the attempt to measure pulse pressure was made difficult by
the fact the pressure of the finger on the sensor was far greater
than the pulse and by the nonlinearity of the sensor, which
decreased sensitivity to the small pressure variations from
the finger’s pulse at high background pressures. The effective
modulus of the PDMS dielectric may also be reduced by creating a porous film[81] and roughening the surface by casting
PDMS on a rough substrate.[73] Wang et al. demonstrated that
casting PDMS on an inherently microtextured substrate such
as silk and depositing stretchable and conformal carbon nanotube conductors creates a pulse pressure sensor with a sensitivity of 1.8 kPa−1.[73] In this design, the change in contact area
between two carbon nanotube coated rough PDMS films, and
the resulting change in resistance between them, allowed the
pressure to be sensed. An ionic fluid may also be used as a dielectric, as reported by Li et al., with an electrical double layer
acting as the main source of capacitance with a sensitivity of
0.45 kPa−1.[71] The relaxation time was sufficiently fast to reliably measure arterial pulse pressure.
Piezoelectric materials are another go-to material set for
creating strain-sensitive devices, and were used in early developments of strain sensors.[76] When a piezoelectric material is strained, a voltage signal is induced across the device.
Dagdeviren et al. integrated such materials as the dielectric
in an array of capacitors on an ultraconformal substrate.[70]
The high sensitivity of the device made it possible to reliably
measure pulse pressure in a variety of locations on the body
(Figure 9a,b,g). The IDS–time plots shown in Figure 9c–f,h,
were correlated to the systolic and diastolic pressures. Additionally, the voltage induced from piezoelectric materials can also
provide a current signal across a low-resistance device. Choong
et al. combined a piezoelectric and a conductive polymer deposited on top of microstructured PDMS to create a device with a
high sensitivity of 10.3 kPa−1.[74] Piezoelectric materials can even
be deposited over a surface of fibers, which not only are easily
integrated with textiles but also sense pressure isotropically.[72]
The system of a pulse pressure sensor is equally important
as the sensor itself. Amplification in these systems is a necessity as a result of the substantially larger background pressure
in comparison to the pulse pressure, and is facilitated through
monolithic integration of an amplifier next to the sensor.
Dagdeviren et al. achieved such integration by connecting their
piezoelectric capacitors to a TFT deposited on the same substrate in a common source configuration.[70] Schwartz et al.
approached this issue with the same amplification scheme but
instead directly integrated their compressible capacitor as the
gate dielectric for their TFT, resulting in very clear output signals well over 1 V.[39] Another issue with pulse pressure sensing
is placing the sensor in the area with the strongest signal. An
addressable array of pressure sensors can be scanned to find
the pixel with the strongest pulse signal, as demonstrated
10
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by Li et al., avoiding the need to precisely place a wearable
sensor.[71] Additionally, having an array of high-resolution sensors would make it possible to measure pulse delay between
different locations, an important but infrequently used technique to assess cardiac health.[69]
Despite the plethora of sensors demonstrated to measure
the pulse pressure, few reports attempted to correlate the measured signals to blood pressure.[70,74,82] Those that did determine
blood pressure found highly nonlinear relationships between
systolic/diastolic pressures and the sensor output. A more rigorous study has yet to be done on the reliability of these sensors,
which shows the use-to-use and person-to-person variability.

2.5. Pulse Oxygenation
Oxygen saturation or oxygenation is the concentration of oxyhemoglobin in the blood divided by the sum of the concentration of oxy- and deoxy-hemoglobin in the blood. Depending on
the sensing location and method, oxygenation can be categorized
into—tissue oxygenation (StO2), venous oxygenation (SvO2), and
peripheral oxygenation (SpO2). Among different oxygenation
measurements, SpO2 measurement is ubiquitous due to its noninvasive nature. If the signal is collected from the fresh pulsatile
arterial blood, the measurement is termed as pulse oxygenation.
Combined with a person’s pulse, pulse oxygenation reflects a
person’s cardiovascular health. In a healthy adult, pulse oxygenation should be at least 95%. If it falls too low, below 80%, proper
organ function is hindered.[83] SpO2 is determined by an optical
measurement where two LEDs operating at two different wavelengths alternately shine light through or on the sensing location, which can be the finger, earlobe, forehead, or wrist. At a
given time, the blood volume and the concentration of oxy-hemoglobin in the blood determine the intensity of the transmitted or
reflected light through or from the tissue and skin. This optical
signal is then collected by a photodetector (PD). In the transmission mode, the PD is located at the opposite side of the tissue or
skin to collect the transmitted light. Alternatively, in the reflection mode, the PD is located at the same side as the LEDs to collect the reflected light. This optical measurement is based on the
fact that the hemoglobin in the blood has a different absorptivity
depending on whether or not it is bound to oxygen, and on the
wavelength of light. The oxygenation is derived from the ratio of
the photodetector signal upon excitation at each wavelength and
the known molar absorptivity of oxy- and deoxy-hemoglobin at
each wavelength.[6,83,84]
In transmission pulse oximetry, one LED has a peak wavelength at which oxy-hemoglobin has a higher absorptivity than
deoxy-hemoglobin, and the other LED has a peak wavelength
at which oxy-hemoglobin has a lower absorptivity than deoxyhemoglobin. The light from each LED is absorbed by blood,
skin, and other tissues before it reaches the photodetector. The
ratio of absorbed light at each wavelength, Ros, is derived from
the ratio of transmitted light in accordance with Beer–Lambert’s
law as given by Equation (4). The transmitted light is given by
the photodetector signal upon excitation at each wavelength:
R os =

Aλ1 ln(Tn ,λ1 )
=
Aλ2 ln(Tn ,λ2 )
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Figure 9. Blood-pressure-wave measurements on the wrist and neck using a pressure-sensitive transistor. a) Photograph of the sensor placed on a
wrist (scale bar, 2 cm). b) Magnified view (scale bar, 1 cm). c) IDS–time plot for a sensor mounted on the wrist. d) IDS–time plot for data in the region
indicated by the dashed box in c. e) IDS–time plot for the sensor while reading pressure on the wrist before, during and after application of pressure on
the arm using a commercial pneumatic cuff. f) IDS–time plot for data in the region indicated by the dashed box in (e). Photograph of a sensor placed
on ((g); scale bar, 1 cm) neck. h) Blood pressure from the neck. Reproduced with permission.[70] Copyright 2014, Macmillan Publishers Ltd.
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The arterial oxygen saturation, SaO2, is then derived from Ros
and the molar extinction coefficient of oxy-hemoglobin (ε λ ,HbO2 )
and deoxy-hemoglobin (ε λ ,Hb) at each wavelength:
Sa O2 (R os ) =

ε λ1 ,Hb − ε λ2 ,Hb R os
(ε λ1 ,Hb − ε λ1 ,HbO2 ) + (ε λ2 ,HbO2 − ε λ2 ,Hb )R os



(5)

Organic optoelectronics are a prime candidate for use in
pulse oximetry because they are solution processable at low
temperatures compatible with fabrication on flexible plastic
substrates. Unlike the inorganic optoelectronics used in commercially available pulse oximeters, the flexible form factors
of organic LEDs (OLEDs) and organic photodetectors (OPDs)
allow for an oximeter that has a conformal fit to the human
body.[6,85]
Lochner et al. have demonstrated a transmission-mode pulse
oximetry probe composed of solution-processed OLEDs and a
printed OPD.[6] The active layer of the OPD is a bulk heterojunction donor/acceptor blend of [6,6]-phenyl C71-butyric acid
methyl ester (PC71BM) and poly({4,8-bis[(2-ethylhexyl)oxy]
benzo[1,2-b:4,5-b′]dithiophene-2,6-diyl}{3-fluoro-2-[(2-ethylhexyl)carbonyl]thieno[3,4-b]thiophenediyl}) (PTB7). The active
layer of each OLED is made from a blend of polyfluorenes, a
family of stable fluorescent polymers. All-organic optoelectronic
devices were processed in a way that is compatible with flexible
plastic substrates, enabling devices that can have a conformal
fit to the human body. In this oximeter, one OLED emits in the
red spectrum with a peak wavelength at 626 nm and the other
emits in the green spectrum with a peak wavelength at 532 nm,
a novel combination of wavelengths compared to the conventional red and infrared wavelengths used in commercially available pulse oximeters. A green OLED was chosen in place of a
near-infrared OLED due to green emissive materials′ superior
efficiency and solution processability at this point in time. This
combination of solution processed red and green OLEDs with
printed OPD successfully demonstrated the absolute measurement of human pulse and arterial oxygen saturation using
organic optoelectronics (Figure 10).
An alternative approach to using OLEDs and OPDs for
pulse oximetry has been demonstrated by Bansal et al., who

used one OLED made from poly[2-(3′,7′-dimethyloctyloxy)-5methoxy-1,4-phenylenevinylene] or OC1C10-PPV (with peak
emission in the red and tail in the NIR) and two OPDs made
from PTB7:PC70BM (with an unfiltered absorption maximum at 690 nm) to perform pulse oximetry using reflected
light rather than transmitted light.[85] The OLED is placed in
between the two OPDs, each with a different filter to allow the
OPD to read light with a peak wavelength of 610 or 700 nm.
The OLED and OPD were placed onto a subject’s forearm
with 20 mm spacing in order to probe the oxygen saturation
of muscle tissue, and successfully showed the change in the
concentration of oxy-hemoglobin in the tissue upon induction
and termination of ischemia induced in the arm.
With a focus away from making the optoelectronics themselves flexible, Rothmaier et al. have shown a flexible and wearable pulse oximeter using inorganic light sources and detectors
that are not form-fitting to the human body by creating a textile
optical fiber glove to transmit the optical signals from the light
source, through the forefinger tip, and back to the detector.[86]
Plastic optical fibers (POF) made from poly(methyl methacrylate)
(PMMA) were woven or embroidered into polyester fibers. Their
wearability while taking oxygenation measurements was demonstrated by integrating the optical fiber textile into the forefinger
tip of a glove in order to take pulse oximetry measurements.
Organic and textile optoelectronics are extremely promising for
novel implementations of pulse and tissue oximetry. While textile
optoelectronics can be integrated into clothing, organic optoelectronics on flexible substrates can be adhered directly to the skin
with a secure fit. Even in commercially available pulse oximeters,
motion artifacts and ambient light interference are known problems that hinder the measurement accuracy. By adhering the
sensor closely to the skin and letting it flex and move with the
skin, the noise from ambient light can be reduced as well as
the impact of motion artifacts.[6]

2.6. Blood Glucose
According to the World Health Organization, 9% of adults
worldwide have diabetes.[87] Glucose monitoring is vital to

Figure 10. All-organic optoelectronic pulse oximeter. a) Pulse oximetry transmission-mode finger probe composed of solution-processed red and
green organic light-emitting diodes (OLEDs) and printed organic photodiodes (OPDs). b) Photoplethysmogram (PPG) signal upon excitation by light
transmitted through a finger from green and red OLEDs (top two panels, respectively), heart rate extracted from PPG signal (third panel from the top),
ratio of PPG signal upon excitation by red and green light (Ros) (second panel from bottom), and arterial blood oxygen saturation (SaO2) derived from
Ros (bottom panel). Reproduced with permission.[6] Copyright 2014, Macmillan Publishers Ltd.

12

wileyonlinelibrary.com

© 2016 WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim

Adv. Mater. 2016,
DOI: 10.1002/adma.201504366

www.advmat.de

www.MaterialsViews.com

Ag/AgCl ink) to move sodium ions through the skin toward
the sensing electrodes (in this case made from Ag/AgCl or
Prussian blue ink). As the sodium ions flow across the skin,
a flow of interstitial skin fluid is induced, transporting the glucose contained within to the sensing area. The current density employed in iontophoresis should be low enough to not
cause skin irritation; Bandokar et al. applied 0.2 mA cm−2 for
10 min prior to recording the enzymatic amperometric glucose
response of the sensor with −0.01 mV applied between the
working and reference electrodes. The tattoo sensor is able to
measure glucose concentration from the interstitial skin fluid
with a sensitivity of 23 nA μM−1 and 3−100 μM detection range.
In addition to measuring the amperometric response
between working electrodes, an alternative enzymatic glucose
sensing paradigm measures the drain-source current and Dirac
point shifts in graphene field effect transistors (FETs) as a function of glucose concentration.[91,92] In the graphene FET sensors, GOD is also used and reacts with glucose to form H2O2.
H2O2 subsequently reacts with the graphene channel of the
FET, effectively doping it and changing its conductance. Thus,
the FET’s Dirac point will shift and the source/drain current
will be modulated in the presence of glucose.
Kwak et al. demonstrated a CVD-grown graphene FET glucose sensor on a flexible PET substrate.[92] Source and drain
electrodes were fabricated from conductive Ag paint and epoxy
resin on either end of the graphene channel, which was modified with a 1-pyrenebutanoic acid succinimidyl ester linker to
facilitate GOD adhesion. To test the responsivity of the sensor,
a Pt wire suspended in a glucose/H2O2 solution was used as
the top gate electrode. A Dirac point shift and linear change in
drain/source current were observed in a 3.3−10.9 mM glucose
detection range.
You et al. used biocompatible and biodegradable silk protein as a substrate and enzyme immobilizer in a graphene FET
(Figure 12).[91] The chemical structure of silk fibroin results in
nanoscale pockets that immobilize GOD on the sensor. A CVDgrown graphene channel was transferred to a silk substrate
and Au/Ti source/drain electrodes were deposited on its opposite ends, forming the FET structure. A top gate electrode was
deposited onto a silk−GOD film adhered to the underside of
the FET’s silk substrate. As the GOD under the gate electrode
reacts with glucose, the conductivity of the graphene channel
increases and the Dirac point of the graphene shifts. The FET’s
drain/source current showed a linear response to glucose
concentration with a 2.5 μA mM−1 sensitivity and 0.1−10 mM
detection range at Vds = 100 mV and Vg = 0 V.
Novel noninvasive wearable glucose sensors such as those
discussed here should significantly improve the quality of life
of the millions of people suffering from diabetes worldwide.

Review

maintaining the health and quality of life of diabetics and must
be done frequently every day. Even the most noninvasive commercially available glucose monitors require patient’s blood.
New electronics fabrication techniques on flexible substrates
have recently enabled noninvasive wearable glucose sensors
that monitor the glucose concentration without drawing blood.
Noninvasive glucose measurement devices have been developed to measure glucose concentration with an enzyme-based
electrochemical sensor.[88–93] The main enzyme utilized by the
measurements is glucose oxidase (GOD). In the presence of
GOD, D-glucose and O2 form H2O2 and D-gluconolactone. The
H2O2 oxidizes to produce hydrogen, oxygen, and free electrons.
These free electrons are measured as sensor current; the higher
the current, the more free electrons, the higher the blood glucose concentration.
An enzymatic sensor that monitors the glucose level of tears
in a wearable contact lens form factor (Figure 11) has been
successfully demonstrated.[94] The sensor is composed of three
Ti/Pd/Pt electrodes (working, counter, and reference) fabricated on a PET substrate. The working and counter electrodes
were fabricated as concentric rings with the bare PET surface
in between used to immobilize GOD. A GOD layer was deposited onto the sensor area and retained with a concurrently
deposited titania sol–gel membrane. A Nafion coating was
deposited over the GOD/titania sol–gel membrane in order
to ensure sensor accuracy by decreasing interference in the
measurement from ascorbic acid, lactate, and urea. 400 mV
was applied between the working and reference electrodes and
the counter electrode served as the current drain. The current
generated in the sensor was measured in the presence of a concentrated glucose solution, exhibiting an increase proportional
to the amount of glucose present with a 240 μA cm−2 mM−1
sensitivity (Figure 11) and 0.01−6 mM detection range.
A wearable enzyme-based amperometric glucose sensor
has also been demonstrated in a temporary tattoo form factor
adhered to the skin.[93] In the tattoo, reverse iontophoretic
extraction is used to transport interstitial glucose from the
skin to the sensor. Reverse iontophoresis uses a small current applied between two electrodes (in this case made from

3. Fabrication Process for Flexible Medical
Devices

Figure 11. Photograph of contact lens glucose sensor (inset) and responsivity of sensor current to glucose concentration in artificial tear solution.
Reproduced with permission.[95] Copyright 2011, IEEE.
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A wide variety of fabrication methods is necessary in order to
create all the components of a wearable health monitoring device.
Conventional silicon-based microfabrication techniques are necessary for the sensor readouts, microprocessor, and communication.
However, large area sensors and batteries are desirable in order
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Figure 12. Wearable graphene-based glucose sensor on silk substrate. a) Photograph of the silk-based graphene FET sensor worn on the wrist and SEM
image (inset) of the graphene FET channel between the source and drain electrodes. b) Schematic illustration of the sensor’s electrical configuration.
Reproduced with permission.[91] Copyright 2014, Elsevier.

to increase signal quality and operation time, respectively. Given
the poor area-cost scalability of silicon processing,[96] printing functional materials on inexpensive substrates is an attractive alternative to maintain desirable device performance while saving cost.
Finally, the fabricated devices must be integrated onto a wearable
substrate such as a textile, elastomer, or patch.
Silicon processing is a necessity in order to form the workhorse silicon-based transistor processors that communicate and
compute. The tremendous advances in computational speed
and low power consumption of these devices following Moore’s
law make this technology completely unrivaled by any other
processing technology. While these circuits are on fabricated on
rigid silicon wafers, it is possible to transfer them to flexible and
stretchable substrates that conform well to the body. The Rogers
group has extensively demonstrated such transfer techniques
for a variety of systems ranging from image sensors,[97] wearable[8] and even implantable devices and systems.[9,98] Transferring prefabricated devices on silicon can be done using several
techniques. A packaged integrated circuit package may flip chip
bonded or pick-and-placed onto an elastomeric substrate using
a low-temperature solder[8] or adhesive printed electrodes[99] as
shown in Table 2. Devices fabricated on a wafer may also be

transferred directly onto an elastomeric substrate such as PDMS
by performing a wet etch underneath the fabricated device to
loosen the foundation.[97] A buried oxide layer on the wafer is
needed in order to act as the detachment point for this transfer.
The interconnects between these transferred devices can also
be deposited and etched into shape with microfabrication techniques.[8,9,97] However, since the transferred wafer-based devices
are fairly rigid and not stretchable, the interconnects must be
able to accommodate the all the strain of the substrate to prevent other devices from fracturing. To achieve such a goal, the
interconnects can either delaminate off the substrate,[97] or be
patterned into a serpentine configuration[8] to reduce the strain
they experience. Sekitani et al. demonstrated that stretchable
interconnects created from printable pastes can connect rigid
devices transferred onto an elastomeric substrate.[5]
Solution-processable materials simplify fabrication and
reduce cost by eliminating vacuum deposition, photolithography, and etch steps used in microfabrication. Common solution processable materials include dielectrics, conductors, and
semiconductors used to make a wide variety of devices. These
functional inks may be deposited on a variety of substrates,
ranging from plastic to textiles, using scalable roll-to-roll

Table 2. Device fabrication techniques for wearable systems and devices.
Method

Scalability

Solution viscosity

Deposition on wearable
substrates

Roll-to-roll throughput

Limited, expensive

NA

Need transfer process
and bonding layer

Pick-and-place machines,
0.1–1 m s−1

Limited, wasteful

<1000 cP

Plastic or elastomeric
substrates

Not compatible

High, limited to 1D features

<100 cP

Plastic or elastomeric
substrates

0.01–1 m s−1

[100,101]

Limited, good for sparse
features

5–50 cP

Plastic or elastomeric substrates

0.01–0.1 m s−1

[101]

Printing: gravure and
flexographic

High

10–1000 cP

Plastic or elastomeric
substrates

0.1–10 m s−1

[102]

Printing: screen and
stencil

High

1000–100 000 cP

Plastic, elastomeric, or
textile substrates

0.1–1 m s−1

[101,103]

Medium to high, depending
on curing time

No requirement

Plastic, elastomeric, or
textile substrates

0.01–0.1 m s−1

[104]

Microfabrication
Spin coating
Printing: blade and
slot-die coating
Printing: Inkjet

Molding
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substrate integration and high performance of printable sensors means all wearable systems will be heterogeneous. Consequently, it will be necessary to integrate the transfer process for
silicon processors and printing of the sensors onto the same
line to maximize efficacy. Additionally, proper printing techniques will need to be chosen which deposit the necessary film
thicknesses to maximize energy storage in the batteries, minimize energy consumption by the sensors, and make the operating voltages between the silicon and printed-based devices
compatible.
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compatible printing methods. Despite the limited performance
of printed transistors, printing is ideal for sensors. Not only
is cost reduced, but larger sensors can be more easily printed
than microfabricated since the process is not limited by wafer
throughput. Additionally, the need for any transfer processes
may be eliminated since the sensor may be printed on a wearable substrate. A vast range of wearable sensors such as temperature sensors,[18] bioelectronic electrodes,[4] biosensors,[105]
and electrochemical sensors[106,107] have been demonstrated
by printing solution-processable functional inks. The most
common solution processing technique for low-viscosity inks
of <100 centipoise (cP) is spin coating. While this does produce a uniform film, it does not use ink parsimoniously and is
difficult to scale to large areas.[101] A more efficient method of
printing uniform films from low viscosity inks can be achieved
by doctor blade coating,[6] slot-die coating,[101] and spray
coating.[108] Patterning low viscosity inks may either be achieved
via patterning the surface of a substrate to direct wetting[100] or
inkjet printing.[101] Inkjet printing is well adept for depositing
sparse, thin designs but becomes difficult for larger-sized features.[7,109,110] Gravure and flexographic printing require higher
viscosity inks for reliable printing.[101] While formulating high
viscosity inks necessitates the use of highly soluble solutes,
features as small as 5 μm can be reliably printed at speeds
approaching one meter per second.[102] Functional materials
with a high paste-like viscosity (1000–100 000 cP) can be deposited via screen printing and stencil printing.[103,111] Molding is
also compatible with roll-to-roll manufacturing, but the flow
rate into the mold pattern and curing speed is a critical factor in
determining the maximum throughput speed.[104] Solution processing can even be integrated with textile substrates, which are
conformal and robust. However due to the high roughness and
porosity of textiles, they are best suited for devices that require
thick active layers such as batteries.[112,113]
The low power and high speed of silicon-based electronics
coupled with the low-cost area scalability, facile wearable

4. Medical Sensor Data Processing
and Transmission
Sensors are essentially transducers—biosensors transduce biosignals to different kind of electrical signals, such as voltage, current,
impedance, and capacitance. However, these electrical signals
require preprocessing before they can be interpreted to a meaningful number or signal that can be used for medical monitoring
or diagnostics. In this section, the workflow of a complete biosensor system is discussed. Fabricated biosensors are often connected to an analog front end, where the analog electrical signal
is filtered and amplified. A microcontroller (MCU) or microprocessor (MPU) then reads the signal after digitizing the analog
signal using an analog to digital converter (ADC). Next, the data
are processed using algorithms running on the MCU/MPU and
finally sent out to a computer or portable device via wired or wireless interface for data interpretation and visualization.
While designing a biosensor system, the type of electrical
signal generated by the biosensor, the measurement range,
and the frequency of the signal should be taken into account.
The measurement range determines the resolution required
in the circuitry to resolve the desired signal. For suppressing
unwanted noise, the raw analog signal is filtered and only the
desired part of the signal is amplified. Table 3 lists biosignals

Table 3. Biosignals, sensing methods, and measurement parameters for vital signs monitoring.
Biosignal
2.1. Temperature

Biosensor/measurement
method

Transduced signal

Measurement range and paramater

Signal frequency

Ref.

Thermistor/Thermoelectric/
Optical

Resistance

32–40 °C/90–104 °F

dc–0.1 Hz

[21]

Skin electrodes

Voltage

0.5–4 mV

0.01–250 Hz

[27,114]

2.2. Heart rate
Electrocardiography (ECG)
Photoplethysmography

Optical

Photodiode current

0.05–4 μA

0.05–30 Hz

[84]

2.3. Respiration rate

Strain gauge/Impedance

Resistance

2–50 breaths min−1

0.1–10 Hz

[43,61]

2.4. Blood pressure

Pressure sensitive TFT

TFT Drain current

10–400 mm Hg

dc–50 Hz

[70]

Optical

Photodiode current

SpO2 80–100%

0.05–30 Hz

[6,84]

Electrochemical

Current

Tear glucose conc. 0.05–1 mM

dc–0.1 Hz

[95]

2.5. Pulse oxygenation
2.6. Glucose
Bioelectronic
Electroencephalography (EEG)

Scalp electrodes

Voltage

5–300 μ V

dc–150 Hz

[114]

Electrocorticography (ECOG)

Brain-surface electrodes

Voltage

10–5000 μ V

dc–150 Hz

[114]

Electromyography (EMG)

Skin electodes

Voltage

0.1–5 mV

dc–10 kHz

[114]

Galvanic skin response

Skin electodes

Impedance

1–500 kΩ

0.01–1 Hz

[114]

Contact electrodes

Voltage

50–3500 μ V

dc–50 Hz

[114]

Electrooculography (EOG)
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discussed in Section 2, the sensing mechanisms, the transduced electrical signal, measurement range, and signal frequencies. Since there are variations from person to person,
a tolerance should be added to these parameters. In general,
these design criteria apply to most of the biosensors.
Conventional biosensors generate a continuous time signal
or analog signal. Noninvasively obtained biosignals tend to be
small and contain noise. The main purpose of the analog front
end (AFE) is to reduce the noise and bring up the signal to levels
that can be read by the MCU/MPU. For most setups, the power
line frequency (50 Hz or 60 Hz) and the associated harmonics
need to be taken out using filters. A differential input scheme
using differential amplifiers or instrumentation amplifiers can
also be used to reduce ambient noise.[28] Next, depending on the
frequency of interest (Table 3), high-pass, low-pass, or band-pass
filters can be implemented to extract the desired signal.[6,27,84]
After that, the signal is brought up to a level so that it can be
read with ADCs; here the resolution of the ADC should be
selected considering the signal range and signal to noise ratio
(SNR). The digitized signal is processed by the MCU/MPU—the
sampling frequency should be high enough to reduce aliasing.
Finally, the processed data is sent out to a host computer or a
portable device using wired or wireless interfaces. An additional
design parameter is the power requirements of the biosensors
and the circuitry, which is discussed in Section 5.

5. Power Requirements for Flexible
Medical Devices

developed,[19,66,67,75,115] most health monitoring devices require
power to drive the sensing elements; examples include resistive
strain and temperature sensing and optoelectronic measurements
such as photoplethysmography. In addition to the demands of the
sensor itself, power is required to analyze the data collected and
to communicate or display the result. The basic requirement of
power sources for these wearable health monitoring modules
is to provide whatever power is needed, without disrupting the
wearer’s mobility or comfort. To avoid plugging wires into the
module frequently, on-board energy storage or reliable energy
harvesting with sufficient capacity must be present. These power
sources should be located near the sensor module, to minimize
wiring and the associated resistive losses, discomfort, and system
complexity. Since large energy harvesting or storage capacity
tends to require a large area or volume of material, it is beneficial
for the power sources themselves to be flexible so that they do not
limit the conformability or comfort of the system. In particular,
the structure and mechanical properties of the power source
would ideally be similar to those of the sensor itself (e.g., stretchable or woven textiles) so that the power source can withstand
the same stresses and respond similarly. This section will discuss
the power requirements for the various types of wearable health
sensing components and the technologies available to provide the
necessary power. Focus will be given to the limitations and opportunities of each power source technology, recent advances making
them more suitable for wearable applications, and demonstrations of their potential in health monitoring systems.

5.1. Sensor Power Requirements

Providing the required electrical power to flexible and wearable devices is one of the grand challenges in electronics today.
While some self-powered sensing elements have recently been

The reported power requirements for various types of vital signs
monitoring systems are given in Table 4. Although the current,

Table 4. Power requirements of wearable medical sensing system components.
System
Temperature sensor

Temperature sensor
Heart rate sensor
ECG
Pulse oximeter

Peak current [mA]

Voltage [V]

Duty cycle [%]

Average power [μW]

Ref.

0.01

3

100

30

[116]

ADC

1.2

3

0.001

3
150

Microcontroller

4

3

1

Bluetooth LE

18 (RX), 15 (TX)

3

0.05

60

Display

0.2

3

10

60

Resistive sensor

0.001

10

–

–

[17]

Pressure sensitive TFT

<0.01

100

–

<1000

[39]

Entire system

–

–

–

35 000

[29]
[117]

Optoelectronic probe

–

3.7

50

1760

Optoelectronic probe
(low power mode)

–

3.7

8

150

Microcontroller + bluetooth LE

–

3.7

–

11 550

Microcontroller + bluetooth LE
(low power mode)

–

3.7

–

3

Pulse oximeter

Organic optoelectronic probe

20

9

–

–

[6]

Glucose sensor

Entire system in contact lens

–

–

–

3

[95]

ASIC front end

0.02

3

–

–

[118]

Entire system

–

3

–

800

EEG

16

Component
Resistive sensor
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5.2. Power Sources
If a device is disposable or the user can tolerate replacing
the battery, a primary (nonrechargeable) battery can be used
as the power source. Primary batteries are used widely in

Adv. Mater. 2016,
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wearable devices such as watches and hearing aids today.
Although the standard coin cell used in these devices is
bulky and noncompliant, flexible and stretchable primary
batteries have been developed as power sources for flexible
electronics.[111,119–121] There is not currently a standard for
user-replaceable flexible primary batteries, however. Thus, if
the lifetime of a flexible medical device must outlast that of
an appropriately sized primary battery, a rechargeable battery
is preferable. There has been a great effort toward flexible
and stretchable batteries for wearable and flexible electronics
applications, which has been the subject of several recent
reviews.[116,122–126] Lithium-ion chemistry is considered especially promising for portable and flexible electronics because
of its high energy density, power density, and lifetime.[122,127]
Alkaline chemistries, such as silver-zinc and zinc-manganese,
however, are less toxic and less reactive, allowing them to be
fabricated in air and placing less stringent requirements on the
encapsulation.[128] Flexible and stretchable batteries have been
achieved by various means: depositing the active layers on flexible and stretchable substrates such as textile electrodes,[129,130]
nonwoven fibrous membranes,[108] and temporary tattoo
paper;[128] connecting rigid microbatteries on a stretchable
substrate with stretchable serpentine interconnects;[131] using
kirigami (cutting and folding) techniques;[132] and fabricating
the batteries in the shape of a wire or cable.[133,134] Figure 13
shows a textile-based battery integrated into a shirt and watchband (a)[130] and a temporary tattoo battery adhered to the skin
(b-c).[128] Supercapacitors have also been produced in flexible
forms,[135,136] including textiles.[137–139] Supercapacitors charge
and discharge much more quickly than batteries, making them
unsuitable for long-term energy storage but ideal for providing
relatively large amounts of energy over a short time. For systems with a high peak current but a low duty cycle, e.g., lowpower systems with occasional wireless communication, a
supercapacitor can provide the required burst of power more
effectively than a battery. In these systems, a battery and supercapacitor can be used together to ensure both long-term energy
demands and short-term peak current demands are met.[116]
The batteries in most consumer electronic products today are
charged by connecting wires to a stationary power source such
as a wall outlet. For wearable medical sensors, where the user’s
health depends on the availability of power for the sensor, the
user should not be relied on to plug in the devices, particularly
since plugging in many devices can be inconvenient. Therefore,
it is important to integrate energy collecting devices into the
system. Energy can be collected from ambient light via photo
voltaics (PV) or radio-frequency (RF) electromagnetic waves
via antennas. The human body itself is also a source of several
types of energy, including thermal, mechanical, and biochemical, which can be harvested to power wearable sensors. Table 5
briefly summarizes the available power in each energy source.
The amount of available light energy varies by several orders
of magnitude from outdoors on a sunny day to a dim room.
However, even in many indoor environments it can be one of
the largest sources of energy, as shown in Table 5. So, if coupled with a battery large enough to compensate for the daily
variation in light intensity experienced by most people, PV can
be a very useful energy source. There have therefore been
multiple recent demonstrations of commercial photovoltaic
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voltage, and power consumption values vary greatly, there are
some generalizations to be made. First, the power consumption
of light-emitting devices (e.g., the optoelectronic probes used
for photoplethysmography) is relatively high compared to resistive sensors. The peak current for wireless communication is
also very high, although communicating data infrequently can
reduce the average power consumption. Microcontrollers consume less power than wireless transmitters while operating,
but must generally operate for longer time periods, particularly
if significant computation is being done locally to avoid sending
large amounts of data wirelessly.
Often, the duty cycle of the components can be adjusted to
reduce power consumption, either by reducing the operating
time of the component during each cycle or by increasing the
time between uses of the component. For example, in their
design of a solar-powered pulse oximeter, Dieffenderfer et al.
included a low-power mode with lower duty cycle for cases
when sufficient solar power is not available.[117] However, since
monitoring health is of utmost importance, the duty cycle must
be adjusted with care to ensure that the reliability of the sensing,
data analysis, or communication is not compromised. Also,
although reducing the duty cycle reduces the average power, the
peak current is typically not impacted. The power supply must
therefore be designed to supply the peak current without a significant loss in efficiency, as well as supplying the average power
for whatever duration is required between charging cycles.
Designing custom low-power data-processing circuits and
wireless transmitters can also reduce power consumption,
such as in the 3 μW glucose-sensing contact lens.[95] However,
if a higher power is permissible, use of off-the-shelf components such as microcontrollers and radios can reduce cost and
improve simplicity of the design and compatibility with legacy
systems. Additionally, it is desirable to operate all components
of a system at the same voltage to avoid additional circuitry to
convert between voltages. This is typically in the 3–4 V range,
as shown in the table, which is compatible with CMOS circuits
and lithium-ion batteries. However, in the case of many thinfilm and organic active electronic devices, particularly thinfilm transistors such as the pressure sensitive transistors for
heart rate monitoring,[39] the voltage requirement can be much
greater than that of CMOS circuits. Some types of energy harvesters also produce voltages that are far outside this range or
highly variable. In these cases, power electronics are necessary.
In some sensing mechanisms, a voltage or current is directly
generated in response to a stimulus, allowing the sensor to be
self-powered. Examples of self-powered sensors are the piezoelectric respiration and heart rate sensors,[66,75] triboelectric
respiration and heart rate sensors,[67,115] and thermoelectric
temperature sensors.[19] However, since requirements for data
processing and communication are significant, a system with a
self-powered sensing element is not necessarily able to be fully
self-powered.
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Figure 13. Wearable energy-storage devices. a) Textile battery integrated with shirt and watch. Reproduced with permission.[130] Copyright 2013, American
Chemical Society. b,c) Battery on temporary tattoo substrate lighting an LED. Reproduced with permission.[128] Copyright 2014, The Royal Society of Chemistry.

modules powering wearable health monitoring devices, such as
a pulse oximeter wristband including a crystalline silicon solar
module along with a battery and supercapacitor,[117] and flexible amorphous silicon solar modules wrapped around the arm
or wrist powering temperature sensors.[146,147] There is a great
deal of research in the photovoltaics community on low-cost,
solution-processable photovoltaic materials such as organics
and perovskites, because they can be deposited by printing
processes under ambient conditions, reducing the cost per
unit area of the solar module.[148–152] Organic solar cells have
been integrated with garments,[153] light sources,[154] and electrochromic displays,[155] and their very thin (≈100 nm) active
layers and inherent flexibility has spurred the development of
ultrathin solar cells flexible enough to wrap around a human
hair.[156] In addition, Kim et al. developed flexible perovskite
solar cells for wearable electronics applications.[157] Figure 14a
shows these solar cells wrapped around various parts of the
body and the resulting change in power conversion efficiency
(PCE), which was very small. An additional approach to achieve
highly flexible solar cells is to fabricate the cells themselves in
fiber or wire form and weave them together into a textile, as has

been demonstrated with both perovskite[158,159] and dye-sensitized[160–163] solar cells.
The power density available from ambient RF energy is
orders of magnitude lower than that of light energy, even under
indoor lighting. However, RF energy harvesting is still possible
when it is dark and does not require the antenna to be kept in a
particular orientation.[141] As a result, RF energy harvesting can
potentially allow electronics with power consumption less than
about 100 μW, the typical output of RF harvesters, to operate
without a battery.[141] Antennas are typically designed to operate
at one or more frequencies within the industrial, scientific, and
medical (ISM) bands; to convert to DC from these frequencies,
the antenna is integrated with a rectifier to form a “rectenna.”
Several flexible rectennas have been developed[166–169] and
used to power temperature, humidity, oxygen concentration, and
chemical sensors.[170–172] To improve power density, rectennas
have been integrated with other energy harvesting devices,
including photovoltaics[142,173,174] and piezoelectrics,[175] and
there is also the potential to transmit additional power to the
antennas beyond what is available in the environment, for
example using transmitters developed for RFID. Finally, a

Table 5. Characteristics of energy sources for wearable devices.
Source

Collection mechanism

Power density

Advantages

Disadvantages

Ref.

Photovoltaics

100 mW cm−2 (sunlight), <500
μW cm−2 (indoors), DC

High power

Not always available, orientation dependent

[140,141]

RF energy

Antennas

<1 μW cm−2, AC

Reliable, antenna can also be used
for power transmission and
communication

Low power

[141,142]

Body heat

Thermoelectrics

10 s of μW cm−2, DC

Reliable, potential for self-powered
temperature sensing

Low voltage for single
thermocouple

[143]

Piezoelectrics, triboelectrics

<1 to 100 s of μW cm−2,
depending on type of
motion, AC

High power for some motions,
potential for self-powered heart rate
and respiration sensing

High output impedance

[144,145]

Light

Body motion
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Figure 14. Wearable energy-harvesting devices. a) Flexible perovskite solar cells on different parts of the body, and effect of curvature radius on power
conversion efficiency (PCE). Reproduced with permission.[157] Copyright 2015, The Royal Society of Chemistry. b,c) Flexible thermoelectric generator
on a glass fabric substrate. Reproduced with permission.[164] Copyright 2014, The Royal Society of Chemistry. d,e) Devices to harvest energy from body
motion. d) Piezoelectric generator on the knuckle, wrist, and elbow, and corresponding voltage output as the joint is flexed. Reproduced with permission.[165] Copyright 2015, Elsevier. e) Triboelectric generator on the elbow and bicep, and corresponding voltage output during flexing. Reproduced with
permission.[115] Copyright 2015, Wiley-VCH.

single antenna can perform multiple functions that are important for medical devices: receiving energy, transmitting excess
energy to another device that is energy-starved, and sending
and receiving data.[142,176]
Another reliable energy source for wearable medical devices
is the heat of the body itself, which can be converted to electricity using thermoelectric generators attached to the skin.
While the state-of-the-art thermoelectric generators rely on
rigid, brittle, and expensive Bi2Te3 and Sb2Te3-based inorganic
materials, there has been a great deal of effort recently toward
flexible and lower-cost thermoelectric generators.[143] This has
been accomplished by printing[164,177–179] or sputtering[180] films
of the Bi2Te3 and Sb2Te3 materials on flexible substrates, infiltrating the films with PEDOT:PSS to improve flexibility,[181]
and employing alternative materials with higher flexibility
such as carbon nanotubes,[182,183] PEDOT:PSS,[184,185] and Te
nanorods.[186] Figure 14b–c shows the flexible Bi2Te3/Sb2Te3
thermoelectric generator on a glass fabric developed by Kim et
al. (Figure 14b), generating electricity from the heat of a person’s
wrist (Figure 14c).[164] The voltage of a thermoelectric generator
is proportional to the temperature difference, and the power
output is proportional to the square of the temperature difference. Thus, to maximize power output, the generator should be
subjected to the entire temperature difference between the body
and the surroundings, requiring good thermal contact with the
body on one side and good cooling on the other (ambient) side.
Still, the difference between body temperature and air temperature is relatively small, giving millivolt-level voltages for a single
generator.[164,178,181,186] The 1 V or greater voltage levels required
by most electronics are thus achieved by connecting dozens of
thermoelectric generators in series[143,182] or by using power
electronics to boost the voltage.[118,187] Nevertheless, wearable
thermoelectric generators have been used to power a number
of medical sensing devices including a glucose sensor,[182] pulse
oximeter,[187] and electroencephalogram.[118]
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The various motions of the human body, including footsteps, motion of limbs, flexing of muscles, and breathing,
are also sources of energy that can be used to power sensors. The energy available in these motions, which varies over
several orders of magnitude as indicated in Table 5, can be
harvested using wearable piezoelectric or triboelectric generators. Piezoelectric materials generate electricity in response
to a pressure signal; most common among them is the highperforming but brittle piezoelectric material lead zirconate
titanate (PZT).[188] Flexible piezoelectric nanogenerators have
recently been developed based on more flexible forms of PZT
such as thin ribbons[189] or nanowires,[190] as well as lead-free
materials such as PVDF,[145,165,191–193] ZnO nanowires,[194]
and cellular polypropylene.[75] Triboelectric generators, on the
other hand, generate electricity from the transfer of surface
charge that occurs when certain materials, including many
common metals and polymers, are brought into contact,[144]
either by pressing and releasing[195] or sliding.[196] Piezoelectric and triboelectric sensors have been used to harvest energy
from the motion of joints such as wrists, fingers, elbows, and
knees.[115,145,165,192,194] Figure 14d shows a piezoelectric generator developed by Siddiqui et al. on the finger, wrist, and
elbow, and the corresponding voltage waveforms as each of
those joints are bent.[165] Figure 14e shows photographs and
voltage waveforms for a triboelectric generator by Yang et al.
on the elbow and bicep.[115] Since footsteps are a relatively
large source of energy among body motions, piezoelectrics
have been integrated into shoes and demonstrated an average
power generation of around 1 mW during walking or running.[145,191] Triboelectric generators have also been integrated
into textiles to harvest energy from the sliding motion of the
arm past the side of the body.[197–199] Pu et al. showed the
promise of these triboelectric generators for wearable electronics by integrating one with a textile lithium-ion battery
and powering a heartbeat meter.[198]
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Finally, biochemical energy can be extracted to power wearable devices using biofuel cells. For example, lactate in sweat
was oxidized in a textile wristband or headband to generate
electricity.[200] Sensors embedded in contact lenses can especially benefit from this type of energy since it is particularly
difficult to make connections to external power supplies. Contact-lens-based biofuel cells have therefore been developed that
utilize the glucose[201] and ascorbate[202] present in tears as fuel.
Challenges still remain for the integration of these various
power sources with medical devices. First, the power source
should be near the location of the biosignal to be monitored,
as well as in a place with sufficient energy to be collected, to
minimize wiring. Second, the materials of the power source
must be safe and nontoxic. If power electronics are required,
they must use small components, flexible whenever possible,
to maximize comfort. In some cases, multiple types of power
sources may be integrated together to meet the demands of the
sensors. Nevertheless, the amounts of available power in many
forms and the many advances toward wearable power sources
should allow the development of medical devices with reliable,
on-board power supplies and little or no wired charging.

6. Conclusion
In conclusion, a plethora of flexible and wearable medical
devices have been demonstrated with applications in vital signs
monitoring, electronic skin, and epidermal and implantable
medical sensing. Most of the reported devices utilize flexible,
stretchable, and lightweight materials for fabricating the biosensors. The data processing and transmission requirements
were met using silicon-based electronics. This scheme allowed
the best use of both soft and hard electronics. In this review
paper, we listed and discussed flexible and wearable vital-signs
monitoring devices, focusing on biosignals such as temperature, heart rate, respiration rate, blood pressure, pulse oxygenation, and blood glucose. We hope that this review will provide
readers with the underlying sensing principle, sensor fabrication, data processing, and power requirements of these novel
biosensors. We also hope this review will convince readers that
with further improvement of the biosensors coupled with lowcost and large-area processing capabilities, the promise of soft
bioelectronic and biophotonic sensors and its applications in
monitoring vital signs is enormous.
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