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organs by 3D printing of anatomically and 
functionally equivalent copies are rapidly 
approaching commercial maturity.[3] The 
translation of these successes on a global 
scale has been proven challenging, and 
many developing countries still have life 
expectancies of 50–60 years.[1] Amongst 
others, a major challenge is the high cost 
of modern medicine approaches. Recent 
OECD data[1] show a quasi-asymptotic 
correlation between life expectancy at 
birth and annual per capita healthcare 
spending, with an annual average expend-
iture of ca. 2000 USD per capita being the 
2015 threshold for countries having an 
average life expectancy at birth of 80 years 
or more.[1] Even by developed countries’ 
standards, this is a large sum, and health-
care expenditures are a major budget item 
of many countries, reaching ca. 10% of the 
gross domestic product (GDP) in many 
of them, and peaking to 17% of the GDP 
in the United States of America.[1] The 
long-term economic sustainability of most 
developed medical systems is fragile, and 

many European states are forced by their increasing public debt 
to consider cuts to their healthcare expenditures. In addition, 
novel risk factors such as the rise of antibiotic-resistant super-
bugs and anthropogenic diseases undermine our future reli-
ance on established medical praxis.

An opportunity to decrease overall costs of healthcare ser-
vices while improving their quality is given by preventive and 
personalized medicine approaches. Very-early-stage medical 
diagnostics can significantly increase the chances of success-
fully treating widespread diseases such as lung cancer and 
melanoma, while decreasing the overall treatment costs. Recur-
rent monitoring of important biomarkers and taking corrective 
actions can help prevent the development of chronic illnesses 
such as asthma and circulatory system disorders. While such 
large-scale screenings are helping to fight against severe dis-
eases such as prostate and breast cancer, the relatively high cost 
of many medical diagnostics approaches does not allow using 
similar screening approaches for many other diseases. A para-
digm shift may be offered by the convergence of novel wearable 
electronic technologies and big data analysis methodologies. 
Several life-style and health monitoring devices, with exemplary 
cases being the Fitbit[4] and smart watches,[5] are already com-
mercially available. While initial application of these wearable 
electronics was centered on the monitoring of an individual’s 
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1. Introduction

The unprecedented technological and economic achieve-
ments of the last century have had numerous and profound 
impacts on our quality of life and lifestyle. Amongst the most 
remarkable, life expectancy at birth has climbed from less than 
50 years at the start of the 20th century to more than 80 years 
in many developed countries today.[1] This 60% increase in 
life expectancy has been driven by several factors, including 
food security, large-scale production of essential drugs such 
as antibiotics, and the development of novel medical technolo-
gies and procedures such as computed tomography, magnetic 
resonance, and keyhole surgery.[2] This technological drive does 
not seem to be losing its momentum, and once undreamed-
of possibilities such as the engineering of synthetic replicas of 
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data, it is becoming rapidly apparent that their added value may 
consist in drawing large-scale correlations from the pattern 
analysis of millions of users. With the right set of measurable 
metabolic indicators, this concept has the potential to revolu-
tionize our understanding of many difficult-to-cure diseases, 
and provide new ways for their prevention and very early stage 
minimalistic treatment.

The development of miniaturized and wearable devices 
for personalized and preventive medicine is driving a renais-
sance in sensor and analytical chemistry research.[6] Efforts 
are shifting from more traditional chemical and process engi-
neering to the biotechnology and commercial electronic indus-
tries. These bring new challenges and constraints, such as a 
requirement for miniaturized devices of a few millimeters in 
size that can be integrated in on-chip electronic systems with 
ultra-low power consumption. Transmission and collection of 
the data is also not a trivial undertaking, as the non-invasive 
nature of these approaches often requires their physical con-
nection to difficult-to-reach areas, such as the iris of the eye and 
the mouth. Integrated passive wireless data transmission sys-
tems are becoming a key component for the next generation 
of wearable devices. Requirements for the sensing systems are 
even more demanding, as the implementation of bulky analyt-
ical approaches such as chromatography and mass spectrom-
etry is hardly achievable on a millimeter scale.

Quasi- and full-solid-state sensing technologies are emerging 
as a highly miniaturizable solution for the accurate measure-
ment of trace concentrations of biomarkers and other metabolic 
indicators.[7] Sophisticated microscale architectures are being 
demonstrated thanks to the rapid progress of microfabrication 
approaches.[8] Nanotechnology has become essential to impart 
sufficient sensitivity to the detector surface for biomarker detec-
tion, demonstrating a thousand-fold increase in the lower limit 
of detection and new opportunities to increase selectivity while 
decreasing power consumption.[9] Early work on non-invasive 
diabetes diagnostics has demonstrated that this is possible by 
breath analysis.[10] Simple solid-state devices made of unique 
nanomaterial compositions can sense acetone, the primary 
breath marker for diabetes, in the human breath down to a few 
particles per billion. Nanostructuring and functionalization of 
electrochemical micro-electrodes on flexible polymer lenses 
is enabling the online measurement of glucose and other key 
biomarkers directly from human tears.[11] Swallowable gas 
sensing capsules are being developed to measure key gas mol-
ecules in the digestive system, providing unique new insights 
in metabolic processes and disorders.[12] A significant effort is 
being spent in extending these successful sensor engineering 
approaches to a larger group of biomarkers. This is not an easy 
task, as differentiating between the thousands of molecules pre-
sent in body fluids such as tears, sweat, and saliva, and exhaled 
through the skin and breath, requires atomic-scale tailoring of 
reaction sites and efficient transduction of sensing reactions.

Here, we aim to present some of the ongoing key innovations 
in materials science and micro/nano-fabrication technologies 
that are setting the basis for future preventive and personalized 
medicine devices and approaches. We will discuss the chal-
lenges and emerging solutions associated with the engineering 
of wearable and miniaturized sensors for the continuous 
non-invasive monitoring of biomarkers from readily available 

pathways such as sweat, tears, and breath. We will critically 
compare some of the most recent and exciting miniaturized 
devices for non-invasive medical diagnostics, focusing on the 
recent achievements in wireless sensing, ultra-low power con-
sumption, and flexible electronics. We will conclude this review 
by pointing to existing challenges that the research and indus-
trial community is facing in trying to extend these successful 
examples to a broader spectrum of essential biomarkers and 
related devices, aiming to provide solid guidelines for future 
research directions and studies.
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2. Classification of Emerging Miniaturized and 
Wearable Sensing Technologies

A classification of emerging sensing technologies can be 
attempted according to their sensing mecha-
nism and application. While several hybrid 
systems are being proposed that challenge the 
establishment of rigid categories, common 
technological solutions are often found as a 
function of the target analyte. Here, we clas-
sify these emerging technologies across two 
main categories, namely, body fluid sensors 
and volatile bio-marker analyzers. Figure 1 
shows a schematic summary of some rap-
idly emerging sensing concepts for personal-
ized and preventive medicine. Several types 
of miniaturized and wearable devices are 
being developed for the measurement of key 
biomarkers without the need of invasive pro-
cedures. A major distinction can be made 
between contact approaches such as tear, 
sweat, and saliva analysis, and contactless 
technologies such as breath and perspira-
tion sensors. An additional category includes 
pressure and optical sensors. A main distinc-
tion is that the first two categories require 
the chemical interaction of a detector with 
liquid and gas molecules, respectively, while 
the third relies on the detection of physical 
signals such as light and pressure. Here, we 
only discuss the first two categories, that is, 
body fluid and volatile biomarker analyzers, 
as they present numerous similarities.

Body fluid sensors are one of the most 
established tools for miniaturized diagnos-
tics, as large swaths of patients report to doc-
tors daily to test their blood and urine. The 
typical treatment cycle for diabetes involves 
drawing blood from the tips of the fingers 
with a lancet prick, and testing the blood 
for glucose content.[19] Pressure sensing is a 
routine undertaking, with cuff-on-arm blood 
pressure monitors common during medical 
check-ups, and take-home devices for patients 
with ongoing blood pressure concerns.[20] A 
major focus is placed on translating current 
approaches from body fluids that require 
invasive sampling to non-invasive ones that 
are more easily available, like sweat.[21] In 
contrast, analysis of volatile biomarkers has 
been driven by recent advances in the char-
acterization of the breath composition.[22] 
In fact, although there is a rich history of 
an understanding between components of 
the breath and their reflection on physical 
health,[23] the concentrations of many key bio-
markers are very small and have only started 
to be characterized with the rise of modern 
analytical technology, such as proton transfer 

reaction mass spectrometry (PTR-MS).[22] Developing miniatur-
ized and wearable sensors that can replicate the selectivity and 
sensitivity of these bulky lab-scale analytical tools is a primary 
focus of current research efforts.[24]

Adv. Funct. Mater. 2017, 1605271
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Figure 1.  Schematic summary of some emerging sensing technologies for personalized 
and preventive medicine. A major distinction can be made between contact and contactless 
technologies, such as tear,[13b] (Reproduced with permission.[13b] Copyright 2014, Google X), 
saliva analysis,[14] (Reproduced with permission.[14] Copyright 2012, Nature Publishing Group), 
sweat,[15] (Reproduced with permission.[15] Copyright 2013, American Chemical Society), diges-
tive system[12] (Reproduced with permission.[12] Copyright 2016, Elsevier) and optical,[16] (Repro-
duced with permission.[16] Copyright 2015, Institute of Electrical and Electronics Engineers), 
breath,[17] (Reproduced with permission.[17] Copyright 2015, Institute of Physics Publishing) and 
perspiration sensors.[18] (Reproduced with permission.[18] Copyright 2015, American Chemical 
Society).
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3. Body Fluid Biomarkers and Sensors

Commonly targeted body fluids that do not require invasive 
sampling procedures are tears, sweat, and saliva. A list of 
common biomarkers measured in these fluids is presented 
in Table 1. For example, the occurrence of diabetes type II, a 
chronic systemic disease characterized by raised blood glucose 
concentration, is steadily increasing, especially in developed 
countries. Moreover, the treatment of the disease is a major 
expenditure for modern healthcare systems, with costs expected 
to rapidly increase even further.[25] Diabetes can be managed 
by proper administration of insulin, where correct timing 
and dosage of the injections are important. Self-monitoring is 
widely used for controlling the level of glucose in the blood and 
usually performed by an invasive test, drawing a small amount 
of blood from the patient and measuring the amount of glucose 
using a portable glucometer. Nonetheless, this method is not 
ideal, and development of devices for continuous noninvasive 
monitoring of blood glucose, such as that possible through the 
analysis of sweat[21b,26] and tears,[11,27] could increase the safety 
and convenience of testing, leading to improved public health 
and reduced medical costs.[28]

More than 1500 proteins are present in human tears.[27b] 
Some of these proteins are present in sufficiently high concen-
trations and can be used for medical purposes. For instance, 
the observation of antibacterial and antimicrobial function can 

be derived from lactoferrin and lysozyme.[27b] Peptide function 
can be inferred from the presence of various proteases and pro-
tease inhibitors. Information on cholesterol, fatty alcohols, fatty 
acids, and phospholipids is related to tear lipocalpin, which is 
one of the major tear proteins.[27b] Even more valuable, changes 
in the tear proteome are highly correlated with disorders of the 
central nervous system (CNS), such as multiple sclerosis.[29] 
Problems affecting the CNS are notoriously difficult to diag-
nose, and the ability to detect them relatively non-invasively 
from tear fluid may encourage early detection and improve 
wellness prospects for those affected. In addition, lactate, 
which can be measured from tears, is an important metabo-
lite in the anaerobic glycolytic pathway in the human body. 
Under hypoxic conditions, pyruvate is catalytically converted 
into l-lactate by the enzyme lactate dehydrogenase. Some of 
the health conditions that cause increased lactate levels are 
ischemia, which may lead to inadequate tissue oxygenation 
or insufficient transport of l-lactate to the liver, where most 
of it is broken down; sepsis and septic shocks; liver diseases; 
organ failure; stroke; as well as different types of cancer.[30] 
It is also a biomarker of tissue oxygenation, information that 
is useful to athletes. Intense physical activity can nullify the 
standard metabolism pathways, and causes an anaerobic pro-
cess to consume glycogen for energy, leading to muscle cells 
producing lactate. This is known as ‘glycolysis’ or ‘lactate aci-
dosis’. As such, lactate levels in blood are routinely measured 

Adv. Funct. Mater. 2017, 1605271
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Table 1.  List of common biomarkers measured in readily available body fluids.

Fluid Biomarker Purpose Levels Sensing technology Ref.

Caffeine Metabolizing activity in hepatocytes 6 × 10-6  m Potentiometric [34]

CD59 Oral cancer diagnosis 0.38 fg mL−1 Electrochemical [35]

CYFRA-21-1 Oral cancer diagnosis 0.122 ng mL−1 Differential pulse voltammetry [36]

Chloride Kidney disease 300 mg g−1 Chronoamperometry [37]

0.003 × 10-3  m
Electrochemical

[38]

Saliva Glucose Diabetes 1.1 mg dL−1 [39]

5 µmol L−1 [40]

0.22 × 10-6  m Electro-chemiluminescence [41]

Lactate Physical exertion 0.5 nmol L−1 Chemiluminescence [42]

Lead Exposure complication 1 ppb Anodic stripping voltammetry [43]

Thiocyanate, nitrite, and nitrate Detection of inorganic metabolites 3.1–4.9 ng mL−1 Capillary electrophoresis [45]

83 mg dL−1 Artificial neural networks [46]

Glucose Diabetes 720 × 10-6  m Dual-enzyme biosensor composed of glucose  

oxidase (GOx) and pistol-like DNAzyme (PLDz)

[47]

H2O2 Physical exertion 0.5 m Electrochemical [48]

Sweat Lactate Physical exertion 0.1 mmol L−1 Chemiluminescence [42]

Lactate/pyruvate Physical exertion 0.03 × 10-3/0.001 × 10-3  m LCa) [50]

MDMA Drug testing 3.2 ng GCa)–MSa) [51]

Plasma l-dopa Parkinson’s disease 5 nmol L−1 LCa) + Electrochemical [44]

6.1 µg dL−1 Ratiometric sensing with near-infrared photonic crystal [52]

Glucose Diabetes 1.5 × 10-6  m Amperometry [53]

Tears Interleukin-1α Detecting pathogenic attack 1.43 pg mL−1 Theranostic lens [49]

Lactoferrin Sjögren’s syndrome 3 × 10-9  m Microfluidic immunoassay [54]

a)LC = liquid chromatography; GC = gas chromatography; MS = mass spectrometry.
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for the diagnosis of diseases as well as monitoring the fitness 
of athletes.[30e,31]

The compositions of sweat and blood are osmotically 
related.[32] As a result, sweat contains trace amounts of mag-
nesium, zinc, iron, and other metals commonly used for 
medical diagnostics.[26a] Biomarkers like Na+ and Cl− are also 
common and natural components of sweat. Their composition 
can be used to give information about cystic fibrosis.[33] Along 
with other electrolytes like potassium and NH4

+, controlling 
the concertation of Na+ and Cl− can help combat cramping in 
athletes.[21c] The correlations between sweat and blood com-
position may allow for blood-based diagnosis to move toward 
sweat-based diagnosis, which would have positive impacts on 
patient compliance and safety as well as allowing continuous 
monitoring.

Saliva is a great diagnostic fluid providing an alternative 
to direct blood analysis via the permeation of blood constitu-
ents.[55] Early work in electrochemical salivary sensors was 
demonstrated by Graf in the 1960s, measuring pH and fluo-
ride ion levels on a partial denture.[56] Many of the analytes in 
saliva are heavily associated with oral and systemic diseases, 
due to the relatively high amount of interaction between these 
pathways and the mouth. Uric acid (UA) is the end product of 
purine metabolism in the human body. An abnormal concen-
tration of UA is a biomarker for various diseases, including 
hyperuricemia, gout, Lesch-Nyhan syndrome, and renal syn-
drome.[57] In addition, higher UA levels implicate a higher 
future risk of type 2 diabetes.[58] UA can also be an indicator 
of physical-stress-induced reactive oxygen species (ROS), acting 
as a free radical scavenger.[59] While blood UA measurements 
require invasive blood collection, salivary uric acid (SUA) meas-
urements could be carried out non-invasively and in a contin-
uous real-time manner. Shibasaki et al.[60] and Soukup et al.[61] 
have found a good correlation of UA blood and saliva levels, 
demonstrating that this metabolite can be monitored in saliva 
in a noninvasive way without need for blood sampling. The 
presence of cell cycle regulatory proteins such as Cyclin D1 and 
ki67 have been found to correlated with oral cancer,[62] cortisol, 

and metastatic breast cancer,[63] while the expression of certain 
miRNAs can help to differentiate between acute lymphoid and 
acute myeloid leukemia.[64]

Many non-invasive sensors to measure the concentration of 
biomarkers in readily available body fluids such as sweat, tears, 
and saliva are based on miniaturized, planar electrochemical 
cell technology. Figure 2a,b shows a simplified schematic of the 
working mechanism of these amperometric sensors.[65] They 
usually consist of working (WE), counter (CE), and reference 
(RE) electrodes.[65] A current between the working and counter 
electrode is generated by targeted redox reactions between the 
biomarker and the modified working electrode while the oppo-
site reaction takes place at the counter electrode.[65,66] This 
results in the generation of an electrochemical current which, 
in diluted conditions, is proportional to the concentration of the 
biomarker.[67] The surface of the working electrode is usually 
nanotextured to enhance the available surface for redox of the 
biomolecules, and thus increasing the signal-to-noise ratio as 
well as lowering the limit of detection. A major advantage is that 
the selectivity can be enhanced both by coating the nanotexture 
with highly selective functional groups such as enzymes, anti-
bodies, and carefully engineered peptides, and by selecting the 
appropriate voltage potential for activation of the selected reac-
tion. Other types of solid-state sensors for body fluid analysis 
include resistometric and capacitive devices where the detection 
of the presence and concentration of a biomarker is measured 
through the change in resistance[14] and capacitance,[62,68] respec-
tively, between a set of functionalized electrodes.

Figure 2d shows a schematic of the operation principle of 
such electrochemical sensors. Commonly, a constant voltage, 
sufficiently high to initiate the reduction or oxidation of the 
analyte, is applied between a working and counter electrode. 
The working electrode is nanostructured and functionalized 
with an analyte-specific layer such as enzymes and antibodies, 
providing a selective surface for the redox of the targeted ana-
lyte. This results in the rise of a catalytic current between the 
working and counter electrode, which is proportional to the 
analyte concentration.

Adv. Funct. Mater. 2017, 1605271
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Figure 2.  a) Simplified schematic of a working electrode for an electrochemical body fluid sensor and its application as planar cell for b) sweat sen-
sors on a transferable tattoo[15] and c) a tear sensor on a contact lens.[69] d) Exemplary operation principle and sensing mechanism of electrochemical 
sensors. a,b) Reproduced with permission.[15] Copyright 2013, American Chemical Society. c) Reproduced with permission.[69] Copyright 2012, Elsevier.
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While electrochemistry methods have since long been 
applied to the characterization of liquid mixtures, and electro-
chemical biosensors are well established analytical instrumen-
tations, their application to continuous wearable sensors is rela-
tively new. The translation of this approach has been previously 
challenged by the fabrication of robust electrochemical cells 
and circuitry that can be placed in continuous contact with the 
target body fluid. The development of flexible electronic micro-
fabrication approaches has enabled the engineering of skin-like 
planar electrochemical cells that have been proven to work with 
the small amount of liquids available on the human iris and 
skin (Figure 2b,c). Typical layouts consist of a WE, CE, and RE 
electrodes deposited on flexible insulating and biocompatible 
substrates such as 2-methacryloyloxyethyl phosphorylcholine 
(MPC) polymer,[11,28] polydimethylsiloxane (PDMS),[11,28] and 
polyethylene terephthalate (PET).[69] A major challenge is how 
to supply the required voltage for the required redox reactions. 
This is usually in the range of 0.4V[11,28,69] and requires appro-
priate power sources and wiring. Furthermore, the readout 
of the generated current is also not trivial for measurements 
within the iris or mouth. As we will discuss in the following 
subsections, highly innovative and promising concepts have 
been proposed to address these challenges for different sensing 
environments.

3.1. Tear Sensors

Tear sensors are commonly integrated on the inner side of a 
flexible contact lens (Figure 2c and 3). The location of the elec-
trodes and associated circuitry is on the perimeter of the iris and 
sufficiently distant from the pupil to avoid covering the field of 
vision. Typical transparent substrates are flat MPC, PDMS, and 
PET, which enable the deposition of electrodes and circuitry by 
sputtering,[11] and CVD/PVD deposition[70] or e-beam,[69] fol-
lowed by lithography and wet-etching approaches.[71] Common 

electrode materials include Ti/Pd/Pt,[69,70,72] Pt/Ag/AgCl,[11] and 
Au/Ag/AgCl[28] with a rectangular or curved layout. A suitable 
anatomical shape is imparted to the originally flat substrates by 
moulding with heat and pressure.[69,70,72] Monitoring of glucose 
and lactate concentrations has been a main focus of tear sensor 
studies (Table 1).[11,28,69,70,72]

Recent studies have shown a direct correlation between 
tear and blood glucose concentration.[11,73] Integration of glu-
cose sensors into contact lenses has been achieved by several 
research groups,[11,27a,70] who have been able to fabricate high-
performance electrochemical sensors integrated in contact 
lenses for direct glucose monitoring in the iris (Figure 3). The 
electrochemical sensor usually consists of a working electrode 
functionalized with the glucose oxidase (GOD) enzyme, which 
results in the production of hydrogen peroxide and generation 
of a catalytic current between the working and counter elec-
trodes. This approach results in miniaturized sensors that are 
highly selective to glucose and capable of easily detecting the 
required concentrations (ca. 1 µm) in tears. One persistent 
problem for these types of devices is the implementation of a 
suitable power source and readout system (Figure 3a).[28] Inte-
gration of inductive links and radio frequency (RF) circuits 
has been successful in decreasing the required wiring and 
device size (Figure 3d).[13a,72] In addition to the miniaturized 
RF sensor system, this approach requires a reader antenna coil 
system of sufficient size and power being in relatively close 
proximity (5–10 cm) to the device. As an alternative, integration 
of biofuel cells (BFC) into these bionic contact lens has been 
proposed.[28] Enzyme catalysts were employed to convert the 
chemical energy from available biofuel (glucose) and biooxidant 
(oxygen) into electrical energy.[28,74] However, for application 
as a power source for glucose-sensing, utilization of glucose 
from the same tear fluid may interfere with the accuracy of the 
measurements.

Falk et al.[28] demonstrated a tetrathiafulvalene-tetracyano-
quinodimethane/bilirubin-oxidase-based miniature BFC that 
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Figure 3.  Schematic description of a–c) the placement of a contact lens with integrated sensor in the human iris. a–c) Reproduced with permission.[11,68b] 
Copyright 2011, 2013, Elsevier. d–f) Demonstration and schematic of a more miniaturized wireless layout for glucose monitoring from tear analysis. 
d) Reproduced with permission.[13a] Copyright 2013, Sensimed AG. e–f) Reproduced with permission.[13b] Copyright 2014, Google X.
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can generate ca. 3.1 µW cm−2 of power from the ascorbate and 
oxygen available in basal tears without influencing the glucose 
concentration (Figure 4a,b). Measurements were performed ex 
situ with a macrocell of 30 mL by chronopotentiometry using 
a three-electrode rotating disk with a Ag-AgCl3 and a platinum 
wire mesh as reference and counter electrodes, respectively. 
While the device showed no sensor response to pure glucose 
solutions (Figure 4b, continuos line), a strong electrochemical 
sensor response was achieved with the addition of ascorbate 
(broken line) and ascorbate-dopamine fuels (dotted line). An 
open-circuit voltage of 0.54 V and a maximal power density of 
3.1 µW cm−2 at 0.25 V were achieved with human basal tears 
(Figure 4c).[28] This device was able to maintain a stable current 
density output of 0.55 µA cm−2 at 0.4 V over 6 h of continuous 
operation.

Thomas et al.[69] reported an amperometric, mono-enzymatic 
l-lactate sensor on polymer contact lens for minimally invasive 
sampling of tear fluid (Figure 2c and 4d-f). The layout consists 
of an amperometric sensor based on a Pt working and refer-
ence electrode, and an auxiliary Pt counter electrode as a cur-
rent drain (Figure 2c).[69] This three-electrode configuration 
allows for a stable reference voltage between WE and RE. Fla-
voenzyme LOx was utilized as a selective sensing element for 
l-lactate. The electrodes were deposited on 100-μm-thick PET 
substrates.[69] All measurements were carried out ex situ at 
room temperature in phosphate-buffered saline (PBS) solution 
with a pH of ca. 7.4, which is used to mimic the physiological 
conditions on the surface of the eye.[75] Appropriate amounts 
of the l -lactate enzyme were added to the PBS and the cur-
rent response was recorded for 100 s following each addition 
(Figure 4e,f).[69] A voltage of 0.4 V was used for all measure-
ments, as it was found to show optimal signal characteristics. 
This work demonstrates sensing down to 0.1 mm concentra-
tions of l-lactate (Figure 4e) by a flexible and relatively simple 
three-electrode configuration.[69] Future work is required to 
extend this approach for in situ measurements where supply 

of stable voltages and data readout from the pupil remain chal-
lenging tasks.

3.2. Saliva Sensors

A major advantage of saliva analysis is the large amount of fluid 
available and the significantly larger space usable for the locali-
zation of the devices. Furthermore, in contrast to tear analysis, 
the mouth is also a less delicate environment for the incorpora-
tion of implants and can benefit from the extensive research in 
biocompatible materials pursued for dentistry. Several studies 
have presented salivary sensors based on screen-printing tech-
niques that offer scalable low-cost fabrication.[55b,76] However, 
the realization of wearable biosensors for real-time monitoring 
of chemical markers has been limited by the small number of 
demonstrated measurable analytes (Table 1) and the lack of 
integrated wireless data transmission.[21a,77]

Mannoor et al.[14] recently reported a graphene-based wire-
less resistometric sensor for continuous monitoring of bacteria 
on a silk dental tattoo platform (Figure 5a–d). Graphene is par-
ticularly interesting for flexible electronic applications due to its 
remarkable electrical conductivity and mechanical properties 
having an intrinsic strength of 42 N m−1 and Young’s modulus 
of ≈1 TPa.[78] Furthermore, graphene’s high interfacial adhe-
sion to many substrates[79] enables its applications to many 
sensor layouts and materials.[80] In this study, self-assembly of 
antimicrobial peptide (AMP), consisting of dodecapeptide gra-
phenebinding peptide, a triglycine linker and the AMP odor-
ranin-HP, onto graphene was utilized to achieve bioselective 
detection of bacteria at single-cell levels.[14] Upon recognition 
and binding of specific bacterial targets by the immobilized 
peptides, the electrical conductivity of the graphene film varies 
(Figure 5e). This is wirelessly monitored using an inductively 
coupled radio frequency (RF) reader device. To investigate 
the performance of the sensor when directly integrated with  
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Figure 4.  a) Schematic layout and b,c) characterization of an electrochemical sensor with an integrated biofuel cell (BFC) on a contact lens for tear 
glucose analysis. a–c) Reproduced with permission.[28] Copyright 2013, American Chemical Society. b) Ex situ characterization of the electrochemical 
sensor response by supply of (1) 5 mm glucose (continuous line), (2) 5 mm glucose and 0.2 mm ascorbate (broken line) and (3) 5 mm glucose, 0.2 mm 
ascorbate, and 0.2 mm dopamine solutions (dotted line). c) BFC power density with (1) human basal tears (continuous line), (2) phosphate buffer 
saline (PBS) with 0.5 mm ascorbate (broken line), and (3) pure PBS (dotted line). d) Fabrication and e,f) characterization of a planar electrochemical 
cell on contact lens for l-lactate monitoring. e) Dynamic electrochemical response to increasing l-lactate concentrations and f) corresponding calibra-
tion curve from 0.5 to 5 mm. d–f) Reproduced with permission.[69] Copyright 2012, Elsevier.
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biological tissue, the sensor was transferred onto the surface 
of a bovine tooth (Figure 5f, inset). Future work is required 
to demonstrate the application of this concept for the meas-
urement of salivary metabolites such as glucose[38,41] and caf-
feine[34] as well as to further decrease the size of the antenna to 
a size suitable for integration on human teeth.

Kim et al.[55c] developed an electrochemical sensor on a 
mouthguard integrated with a bluetooth low energy communi-
cation system-on-chip for continuous real-time amperometric 
monitoring of uric acid (Figure 6a). A three-electrode layout 
with a uricase enzyme-modified surface was screen-printed 
on the mouthguard (Figure 6a,b). To assess the validity of this 

approach for in vivo measurements, SUA 
levels were monitored in a hyperuricemia 
patient and a healthy individual. A 2.45 GHz 
chip antenna and impedance-matched balun 
were employed for wireless transmission 
(Figure 6c). Two watch batteries of 1.55 V 
and 33 mA h each were utilized in series as 
a power source. The board consumed, on 
average, 7 mA from a 3 V supply during the 
active mode (21 mW) and 0.6 mW in sleep 
mode. Exploiting these low-power sleep 
modes with measurements performed every 
60 s, the estimated battery life increased 
from 12 h to ca. 5 days. Figure 6d shows 
SUA concentrations of the hyperuricemia 
patient and control volunteer. These meas-
urements show a consistent difference 
between the SUA levels in the healthy con-
trol (178.5 µm ± 20.7 µm) and hyperuricemia 
patient (822.6 µm ± 26.25 µm), suggesting 
that this approach can be utilized for diag-
nostics of hyperuricemia. A sensitivity of 
2.45 µA per m m of uric acid was observed 
for concentration of uric acid from 100 to 
600 µm with a R2 correlation coefficient of 
0.998. Further work could be aimed at fur-
ther decreasing the size of these devices, and 
reducing the overall power consumption and 
battery requirements as the sustained pres-

ence of batteries within the mouth cavity may bring additional 
risks and challenges for long-term utilization.

3.3. Sweat Sensors

Sweat analysis offers some advantages over tear and saliva. The 
skin is the largest organ of the human body and provides a 
very large surface for the placement of and interaction with the 
sensor surface. It is, commonly, less delicate than the human 
pupil and mouth cavity. Commercially available wearable elec-
tronics, in relatively close contact with skin, already exist and 
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Figure 5.  a–d) Demonstration of a graphene-based wireless resistometric sensor for con-
tinuous monitoring of bacteria on a silk dental tattoo platform. The scale bar in panel (a) is 
0.7 cm. This device shows a clear response upon e) exposure to 1 µL samples of human saliva 
containing ca. 100 H. pylori cells (blue squares), and nearly no response to pure saliva without 
bacterial cells (red circles). f) A logarithmic relationship was observed between the bacteria 
concentration and the change in resistance up indicating a lower detection limit of ca. 100 cells. 
Inset shows the incorporation on a bovine tooth with a scale bar of 1 cm. a–f) Reproduced with 
permission.[14] Copyright 2012, Nature Publishing Group.

Figure 6.  Demonstration of a) an electrochemical uric acid sensor integrated on a mouthguard with a bluetooth low-energy communication system-
on-chip. b) A selective working electrode was achieved with uricase enzyme-modified surface. c) The device fits on a square with a side of ca. 2 cm.  
d) Monitoring of the uric acid concentration of a healthy control (black circles) and a hyperuricemia patient (red squares) shows its potential applica-
tion for non-invasive diagnostics of hyperuricemia. All panels reproduced with permission.[55c] Copyright 2015, Elsevier.
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can provide power and readout opportunities for the sensors. 
However, a major challenge is that secretion of sweat can vary 
largely during the day and as a function of the activity level. In 
rest conditions, the amount of sweat available for analysis can 
be significantly lower than tear fluid in the pupil, and orders of 
magnitude smaller than the available saliva in the mouth. The 
skin is also more subject to potential contaminants that bring 
additional unknown variables in the system. Furthermore, utili-
zation of a large skin surface to enhance the available surface for 
sweat collection requires not only flexible but also stretchable 
ultra-light sensors which do not interfere with mobility require-
ments and sensory feelings.[21a,b,26b] The biocompatibility of 
the interface between the skin and sensor needs to be carefully 
tested to avoid allergic reactions and potential inflammations.[81]

In 2010, Schazmann et al.[21b] presented the monitoring of 
sodium content in human sweat by a sensor belt (Figure 7a) 
consisting of sweat-wicking materials and ion selective elec-
trodes (ISE). The relatively bulky assembly was pressed against 
the subject’s back by a belt, and enabled measurement down to 
20 [Na]/mm. Liu et al.[26b] introduced a more compact wearable 
conductivity sensor for wireless real-time monitoring of sweat’s 
electrolyte content (Figure 7b,c). Sweat was continuously sam-
pled through a PDMS collector connected to a 22 gauge Teflon 
tube. A hole of 1.2 mm diameter, placed at the bottom of the 
PDMS collector, was in direct contact with the skin, covering 
ca. 1.5 sweat glands on a dorsal forearm. The pressure differ-
ence between the skin and sweat glands and the capillary pres-
sure push the sweat up the tube. As sweat passes through the 
tube its conductivity is measured between two calibrated wires 
allowing for real-time analysis. The data was transferred to a 
printed circuit board (PCB) with a HC-06 bluetooth trans-
ceiver, which wirelessly transmitted to a Windows phone. The 

whole device was packaged into a wristwatch (Figure 7b). The 
accuracy of these measurements was validated with a Horiba 
LaquaTwin conductivity sensor.

Recent achievements in stretchable electronics and biocom-
patible tattoos are revolutionizing the design of wearable devices 
for sweat analysis.[21a,82] Many successful implementations are 
based on papilio transferable enzymatic tattoos with silver/
silver chloride and carbon ink electrodes and circuitry that show 
excellent biocompatibility.[15,21a,82] Jia et al.[15] developed an elec-
trochemical lactate sensor on a tattoo (Figure 7d) for real-time 
monitoring of human perspiration. The device consists of three 
electrodes made from a base of chopped carbon fibers dispersed 
within conductive carbon ink on the working and counter elec-
trodes, and silver/silver chloride inks on the reference electrode 
(Figure 2b). The carbon fibers are used to increase the tensile 
strength of the electrodes to conform to the body. A selective lac-
tate working electrode was achieved by coating its surface with 
a mixture of LOx enzymes tethered to tetrathiafulvalene (TTF) 
and multi-walled carbon nanotubes (CNT). A chitosan top-
coating was used to enhance biocompatibility and prevent the 
catalytic backbone flowing onto the epidermis (Figure 2a). Data 
collection was achieved from the skin-adherent patch via wires 
connected to a computer. It was observed that, in contrast to the 
bare controls (Figure 7e, line b), the LOx-functionalized devices 
(Figure 7e, line a) were capable of detecting lactate in the per-
spiration. Detection down to 4 mm of lactate was achieved using 
a potential step to +0.05 V vs Ag/AgCl, which led to a catalytic 
current of ca. 4 µA.

Kim et al.[82] presented a wearable tattoo-based iontopho-
retic-electrochemical sensing system for monitoring of sweat 
alcohol content (Figure 8a,b). Sweat alcohol content is strongly 
correlated with blood alcohol concentration (BAC) and is an 

Adv. Funct. Mater. 2017, 1605271

www.afm-journal.dewww.advancedsciencenews.com

Figure 7.  Sweat sensor layout for a) sodium content analysis with a sensor belt (Reproduced with permission.[21b] Copyright 2010, Royal Society of 
Chemistry), b,c) electrolyte content analysis with a conductivity sensor integrated in a bluetooth-capable wristwatch (Reproduced with permission.[26b] 
Copyright 2016, Elsevier), and d–e) lactate monitoring with an electrochemical planar cell on a transferable tattoo. This LOx functionalized sensor 
enables e) real-time measurement of lactate (line a) while the non-functionalized control (line b) shows no clear response. d,e) Reproduced with per-
mission.[15] Copyright 2013, American Chemical Society.
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alternative non-invasive source for alcohol monitoring.[82] A 
major achievement of this study is the development of a well-
controlled sweat sampling system. Sweating can be induced by 
pilocarpine iontophoresis, removing some of the challenges for 
its sampling. Pilocarpine can be delivered across the skin by 
applying a constant current between an anode and a cathode 
(Figure 8c). Sweat will then flow from the anode to the cathode 
along the skin. In this study, the application of a 0.6 mA current 
for five minutes was found to provide sufficient sweat genera-
tion while remaining imperceptible to humans. The electrodes 
consisted of a Ag/AgCl reference electrode and Prussian Blue 
(PB)-conductive carbon working and counter electrodes. The 
surface of the working electrode was coated with alcohol-oxi-
dase (AOx) enzyme mixed with a bovine serum albumin (BSA) 
stabilizer and a chitosan solution with PB as the transducers 
(Figure 8d). The functionalized working electrode was then cov-
ered with an agarose gel to buffer the effect of pilocarpine on 
the PB electrode. The device had a size of 3 × 4 cm (Figure 8b). 
Reaction of O2 and ethanol on the AOx results in acetaldehyde 
and H2O2, and oxidation of the PB, which results in a current 
flowing across the electrodes (Figure 8d). The entire measure-
ment was automated by placing these electrodes in the region 
where the pilocarpine iontophoresis had induced sweating 
(Figure 8d). The electrodes were connected to a PCB containing 
a bluetooth low-energy system-on-chip that allowed for data 
transmission to a laptop. The PCB was powered by two watch 
batteries of 33 mA h and 1.55 V each. The measured concentra-
tion of sweat alcohol was compared to the BAC level measured 
with a commercial Alcovisor Mars Breathalyzer, showing a cor-
relation of r = 0.912.

4. Volatile Biomarker Analysis and Miniaturized 
Gas Sensing Systems

Non-invasive medical diagnostics by detection of volatile bio-
markers produced by our metabolism is an ancient approach 
that has been known since the dawn of medical sciences. Hip-
pocrates mentions breath analysis in his treaties on breath 
aroma and diseases. As early as the mid-1800s, the presence 
of acetone in the breath was found to be related to diabetes.[83] 
Volatile organic compound (VOC) analysis from human 
breath and skin perspiration is amongst the least invasive and 

instinctive methods of medical diagnostics. It also offers unique 
advantages for the continuous measurement of important bio-
markers, as it does not need to be placed in direct contact with 
any part of the body or immersed in a body fluid. Despite this 
early start and potential, volatile biomarker analysis has not 
played a major role in clinical diagnostics. This is mainly due 
to the challenges associated with the precise measurement 
of ultra-low concentrations of gas molecules in very complex 
gas mixtures such as the human breath. This has delayed 
the establishment of a robust set of VOCs and levels associ-
ated with specific diseases and metabolic states. Exemplary 
exceptions are the measurement of ammonia for diagnosis 
of helicobacter pylori infections of the stomach,[84] and more 
recently exhaled NO (eNO) concentrations for diagnosis of  
asthma.[85]

The use of volatile biomarker analysis is becoming increas-
ingly attractive due to the development of powerful analytical 
tools for lab-scale analysis of ultra-low concentrations of VOCs 
from body fluids, including breath, skin, urine ,and blood. Vol-
atolomic approaches are now emerging as pa owerful alterna-
tive for the continuous monitoring of key metabolic processes 
in our bodies. In fact, VOCs released from their origin and/or 
fat compartment storage into the circulatory system[86] can be 
directly detected from blood[87] and the headspace of cells.[88] 
VOCs can also be externally emitted by several secretion path-
ways including exhaled breath,[87a,89] skin/sweat,[90] feces,[91] 
urine,[92] saliva,[55b,c,76,93] and others, such as breast milk.[94] 
Secretion of ca. 2,600 VOCs from healthy subjects have previ-
ously been characterized,[86b,95] mostly from a single secretion 
pathway.[86b,95] The nature, origin, emission, and related bio-
chemical pathways of endogenous and exogenous VOC fami-
lies, primary and secondary alcohols, aldehydes and branched 
aldehydes, ketones, esters, nitriles, and aromatic compounds 
in volatolomics have recently been reviewed thoroughly.[86,95a,96] 
Table 2 presents a short summary of some VOCs and associated 
diseases detected by common pathways. A key challenge facing 
volatolomic approaches for personalized and preventive medi-
cine is the development of miniaturized low-power chemical 
sensors capable of selective sensing of a few particles per billion 
concentrations of VOCs in the presence of high concentrations 
of water vapor and other gases.[97] Meaningful VOCs analysis 
requires stable and reproducible responses and elimination of 
additional factors such as gender, age, and smoking status.[98] 
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Figure 8.  a,b) Schematic of a wearable tattoo-based iontophoretic-electrochemical sensing system for monitoringm sweat alcohol content (SAC). 
Release of pilocarpine to the skin is utilized to induce sweat.[82] c) The device is integrated on a printed circuited board of a few cm with bluetooth 
capability for wireless data transmission. d) Selective measurement of SAC is achieved with AOx receptor and Prussian Blue transducer.[82] All panels 
reproduced with permission.[82] Copyright 2016, American Chemical Society.
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Arrays of nanomaterial-based sensors, often termed as nano
arrays,[99] have great potential to meet these clinical challenges 
and become powerful diagnostic tools owing to the inherently 
non-invasive nature of volatolomics. The large surface-to-
volume ratio of the nanomaterials provides high sensitivity and 
fast response and recovery times. The broad range of well-inves-
tigated nanomaterials can help to increase the selectivity and 
sensitivity to the target VOC.[97a] Their small size also allows on-
chip integration of large arrays.[8a] Development of novel solid-
state sensors for selective detection of ultra-low concentrations 
of specific gas molecules is becoming increasingly more fea-
sible due to the recent progress in nanofabrication approaches, 
which are capable of providing atomic-level control of the sur-
face composition of high-surface-area detectors.[100] Common 
VOC sensing mechanisms for wearable and miniaturized sen-
sors include chemo-resistive semiconductors,[97a,101] surface 
acoustic wave resonators,[102] and capacitive polymers.[62,68a] The 
sensing mechanism of semiconductor chemo-resistive sensors 
has been recently summarized in.[97a] In short, the conductivity 
of a nanostructured sensor film changes significantly as a func-
tion of the concentration of reducing and oxidizing gases and 
their reactivity with the semiconductor surface. This technology 
enables the particle-per-billion detection of important VOCs 
such as acetone[97a] and ethanol[103] by a simple and highly min-
iaturizable resistance measurement.

Surface acoustic wave (SAW) resonators are based on 
the modulation of acoustic waves traveling between refer-
ence points in a medium.[102] The presence of analytes in the 
medium influences factors of the wave such as its speed and 
amplitude. The substrate used in a SAW resonator has piezo-
electric properties that allow transversal waves to propagate 
across the surface.[122] When a receptor is adhered to the sur-
face, whether through adsorption or some other kind of reac-
tion, the reception of the wave will be modified due to changes 
in the wave characteristics.[123] SAW resonators have been used 
as an immunoassay format,[122] for the detection of VOCs such 
as ethanol, acetone, and propanol,[124] and as part of gas chro-
matography for the early screening of lung cancer.[125]

Capacitive polymer sensors are based on dielectric layers 
with imprinted polymers on the surfaces. A surface insulated 
with a polymer coating will change in thickness or dielectric 
constant when certain analytes are in the environment.[68a] This 
change can be detected by changes in the capacitance or imped-
ance of the capacitor itself, and the degree of this change is pro-
portional to the concentration of the analyte. Ultrathin polymer 
layers are used in capacitive polymer sensors, and they are typi-
cally fabricated by electropolymerization.[126] Capacitive sensors 
have been used for the detection of lipolytic enzymes,[11] sur-
factants,[14] and as immunosensors.[62] In the following sub-
sections, we will present some successful designs that have 
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Table 2.  List of some common volatile biomarkers and sensor technologies for the most established pathways.

Pathway Biomarker Purpose Levels Sensor technology Ref.

Breath

Acetone Hyperglycemia 30 ppb Si-doped WO3 nanoparticle films [97b]

Ammonia Liver failure 50 ppb Chemoresistive Nano-MOx
a) [104]

Ammonia Liver failure 10 ppb p–n oxide semiconductor heterostructure [105]

2-Butanone Helicobacter pylori 500 ppb Chemoresistive graphene-ZnO [106]

Ethanol/toluene Alcohol/cigarette consumption 0.1 ng Hadamard transform GC–MSb) [107]

H2S Asthma 534 ppt
Chemoresistive

[108]

NO Lung injury 206 ppt

Menthone Amount of cigarettes smoked ≈ ppt Atmospheric pressure chemical ionization [109]

C8H8, C9H18O

2-EH, C7H14O, C10H20O, C16H34 Ovarian cancer 400 ppb Chemoresistive flexible nanoparticle-based  

sensor array

[110]

Trimethylamine Chronic kidney disease 1.76 ppb GC–MSb) [111]

Skin perspiration

Acetone Diabetes 10 ppb Chemoresistive MOx with zeolite concentrators [18]

CO2 Respiration monitoring 60 ppb Optical coherence tomography [112]

DMMP Atmospheric nerve gas 5 ppm PPy coated graphene field effect transistor sensor [113]

Ethene UV radiation 1.4 pmol kg−1 Photoacoustics [114]

Glucose Diabetes 50 mg dL−1 Mid-infrared spectroscopy [115]

Water vapor and oxygen Respiratory distress in infants NRc) Laser spectroscopy [116]

Digestive  

System

C3H6O3 C3H4O3 Gastric cancer 0.1 × 10-6 m Potentiometric with Lactate Oxidase-functionalized ZnO [117]

Malonic acid and l-serine Esophageal cancer 50 × 10-6 m GC–MSb) [118]

Lactic, aminovaleric, and glyoxylic acids Various cancers 1 µg mL−1 Ratiometric fluorescence [119]

[120]

l-alanine glucuronic lactone  

l-glutamine

Colorectal cancer 0.01 × 10-6 m Amperometric biosensor based on nanoporous nickel/

boron-doped diamond film

[121]

a)MOX: metal oxide semiconductors; b)GC-MS: gas chromatography and mass spectrometry; c)Not reported.
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demonstrated particular merits for the development of minia-
turized and wearable VOCs measurement.

4.1. Breath Analysis and Miniaturized Gas Sensor Systems

A major advantage of breath analysis is that the concentration 
of VOCs is usually some orders of magnitude higher than that 
perspired through the skin (Table 2). A standing challenge is 
how to sample precise and reproducible parts of the breath 
during the correct exhalation phase without increasing the 
size and complexity of the device. In laboratory experiments, 
this is usually achieved by carefully designed systems including 
valves, heated masks, and lines that avoid condensation of 
VOCs and can select the breath component to be analyzed. 
Achieving the same effect with portable hand-held or wearable 
devices is not trivial. A major disadvantage of breath and other 
VOC analysis compared to body fluid analysis is that the latter 
can more easily achieve selectivity due to the functionalization 
of the working electrode surface with readily available biological 
enzymes. Current approaches for overcoming these challenges 
are often based on pattern analysis from an array of diverse gas 
sensor components. Despite these challenges, breath analysis 
is showing some promising results for the very early-stage and 
self-diagnostics of numerous diseases such as several types of 
lung[127] and breast[88a] cancers, and chronic inflammatory and 
metabolic diseases such as asthma[85] and diabetes.[10]

Barash et al.[88a] recently reported the mapping of molecular 
subtypes in breast cancer (BC) tumors by GC-MS and nano-
structured sensor arrays analysis of breath samples collected 
from 276 volunteers, including benign conditions, ductal car-
cinoma in situ (DCIS), malignant lesions, and healthy controls 
(Figure 9a–d). GC–MS analysis revealed up to 23 compounds 
that were significantly different in the breath of breast cancer 
patients having distinct molecular subtypes (Figure 9c). Appli-
cation of discriminant function analysis (DFA) to the response 
of the nanostructured sensor arrays analysis (Figure 9d) ena-
bled differentiation with 83% accuracy between cancer and 
non-cancer cases, and 82–87% accuracy between different 
molecular subtypes. Similar nanostructured sensor array 
approaches[128] have been utilized recently (Figure 9e,f) for 
detection of preeclampsia, a hypertensive disorder of preg-
nancy, which is a leading cause of maternal and perinatal mor-
bidity and mortality. Molecularly modified gold nanoparticle 
sensor arrays were “trained” for characterizing the breath print 
of preeclampsia, which have higher concentrations of some 
specific VOCs such as octanal and C13H28. The nanoparticle 
sensor arrays were able to distinguish preeclampsia from 
healthy pregnant women with an accuracy of 84%.

A major challenge in developing sensor array systems for 
breath analysis is the development of sufficiently selective and 
distinct sensing materials. In 2010, Righettoni et al.[100b,129] 
reported the synthesis of a highly selective nanostructured 
material for acetone sensing, a major breath marker for dia-
betes (Table 2). Films of Si-doped WO3 nanoparticles[100b,129] 
were deposited by flame synthesis on a simple interdigitated 
electrode layout (Figure 10a) and capable of chemoresis-
tive measurement of down to 20 ppb of acetone at 90% rela-
tive humidity. The potential of this compact sensor layout for 

online measurement of acetone was thereafter confirmed in 
real human breath by comparison with proton transfer reac-
tion (PTR-MS), showing excellent accuracy (Figure 10b). A fully 
hand-held version of this technology for direct measurement 
of breath acetone has been presented recently (Figure 10c).[10] 
Further miniaturization of this type of chemoresistive sensor 
is possible, enabling devices as small as few millimeters in 
size.[130] Several research groups are developing carefully 
engineered sensing nanostructures for selective and room-
temperature[131] detection of important VOCs.[132,133] Light 
activation of the sensing nanomaterial[134] may further help in 
decreasing the operation temperature and increase the selec-
tivity. Development of flexible and stretchable sensing materials 
has recently shown the potential to offer additional opportu-
nities to increase the selectivity of these nanostructured sen-
sors. Kahn et al.[110] presented a flexible nanoparticle-based 
sensor array (Figure 10d) for diagnosis of ovarian carcinoma 
from exhaled breath. Strain-related response of functionalized 
gold nanoparticle sensors (Figure 10e) was utilized to success-
fully discriminate between the breath collected from ovarian 
cancer patients and control subjects with 82% accuracy from 
single sensors. Figures 10f,g show a schematic of the operation 
principles of a chemoresistive gas sensor. Usually, a constant 
voltage is applied between two interdigitated electrodes con-
nected through a nanostructured semiconductor layer such as 
a film of SnO2 and WO3 nanoparticles. The latter is commonly 
kept at a constant temperature in the range of 200–400 °C, and 
engineered to promote the reduction or oxidation of the target 
analyte. These redox reactions change the concentration of sur-
face charges on the nanostructured film changing the material 
conductivity, and increasing or decreasing the current flowing 
between the two electrodes. If the size of the nanostructures 
is comparable to the Debye’s length of the semiconductor, 
the change of conductivity affects the whole material, and can 
result in several-orders-of-magnitude-strong current rise or 
decay already at analyte concentrations of few ppm.[97a]

4.2. Skin Perspiration Analysis and Wearable Sensing Devices

Similar to sweat analysis, skin perspiration analysis is receiving 
increasing attention and research efforts due to its facility of 
placing relatively large devices on the surface of the body 
without causing significant discomfort. This facilitates the 
development of fully automated sensor systems for continuous 
monitoring of key biomarkers. Another advantage is that, in 
contrast to breath analysis, perspiration from the skin is rela-
tively clean from exogenous gas molecules, and thus does not 
require, per se, careful selection of the exhalation phase to be 
analyzed. Compounds travel to the dermal layer through the 
interstitial fluid between blood vessels. There is a degree of 
leakage and osmosis from a blood capillary to the interstitial 
fluid, which enters the dermal layer.[135] A major challenge is 
that the concentration of VOCs is significantly lower than in 
the breath (Table 2), requiring lower limit of detections in the 
low ppb–ppt level. Several approaches are being proposed to 
overcome this severe constraint, including chemical stimula-
tion of the release of specific compounds[82] and innovative 
concentrator approaches.[18] This research area is also greatly 

Adv. Funct. Mater. 2017, 1605271
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benefitting from the development of flexible and transferable 
electronics that have been discussed in subsection 3.3 above.

Park et al.[113] very recently reported a dimethyl methylphos-
phonate (DMMP) gas sensor on a highly stretchable and trans-
parent patch, which can be placed on human skin and other 
surrounding objects (Figure 11a,b). DMMP is a stimulant of 
nerve gas, and its sensing by miniaturized sensor has imme-
diate applications in workplace safety and defense. Hybrid 
nanostructures made of silver nanowires and graphene were 
used as electrodes and an RF antenna. A field-effect transistor 
sensor was obtained by drop-coating polypyrrole (PPy) onto 
graphene. This device was able to detect as little as 5 ppm of 
DMMP and sustained this ability to up to 20% strain. Good 
selectivity against acetone, methanol, water, and tetradecane 
was observed. While this device layout has not been imple-

mented for VOC monitoring, its compactness, wireless, and 
power-less capabilities makes it particularly interesting for skin 
perspiration analysis.

Yamada et al.[18] proposed a zeolite-based concentrator for 
measurement of the acetone perspired through the skin with 
miniaturized chemoresistive gas sensors (Figure 11c–e). The 
latter are based also on highly responsive WO3 nanostructures 
such as those reported previously for breath analysis.[100b,129] 
The 390HUA zeolites were capable of adsorbing and desorbing 
approximately 100% and 90% of the injected acetone. The release 
of the acetone from the zeolite can be triggered either by heating 
or collapsing of the cavities through mechanical strain. Measure-
ment of the skin perspiration for 10 min from 6 volunteers and 
comparison with GC–MS measurements demonstrated lower 
limits of detection down to 5 ppb (Figure 11e). Overall, this 

Adv. Funct. Mater. 2017, 1605271
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Figure 9.  a) Schematic of breath sampling for b) nanostructured sensor array and c) GC–MS analysis of molecular subtypes in breast cancer. d) Differ-
entiation amongst benign conditions, ductal carcinoma in situ (DCIS), and breast cancer was demonstrated with the nanostructured sensors array.[88a] 
a–d) Reproduced with permission.[88a] Copyright 2015, Oncotarget. e) Diagnostics of preeclampsia via breath analysis demonstrating f) a distinct set 
of VOCs for preeclampsia subjects.[128] e,f) Reproduced with permission.[128] Copyright 2016, Wiley Online Library.
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approach has the potential to facilitate the development of skin 
transpiration gas analysis systems. Significant efforts are also 
being directed toward the development of low-power consump-
tion detectors which are capable of selectively measuring small 
ppb concentrations of important VOCs. Multi-nanostructured 

layers of CuO and SnO2 nanoparticles have demonstrated chem-
oresistive detection of 20 ppb of ethanol,[103] while transparent 
WO3 nanocolumn morphologies have been utilized for the 
development of fully metal-oxide devices with ultra-low-power 
consumptions of 21.6 to 251 µW.[101]

Adv. Funct. Mater. 2017, 1605271
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Figure 10.  a) Schematic and demonstration of a compact chemoresistive device for breath acetone measurement for diabetes diagnostics showing 
b) excellent accuracy with PTR-MS measurements[10] a,b) Reproduced with permission.[10] Copyright 2012, Elsevier, and c) integration in an handheld 
device[17] Reproduced with permission.[17] Copyright 2015, Institute of Physics Publishing. (d) Schematic and e) characterization of a flexible gold 
nanoparticle sensor arrays for accurate strain-aided detection of ovarian carcinoma from breath analysis.[110] d,e) Reproduced with permission.[110] 
Copyright 2015, American Chemical Society. g) Exemplary operation principle and sensing mechanism[97a] of chemoresistive sensors. Reproduced with 
permission.[97a] Copyright 2010, Wiley Online Library.

Figure 11.  a,b) Schematic and demonstration of a flexible and transparent dimethyl methylphosphonate (DMMP) gas sensor based on PPy coated gra-
phene field effect transistor sensors.[113] a,b) Reproduced with permission.[113] Copyright 2016, Royal Society of Chemistry. c) Schematic of zeolite collector 
for acetone monitoring through skin perspiration. d) Demonstration of an integrated skin perspiration sensor based on a 390HUA zeolite and a chemore-
sistive sensor and e) its validation against GC measurements.[18] c–e) Reproduced with permission.[18] Copyright 2015, American Chemical Society.
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4.3. In Situ Digestive System Analysis and Swallowable  
Gas Sensors

In situ analysis of the digestive system is the least invasive 
procedure of a traditionally very invasive discipline. The huge 
amount of discomfort associated with procedures such as colo-
noscopies and endoscopies is evident from the reduced patient 
compliance to undergo a procedure, and the rates at which 
patients avoid heavily recommended repeat procedures. It 
has been estimated that as many as 40% of patients refuse to 
repeat a colonoscopy when advised to do so by a medical prac-
titioner.[136] In this context, a digestive system analyzer such as 
a smart gas[12] and/or optical[137] sensing system integrated in 
a swallowable pill can provide key information on the state of 
our digestive system with significantly less discomfort. This 
approach has also potential for simultaneous analysis and treat-
ment procedures, where the pill may release highly concen-
trated and localized drugs in specific locations determined by 
the analysis of the surrounding area. In 2015, Kalantar et al. 
demonstrated a swallowable capsule capable of gas measure-
ment in a pig’s intestinal system (Figure 12). The capsule con-
sists (Figure 12a–c) of an indigestible and impermeable shell 
with a gas-permeable membrane; a gas sensor for H2, CH4, 
or CO2, which are commonly found in the gut; a microcon-
troller; a wireless transmitter; and a silver oxide battery. The 
gas-permeable membrane is made of polydimethylsiloxane 
with embedded nanoparticles, which are utilized to increase 
the permeability to the target gas molecules. The voltage 
output of the sensor is proportional to the target gas concen-
trations (Figure 12d,e) and transmitted using radiofrequency 
at 405, 433, and 915 MHz. The feasibility of this approach 
was tested with a CO2 sensor in four pigs, with two having a 
high-fiber and two having a low-fiber diet. For pigs with a 
high-fiber diet, the sensor voltage response decreased signifi-
cantly between 10 and 18 hours after swallowing the capsule 
(Figure 12f). This time period corresponds with the digestion 
time expected for the capsule to reach the small intestine of a 
pig, and it is in line with the higher levels of CO2 previously 
measured in the small intestines of pigs with high-fiber diets 
compared to those with low-fiber diets. In the future, integra-
tion of multiple gas sensors and other capabilities may result in 

a disruptive tool for minimally invasive analysis of our digestive  
system.

5. Summary and Outlook

In conclusion, we have reviewed some recent achievements in 
miniaturized sensor technologies for the non-invasive, possibly 
continuous, measurement of important biomarkers for med-
ical diagnostics, healthcare, and lifestyle monitoring. We have 
proposed a classification according to their application envi-
ronment, namely body fluid and volatile biomarker sensors. 
For both categories, the development of flexible electronics is 
rapidly revolutionizing their layout, allowing the engineering 
of ultra-thin and compact devices on transferable tattoos and 
contact lenses. Graphene and carbon fibers have become key 
components of biocompatible, stretchable electrodes pro-
viding improved mechanical properties and adhesion to the 
substrates. Standing challenges include the power supply and 
data transmission as well as the development of sufficiently 
selective and sensitive sensing materials. Highly selective body 
fluid sensors for readily available sweat, saliva, and tears have 
been developed leveraging on existing electrochemical bio-
sensor approaches, which can benefit from an extensive library 
of enzymes for biomolecule detection. Recent progress in the 
micro-nano fabrication of planar electrochemical cell design 
has allowed the design of wearable glucose, l-lactate, and eth-
anol biosensors, with the only apparent limitations being the 
supply of sufficient voltage for the electrochemical redox reac-
tions and the synthesis of the selective functional groups.

On the other side of the spectrum, volatile biomarker sen-
sors are struggling to achieve the same selectivity of body fluid 
sensors. They often rely on sensor arrays made of metal oxide 
and functionalized gold nanoparticles, and pattern recognition 
approaches to identify specific diseases. Selectivity is also pur-
sued by integration of gas selective membranes, engineering 
of unique material properties, and strain-induced variation in 
the morphology of the detector. A strength of volatile biomarker 
analysis is its intrinsic non-invasive nature that solve some of 
the strict location and size requirements faced by body fluid 
sensors. The development of miniaturized fuel cells able to 

Figure 12.  a,b) Schematic layout and c) demonstration of a swallowable gas sensing system consisting of an indigestible and impermeable shell with 
a gas-permeable membrane; a gas sensor for H2, CH4, or CO2; a microcontroller; a wireless transmitter; and a silver oxide battery. Sensor voltage 
response to d) H2 and e) CO2. f) Measurement of CO2 in the intestinal system of pig with high- and low-fiber diets.[12] All panels reproduced with 
permission.[12] Copyright 2016, Elsevier.
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deliver power from the oxidation of locally available biofuels is 
a promising emerging concept for the long-term power supply 
of both body fluid and volatile biomarker sensors. Alternative 
approaches include the development of passive radio frequency 
(RF) circuits that are able to provide both the required power 
for the operation and a convenient means for the data trans-
mission and readout. The size of the required antenna as well 
as the required proximity of the reader may pose some future 
limits on the sensor layout, sensor circuit design, and device 
miniaturization. Nonetheless, optimization of the sensing 
materials and mechanism for RF operation has only recently 
begun and is already becoming an enabling tool for the utiliza-
tion of a multitude of biosensors in difficult-to-wire locations 
such as the human iris. The future development of wearable 
and miniaturized sensing technology is bright, with applica-
tions in personalized and preventive medicine providing strong 
social and financial benefits for addressing the large number of 
standing fundamental and technological challenges.
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