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Design and Experimentation of a Batteryless
On-skin RFID Graphene-Oxide Sensor for the
Monitoring and Discrimination of Breath Anomalies
M. C. Caccami, M. Y. S. Mulla, C. Occhiuzzi, C. Di Natale, and G. Marrocco
Abstract—Real-time and comfortable monitoring of the human
breathing could allow identifying anomalies in the rhythm and
waveform to be correlated with several pathologic disorders of
respiratory and cardiovascular systems. A wireless sensor based
on a flexible kapton substrate, suitable to be stuck over the face
skin like a plaster and provided with a graphene-oxide (GO)
electrode, is here proposed for application to the monitoring of
the moisture emitted during inhalations and exhalations. The
GO-based electrode increases its DC resistance when exposed to
humidity with a sensitivity of 60 ⌦/RH. The device is compatible
with the Radiofrequency Identification (RFID) standard in the
UHF band. When used in battery-less mode it can be read up
to 60 cm. The RFID sensor has been successfully experimented
in a measurement campaign involving ten volunteers asked to
reproduce a set of predefined normal and pathological breaths.
The resulting resistance traces permit to well clusterize the breath
patterns with respect to the respiration rate (extracted by an
FFT) and to the average peak variation of the sensor’s resistance
with an accuracy close to 90%.
Index Terms—Breath sensor, graphene oxide, RFID technology,
skin antenna, wireless monitoring

I. I NTRODUCTION1
Breathing is a rhythmic physiological act that occurs unconsciously and guarantees the supply of oxygen for human
survival [1]. Anomalies in respiration rate and the tidal volume
variability can be correlated with disorders of the cardiovascular system as well as with the obstructive sleep apnea
syndrome (OSA) and the Rett syndrome [2]. Accordingly,
breath monitoring can be a useful tool for characterising
and classifying a wide range of diseases, such as asthma,
respiratory arrhythmia, chronic obstructive pulmonary disease
(COPD) or cardiac arrest [3].
The conventional measurement techniques for accurately
assessing respiratory functions mostly involve contact-based
instruments [4]. The polysomnography (PSG) [5] is the defacto gold standard tool for diagnosis of the respiratory
disorders at sleep. However, it is expensive, requires a timeconsuming monitoring procedure and generates discomfort for
the patients. PSG indeed requires the insertion of a nasal
cannula, the application of electrodes to specific body sites
and the use of strain gauge and pressure sensors [6] that limits
the patient mobility. Other widely used traditional systems [7]
are the impedance plethysmography [8], thermistors or flowmeters embedded in a mouthpiece, a mask or a tube. Finally,
1 Manuscript submitted on March 28 2018, and accepted on August 18 2018.
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the stethoscope, which still remains the most common method
for diagnosis of breathing problems, is prone to the subjectivity
of the physician [9].
Recent years have witnessed the emergence of less invasive
wearable monitoring devices and sensorised garments. A coin
size acoustic sensor [10] provides a remote real-time access
to the sound of the respiratory tract but performs poorly when
a patient coughs or sneezes, snores or cries (infants) or is in a
noisy surrounding [11]. MEMS (microelectromechanical system) based on three-axis accelerometers have been proposed
in [12], [13] to achieve a 3D reconstruction of the movements
of the chest wall compartments occurring due to expansion
and contraction of the lungs in each respiration act. Although
this approach provides an accurate biofeedback regarding
breathing frequency and waveform, it however should be
used under supervision and in static conditions since body
movements may introduce artefacts.
Innovative solutions originate from the significant advances
in the Materials science and from the recent evolution of Skin
Electronics [14] combined with well-assessed Radiofrequency
Identification (RFID) technology. The virtuous merging of
these disciplines has indeed encouraged the rapid development
of a new class of minimally invasive ultra-thin plaster-like
devices that can adhere tightly to the soft and curved surface
of the skin [15]. Such devices can be wirelessly poweredup and remotely accessed by a reader unit. The absence of
batteries, the simple electronics and the reduced amount of
conductive elements candidate RFID technology to be one of
the most promising solutions for epidermal applications [16].
The idea of using an RFID tag to sense the breath rhythm,
by means of the collection of the relative humidity (RH) in the
inhalations/exhalations, was recently introduced in [17], [18].
The relative humidity of exhaled breath is higher than the one
of the inhaled (ambient) air. Indeed, air in the lungs is almost
saturated with water at body temperature of 37°C. During
exhalation, the breath goes throughout the cool membrane
lining the nose and loses some of its moisture, still maintaining
a high water quantity. Finally, the mixture with ambient air at
nose level further reduces its moisture content. The RH% of
the exhaled breath is hence determined by the velocity/rate
and volume of the flux of the air that strictly depend on the
human variability and on the health status [19], [20] . Thus, an
even qualitative detection of the RH in the surrounding of the
nose [19] can provide information about rhythm and intensity
of the breath and permits to discriminate different breathing
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patterns. For this purpose the RFID tag was augmented with
a sensor utilising graphene oxide (GO) coating as a sensitive
nanomaterial [21] to capture the breath emission.
GO is a graphene derivative, generally obtained by oxidation
of graphite in a mixture of strong acid and oxidising agents
[22]. Graphene and its derivatives already collected intensive
research interest in a wide range of bio-applications thanks to
the outstanding physical and chemical properties and, above
all, for the intrinsic biocompatibility [23]. Among the several
proposed examples, it is indeed worth recalling the lactate
detection and the bacterial growth monitoring just inside the
mouth [24], [25]. The well known hydrophilic nature of
graphene oxide originates from the interactions between the
exposed functional oxygen groups and water [26] resulting
in good water dispersibility and biocompatibility. In these
pioneering experiments, the GO sensor was connected to a
general-purpose sensor-oriented RFID board [27] that was
applied to a medical face mask. A profile of breath measurement was presented in case of normal respiratory rhythm and
apnea. However, the antenna was not optimised for the onface placement and it was readable up to not more that 30 cm
in battery-less mode. A similar approach has been adopted
in [28], where a printed graphene sensor has been interfaced
to the ADC of a sensor-oriented RFID IC such to wirelessly
monitor ammonia. Finally, graphene has been also largely
investigated as antenna conductive material in several RFID
applications, for example as textile devices [30], analogue
sensor [29] and low-cost printing [31].
This work makes a further step toward the real applicability
of breath monitoring with GO-based RFID tags by addressing
the topic of improving reading range of the tag and discriminating different breath anomalies. By extending the work in
[32], it is here described a skin-attachable GO sensor-oriented
tag with two-times the read distance of the face mask antenna
in [18].
The paper is organised as follows. Section II resumes the
nanomaterial-based sensor and its resistance-humidity curve.
A flexible antenna, suitable to host such a sensor and to
be attached onto the face is introduced in the Section III.
Section IV gives details of the fabrication of the epidermal tag
prototype and explores the real communication performances
when the antenna is directly brought in conformal contact with
the cheek of a volunteer. Finally, pivotal results of dynamic
characteristics of breathing through an experimental campaign
involving ten healthy subjects are presented in Section V,
where a simple data processing is introduced to discriminate
several breathing patterns (apnea, tachypnea, bradypnea and
deep breath).
II. G RAPHENE OXIDE - BASED S ENSOR
The considered graphene oxide sensor (Fig. 1) is borrowed
from [18]. A p-doped silicon (Si) wafer with a 300 nm-thick
SiO2 top layer was used as substrate over which parallel gold
electrodes and contacts were photolitographically patterned.
20 nm-thick gold (Au) layer with 2 nm chromium adhesion promotion layer formed two pairs of parallel electrodes

separated by 5 µm distance. The larger triangular contact
pads were chosen to ease the external connections. During
measurements only one pair of electrode was connected to the
RFID interface board. The second pair served for redundancy.
A 3 µl drop of commercially available graphene oxide solution
(2 mg/ml) was drop-cast and left to dry in ambient conditions.
While the graphene oxide solution was drying, 10 V peak to
peak alternating voltage with 1 M Hz frequency generated by
function generator was applied between the electrodes. After
initial few minutes of drying, a tiny quantity of solution was
carefully removed so as to avoid coffee ring effect ensuring
a uniform deposition during drop evaporation. After complete
drying, the substrate was annealed at 195 C for 15 minutes
on hot plate in dark. Raman characterization confirmed that
the film was Graphene oxide. Some degree of reduction was
observed but not enough to be termed as a fully reducedgraphene oxide, hence it will be hereafter mentioned simply
as Graphene Oxide.

Fig. 1. (a) Prototype of graphene oxide sensor and (b) its top view schematic
including a Si/SiO2 wafer with two pairs of parallel gold (Au) electrodes.
Size: l =1000 µm, w=100 µm, s = 5 µm, d = 100 µm; (c) cross section
schematic of the device

The calibration curve of the sensor (Fig. 2) is approximately
linear with the sensitivity (i.e., the resistance difference generated by 1% change in the relative humidity (RH) level) equal
to S[R] = 60 ⌦/RH. The increase in resistance with rising
humidity levels originates from the electrostatic adsorption
of water molecules over GO surface following the increased
interlayer spacing of graphene oxide sheets. In particular,
the relative variation of the resistance is about 4 k⌦ within
humidity ranging from dry air to 66% RH. The rise timeconstant is 0.9 s.
III. T HE RFID SENSOR SKIN - TAG
The tag antenna layout (Fig. 3(a)), to be used in the
UHF band (860 960 M Hz) [33], comprises a copper trace
forming an open loop layout over a PET substrate ("R = 1.9,
= 0.008 S/m, and thickness 140 µm). The antenna is
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Fig. 2. Calibration curve R $ RH of the GO at room temperature (24 ˚ C
± 1 ˚ C).

connected to AMS SL900A microchip [34] that is provided
with analogue input ports connected to a 10-bit Analogto-Digital Converter (ADC). External sensors, such as the
considered GO, can be directly connected to the SL900A
IC sensing ports through the gold electrodes. The variation
of the GO resistance due to the sensing activity is hence
continuously measured and converted into a digital signal
by the internal ADC of the die and then transmitted to the
external reader during the conventional RFID interrogation.
Since sensor is physically and logically disconnected from the
radiation part of the antenna, no impact is expected on its
operative frequency or radiation performances.
The size of the antenna meets a possible trade-off between reasonable radiation gain and moderate overall size
for application onto the face. The open loop shape of the
antenna prevents the input port of the chip to be shortcircuited in DC, as required by the data-sheet. The antenna
design also includes two pads for the battery connection so
that the device will be usable in both fully passive mode
(power sensitivity pchip = 6.9 dBm) as well as in batteryassisted passive (BAP) mode (pchip = 15 dBm) so as
to significantly improve the read range and also to perform
periodic measurements and internally store the data even in
absence of the reader (data-logging modality).
The antenna response was simulated by means of the FiniteIntegration Technique (FIT) modelling in CST Microwave
Studio 2017, over a homogeneous standard anthropomorphic
model of human head (Fig. 4(a)) with permittivity and conductivity ✏R = 41.2 and = 0.95 S/m.
The performance parameter to be maximised in this configuration was the power transfer coefficient for the tag’s
4R
RA
antennas-microchip interface, ⌧ = |Z chip
2  1, where
chip +ZA |
ZA = RA + jXA is the input impedance of the tag’s antenna
and Zchip = 123 j303 ⌦ is the RF equivalent impedance
of the microchip at 915 M Hz for harvesting mode. For
this purpose, the antenna meanders (a and b) were hence
properly sized in order to match the resistance of the chip. The
antenna reactance was adjusted by the use of a lumped tuning
inductor L placed between the microchip and the antenna. The
numerical simulation included a real inductor model [35] (Fig.
3(b)) with the purpose to properly account for the frequency
detuning due to possible self-resonance and parasitic effects.
Fig. 4(b) shows the simulated power transfer coefficient of

Fig. 3. (a) Open loop antenna layout. Size [mm]: L1 = 28.5, L2 = 62.5,
a = 14.5 and b = 18. (b) Scheme of the real tuning inductor.

the tag for different values of inductance. The peak of the
power transfer coefficient is quite stable (0.9 < ⌧ < 1) for
L = {47, 51, 56, 62} nH. Therefore, the antenna response
may be easily tuned in the European (866 - 869 MHz), in
the North American (902 - 928 MHz) or Japanese (952 - 956
MHz) RFID frequency bands fr by simply selecting a proper
inductor.

Fig. 4. (a) Skin antenna over a homogeneous numerical head phantom. (b)
Simulated power transfer coefficient ⌧ for some values of the lumped tuning
inductor. (c) Gain polar plot at 915 MHz onto a transverse plane and (d) onto
a sagittal plane (max gain = -11 dB).

The gain pattern is represented in Fig. 4(c-d) on the
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transverse and sagittal planes. The gain peak of -11 dBi
at 915 M Hz is comparable with those of other reported
epidermal antennas which span between -20 and -10 dBi [36].
Moreover, the realized gain G⌧ = G · ⌧ is more than -15 dBi
within an angle of about 120° on the transverse plane and
practically constant with respect to the peak value within an
angle of 60°. Accordingly, the communication link between
a fixed antenna and the face can be considered tolerant to
moderate tilt and rotations of the head especially if a circularpolarized interrogating antenna is used instead of a linear
one. It is finally worth noticing that the gain of the proposed
antenna is 6 dB better than the face mask tag configuration
described in [18] (max realized gain: -17 dBi) so that a twotimes read distance is expected with respect to the previous
arrangement.
A. Safety issue
As the proposed measurement device involves the exposure
of the head to the interrogating electromagnetic field, it
is worth evaluating the localized Specific Absorption Rate
2
1
|E| , ⇢ and
being the mass density and
(SAR = 2⇢
the conductivity of the head phantom, respectively) averaged
over 10 g of tissue when an interrogating antenna is placed
in the near proximity of the face (at a distance of 15 cm).
The considered antenna (to be later on applied for measurements) is a broadband linear-polarized stacked planar invertedF (SPIFA) over closed-cell PVC foam-board with external size
13cm⇥20cm and maximum gain of 5 dBi along the broadside
direction.
The numerically estimated SAR corresponding to 1 W
reader’s output power is reported in Fig. 5. The peak value
is of the order of ⇠ 10 6 W/kg), i.e much below the limit 2
W/kg (averaged over 10 g of tissues) imposed by regulation
for the head [37]. Accordingly, the UHF interrogation of the
integrated system can be considered completely compliant
with SAR exposure limits.

Fig. 5. SAR distribution produced in the face by the reader’s antenna placed
at 15 cm from the skin-mounted antenna and fed by 1 W input power.

IV. P ROTOTYPE AND CHARACTERIZATION
A prototype of the antenna (Fig. 6) was fabricated by carving a flexible adhesive-backed copper foil (35 µm thickness)

attached on a 140 µm thin PET (polyethylene terephthalate)
= 0.008 S/m) by means of a twofilm (✏R = 1.9 and
axis digital-controlled cutting plotter. Both the traces for the
sensor interconnections and the battery were manufactured by
etching a flexible 50 µm-thick Kapton substrate. The carved
copper and the flexible PCB were then integrated together by
means of a biocompatible 20 µm-thin polyurethane adhesive
film (Rollflex film from Master-AID) here used as a substrate.
The graphene oxide sensor, placed on a FR4 square substrate,
as holder, was then loosely connected to two pins of the
microchip by means of thin insulated wires for an independent
placement with respect to the tag transponder.

Fig. 6. Prototype of the passive tag (tuning inductor L = 56 nH) connecting
the graphene oxide sensor.

The communication performance of the prototype was
characterized through the measurement of the realized gain
G⌧ when it was attached onto a tank filled with a liquid
phantom (a mixture of water, sugar and salt with ✏R = 41.2,
= 0.95 S/m) emulating the human tissue. In a second
measurement the tag was then directly placed onto the face of
a volunteer. The interrogating measurement setup comprised a
typical long-range UHF fixed reader (ThingMagic M5 ASIC)
connected to SPIFA antenna introduced above.
Fig. 7 shows the measured realized gain (retrieved by
the turn-on procedure [38]) compared with the numerical
simulation for corroboration. Despite of a frequency shift
due to the combination of an un-perfect manual fabrication
of the antenna with the only rough correspondence between
the materials of the numerical phantom and the real face of
the volunteer (nor the liquid phantom), the simulated data
anyway lays in between the two series of experimental data.
Overall, the average error between simulations and on-the
face measurements is roughly less that 1dB and 2dB in the
European and US/Japan bands, respectively.
The measured antenna response is quite broadband and
almost flat because of the high loss of the human head. The
measurement over the bottle underestimates the performance
of about 2-3 dB, thus this phantom could be considered
conservative for repeatable experimental verification of the tag
performance. By assuming the reader’s antenna is fed by 1 W,
the maximum read distance of the device in passive mode, i.e.
with no battery onboard, can be estimated as 60 cm (40 cm)
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in case of linear- (circular)-polarized reader, i.e. twice the the
distance found for the face-mask antenna in [18].

each volunteer to interrupt the air inhalation for a time window
marked by a timer. Moreover, we assigned a 2 min-rest interval
after each pattern.
TABLE I
R ESPIRATIONS PER MINUTE ( RPM ) OF BREATH PATTERNS UNDER TEST.
Normal
12 - 20

Deep
12 - 20

Tachypnea
> 25

Bradypnea
< 12

Apnea
0

B. Measured profiles

Fig. 7. Measured and simulated realized gain G⌧ of the tag attached directly
onto a homogeneous liquid phantom and onto volunteer’s cheek.

V. B REATH PATTERNS DETECTION : EXPERIMENTATION
WITH VOLUNTEERS

The potentialities of the proposed epidermal device are
now investigated by means of a realistic experimental session
involving the supervised monitoring of breathing.
A. Test set-up
The graphene oxide-based sensor was evaluated on a group
of ten healthy young volunteers, 3 males and 7 females with
age ranging from 25 to 33 years. The volunteers engaged in
the experiments were properly informed about the purpose of
the study and signed an informed consent before participation.
The volunteers were asked to perform for about 8 minutes,
in sitting position, five different breathing patterns: a normal
breathing, a deep breathing so that the air coming in through
the nose fully fills their lungs and the lower belly rises, as
well as some patterns that were derived from various types of
respiratory disorders such as apneas, tachypnea, i.e. a rapid and
shallow respiration, and bradypnea, which is an abnormally
slow breathing condition.
The battery-less tag was attached directly on the cheek of
the volunteers by means of medical adhesive tape. The tag
antenna was aligned with the reader antenna (same height and
polarization match) placed at 40 cm distance from the subject,
while the graphene oxide resistive sensor probe was placed in
close contact with the nose.
All volunteers were instructed to breath at a metronome rate
according to a timed beeping sound programmed at a chosen
frequency as in Tab. I. Apnea was emulating by requesting the
participants to pause breathing for at least 60 sec. The total
duration of apnea event depends on the peculiar capability of

Figure 8.(a) shows an example of the measured profile of
resistance of graphene oxide following the exposure to humidity emitted during some breathing patterns2 . The changes
in resistance for each breath cycle are clearly detectable in
comparison with the signal fluctuation occurring, in particular, during the temporary suspension of breathing (apnea
condition). During the exhalation, human breath is strongly
humidified, and therefore the amount of water on the surface of
the graphene oxide coating increases, and in turn its resistance.
Instead, during the breathing in, the amount of water absorbed
by the graphene oxide electrode is reduced since the relative
humidity of the surrounding environment is almost always
lower than the exhaled air. The estimated maximum average
dynamic range of the normal breathing signal (80 ⌦) is indeed
much higher than the standard deviation value of the noise
level (6.2 ⌦). The early transient is affected by a significant
drift, probably due to the large difference in drying and
humidifying cycles during breathing. The drift vanishes in a
few minutes when a chemical equilibrium is reached.
C. Data Processing
The sensor output is processed in order to extract two
features for each respiration pattern, e.g. the dynamic range
R of the GO resistance and the respiratory rate, which is a
recognized key parameter for the diagnosis and monitoring
of a wide range of breathing disorders and useful broader
indicator of a patient’s condition. For this purpose, the drift
is preliminary removed by a high-pass filtering (first-order
derivative) still preserving the difference between the breathing
modes (Fig. 8(b)). After that, the breathing trace of each volunteer is decomposed into time-frames, each corresponding to
a different breathing pattern. The dynamic range R is hence
evaluated as the average difference between maximum and
minimum resistances corresponding to consecutive inhalationexhalation acts within each time frame. The Fast Fourier
Transform (FFT) is finally applied to derive the respiratory rate
corresponding to the peak value. As an example, the spectrum
of the trace in Fig. 8(b) is shown in Fig. 9. Three distinct peaks
are visible: the first one at 0.13 Hz (approximately 8 rpm)
corresponds to the breathing frequency in bradypnea condition,
2A
video demonstrating the real-time detection of different
respiratory patterns is available online at the following link
https://www.youtube.com/watch?v=cEbpfayG38c.
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(a)

Fig. 9. Frequency spectra of the breathing signature computed in the five
time windows in Fig. 8.(b) corresponding to a) normal breathing, b) deep
breathing, c) tachypnea, d) bradypnea and e) apnea.

(b)
Fig. 8. (a) Respiratory patterns of a subject recorded when the antenna,
embedding the graphene oxide sensor, is directly stuck on face. (b) High pass
filtering of the acquired breathing signal during the exercise.

the second sharp peak at 0.25 Hz (15 rpm) corresponds to the
normal or deep breathing frequency, while the third peak at
about 0.5 Hz (30 rpm) corresponds to a more rapid breathing
which is typical in subjects affected by tachypnea. The spectral
content of each breath pattern spreads over the entire frequency
band due to the noise signal level collected by the device
during the prolonged interruption of breathing (apnea event).
D. Aggregated analysis
A preliminary analysis concerns the normal breath. Fig
10 shows the respiratory rate of all the volunteers in case
of spontaneous inhalation-exhalation as well as in controlled
condition, lead by a metronome. While the rate of free breath
of all the ten volunteers fall in the range of 12 - 22 rpm
(0.2 - 0.37 Hz), the controlled response is constrained in a
the narrower range of 12-15 rpm (0.2-0.25 Hz) and hence the
experiments of all the volunteers can be considered repeatable,
and hence comparable.
By application of the above introduced data processing to
all the breathing traces, the multi-parameter butterfly chart in
Fig. 11(a) is obtained. The diagram shows both the distribution
of the dynamic range of the graphene oxide resistance ( R)
between inhalations and exhalations for each volunteer and
the distribution of breathing rates corresponding to the five
different breathing patterns. Frequencies of each respiratory
pattern are rather uniform over the set of volunteers thanks
to the metronome control that induces a regular inhala-

Fig. 10. Both uncontrolled and controlled free breathing rate of the ten
participants to the test.

tion/exhalation, as discussed above. Distributions of dynamic
ranges of the resistances are instead much less uniform thus
indicating a relevant subjectivity. Some outliers are visible for
the bradypnea, deep breath, and tachypnea probably due to
an over-hydration status of the sensor caused by an excessive
amount of water remaining trapped on the graphene oxide during the previous exhalation in case of some of the volunteers.
It is worth noting that different breath patterns produce
similar average resistances (normal breath and tachypnea),
while other families of respirations are characterized by a same
frequency (normal and deep breathing). Accordingly, a single
feature is not enough to achieve a correct discrimination of the
considered breath patterns and both resistance and frequency
are required.
In detail, the scatter plot of Fig.11(b) shows a clear tendency to separate the four groups. Interestingly, most of the
overlaps occurs between healthy breaths (normal and deep)
while anomalous behaviours are clearly distinct. In particular,
tachypnea, bradypnea and apnea are sharply discriminated
by means of the only frequency analysis. Normal and deep
respiratory rhythms obviously share the same frequency but
can be nevertheless recognized throught the analysis of resis-
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TABLE II
C ONFUSION MATRIX OF THE CROSS - VALIDATED DECISION TREE

True Class

CLASSIFIER

Apnea
Brady
Deep
Normal
Tachy

100 %
0
0
0
0
Apnea

0
0
80 %
0
0
90 %
0
30 %
0
0
Brady
Deep
Predicted Class

0
20 %
10 %
70 %
0
Normal

0
0
0
0
100 %
Tachy

VI. D ISCUSSIONS AND C ONCLUSIONS

(a)

(b)
Fig. 11. (a) Butterfly distributions of both dynamic ranges and frequencies;
dotted lines represent the average values of the bars among the ten volunteers,
for each breathing pattern. (b) Data Clusterization (apnea not reported as it
lacks a peak resonance).

tances whose average values are rather different. Deep breath
is indeed wetter than the normal breath. Overall, there is an
apparent in-correlation between the two considered features
(frequency and resistance). The clustering of data in Fig.11(b)
can be quantitatively expressed by the accuracy of a classification model. For the scope, a Decision Tree algorithm [39]
complemented by a 10-fold cross-validation has been applied
to the data in Fig. 11. The accuracy of the classifier is about
88% (confusion matrix in Tab. II).

We have presented a wireless wearable RFID device, combining a flexible antenna and a GO sensitive coating. The
performance of the proposed radio-sensor is compared in
Table III with state of the art devices for breath monitoring,
concerning in particular the nonediscretization levels3 of the
measured breathing waveform for an adult at rest that breaths
spontaneously. The number of discrete levels of the proposed
sensor is 19, i.e. less than other systems due to the limited resolution of the particular RFID sensor-oriented chip (including
just a 10 bits ADC) used in the prototype. The resolution is
however expected to improve by new generation of sensororiented RFID chips with a better ADC. Nevertheless, this
even modest resolution permitted to discriminate several breath
patterns.
Unlike other solutions, the proposed device enables a direct
measurement of the human breath unlike those other systems
that instead measure quantities indirectly related to breathing
(e.g., torso expansion and contraction). The GO-based RFID
tag looks moreover more comfortable than thermal airflow
sensors, like thermistors or accurate flowmeters like pneumotachograph that have to be embedded in a nasal cannula and
mouthpieces or on a mask for the measurement, and make
hence difficult the prolonged monitoring of respiration.
The measurement configuration that was experimented so
far, included a sensor probe spaced apart from the RFID tag.
A more effective implementation would instead benefit of an
integrated and unique device. Further research efforts will be
therefore oriented to reshape the tag layout and to deliver
the nanomaterial directly within the tag surface so that the
device could be applied like an anti-snoring nasal plaster by
using a rubber stamp or the usual inkjet printing technique.
Additionally, the biological and chemical functionalization of
the nanomaterial could enable a multi-parametric identification
of the volatile compounds in the breath which may help to
identify and manage patients at risk and thereby reducing the
occurrence of serious adverse events. A clinical experimental
analysis is required to statistically validate the robustness and
the detection features of the radio sensor in real conditions.
The very critical issue with the proposed system, and with
epidermal electronic in general, is the modest read-distance
that could be partly extended (up to three times) by providing
3 The discretization levels of the measured breath signal is defined as
levels = DR/ R where DR is the dynamic range of the data measured
and R is the intrinsic resolution of the acquisition system.
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TABLE III
C OMPARISON OF RESPIRATION MONITORING METHODS .
Sensor
type

Detected Variable

Output
signal

Volume & Weight

Skin adhesion
system

Connection Type

Levels

Resistive sensor
(This work)

% RH content in
the airflow

Resistance [⌦]

Biocompatible
adhesive

Wireless
(840 - 960 MHz)

19⇤ (10-bit)

Strain gauge
transducer [40]

Changes in thoracic
or abdominal
circumference
Airflow
temperature

Length [cm]

6.2 x 2.8 x 0.07
cm3 (antenna)
2.4 gr (antenna +
sensor)
6.6 cm x 4 cm x
cm 1.5
18 gr
60 cm key
connector
200 cm DIN
connector
2.2 cm x 1.5 cm
1.5 gr
6 cm x 4 cm x 2
cm
54 gr
2.8 cm (diameter) x
0.7 cm x 0.5 cm
(strap width)
68 gr
4 cm x 11 cm x 19
cm
380 gr

Nylon strap
Velcro®

Wired

2450 (16-bit)

Nasal cannula

Wired

n. a.

Elastic strap

Bluetooth
(2.4 to 2.84 GHz)
Wireless
(2.4 GHz)

1536 (12 -bit)

Elastic strap

Bluetooth
(2.4 to 2.84 GHz)

696 (12-bit)

Electrode & gel

Wired

75 (16-bit)

Thermistor [41]

⇤

Voltage [mV]

Motion sensor
[12]
Respiration
transducer record
[42]
Bioharness Zephyr sensor [43]

Three
axis-acceleration
Changes in thoracic
or abdominal
circumference
Breaths per minute

Acceleration m/s2

Electrical
bioimpedance
amplifier
[44]

Thorax resistance

Resistance [⌦]

Voltage [V]

bpm

Electrode & gel +
belt/t-shirt

154 (12-bit)

The number of levels may vary up to 59 and 1194 in the case of 12 and 16 bit-ADC resolution, respectively.

the sensor with a battery thus forcing the chip to work in BAP
mode. The read performance is however expected to improve
in the near future by means of forthcoming new generations
of sensing-oriented chips. Anyway, the current achievable read
distances, even if modest, could enable useful applications
such as i) to get breath information (a few respiration periods)
when the user crosses a door (for instance inside his home)
and ii) to continuously monitor a patient in real-time provided
that he is steady, fixed in a reference position, or alternatively
he is sleeping with multiple antennas properly located around
his bed.
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