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Abstract: Current methods of monitoring breathing require 
cumbersome, inconvenient, and often expensive devices; this 
requirement sets practical limitations on the frequency and duration 
of measurements. This article describes a paper-based moisture 
sensor that uses the hygroscopic character of paper (i.e. the ability 
of paper to adsorb water reversibly from the surrounding 
environment) to measure patterns and rate of respiration by 
converting the changes in humidity caused by cycles of inhalation 
and exhalation to electrical signals. The changing level of humidity 
that occurs in a cycle causes a corresponding change in the ionic 
conductivity of the sensor, which can be measured electrically. By 
combining the paper sensor with conventional electronics, data 
concerning respiration can be transmitted to a nearby smartphone or 
tablet computer for post-processing, and subsequently to a cloud 
server. This means of sensing provides a new, practical method of 
recording and analysing patterns of breathing. 

Rate of respiration, together with heart rate, blood 
pressure and body temperature, is used by healthcare workers 
to estimate the basic health-status of patients.[1] In differentiating 
between stable and unstable patients, the rate of respiration is a 
better metric than other vital signs.[2] Abnormalities in the rate 
and pattern of respiration are a strong predictor of acute events, 
such as cardiac arrest, or for characterizing illnesses, such as 
chronic obstructive pulmonary disease (COPD), pneumonia, and 
asthma.[3] 

The respiratory rate of a healthy adult at rest is 12-20 
breaths per minute, and corresponds to an exchange of 6-8 
litres of air per minute.[4] Fieselmann et. al. reported that a rate 
of respiration greater than 27 breaths per minute was the most 
important predictor of cardiac arrest in hospital wards.[5] Cretikos 
and co-workers observed that, in the general wards, patients 
suffering from a serious illness, and having a rate of respiration 
greater than 24 breaths per minute, could be identified as high 
risk (for intervals up to 24 hours), with a specificity of 95%.[2] 
Continuous measurement of the rate and depth of respiration 
during sleep is also important in diagnosing sleep apnea, a 
condition estimated to affect 25 million Americans, 80% of whom 
remain undiagnosed.[6] 
 In addition to being an important metric for characterizing 
health, the rate of respiration is a reliable marker for determining 
the anaerobic threshold (AT), also known as the lactate 
threshold, in athletes.[7]  AT is defined as the highest level of 
exercise that can be maintained without inducing metabolic 
acidosis;[8] this level is strongly associated with athletic 
performance. 
 In most clinical settings, (e.g. the emergency room of a 
hospital), the rate of respiration is commonly measured by 
observing the patient from a distance, and counting the rising  

 
Figure 1. (A) Schematic illustration of the facemask for respiration monitoring 
with the embedded paper-based sensor and electronics. (B) Mechanism of 
operation of the paper-based electrical respiration sensor. 

 
and falling of the chest.[9] Although this method is simple, it is 
subjective, and provides little, if any, information about the depth 
of respiration of the patient. It is also challenging and impractical 
to monitor individual patients visually over extended periods of 
time.[10] 
 Dedicated biomedical instruments accurately monitor the 
rate of respiration. These instruments usually use the sound, 
airflow, and movement of the chest,[11] with airflow being the 
most commonly used in clinics. A temperature sensor (e.g. 
thermistor) is typically used for detection, since exhaled air is 
usually warmer than the inhaled air, and the cyclical change in 
temperature can be transduced and correlated with a rate of 
respiration.[12] This method, however, is prone to errors due to 
unintentional displacement of the (rigid) sensor during 
measurement. 
 Other technologies measure respiratory activity using a 
pressure sensor.[13] In this method, an increase in pressure is 
registered by the sensor when the subject exhales air. The main 
drawback of this method is the heavy, non-flexible 
facemask/mouthpiece or the uncomfortable nasal cannula that 
the subject must wear. These instruments are also expensive: 
more than $150 without the reader electronics (the components 
that digitize the recorded analog signal and display the results) 
and several thousand dollars as a complete system; this cost 
limits the use of this type of device. Detection of the rate of 
respiration based on sound using acoustic sensors, such as 
microphones, has been suggested as an alternative.[14]  This 
form of transduction, however, performs poorly when the patient 
coughs/sneezes, snores or cries (in case of infants) or is in a 
noisy surrounding. Capnography is another important but  
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Figure 2. Schematic illustration of the fabrication of digitally printed paper 
sensors with graphite ink.  

 
expensive method for monitoring respiration (including the rate 
of respiration), particularly in the context of anesthesia, 
emergency medicine, intensive care units, and sleep 
medicine.[15] 
 This article reports an effective, simple, inexpensive 
sensor for monitoring respiration. The sensor is capable of 
measuring the rate of respiration of a person by detecting the 
transient difference in moisture adsorbed on paper from inhaled 
and exhaled air. The sensor comprises a piece of paper with 
digitally printed graphite electrodes, and is attached inside a 
flexible textile procedure mask (commonly used in hospitals). In 
our current design, it includes a battery-powered unit that can 
interface with an internet-enabled tablet computer/smartphone. 
This system can display and upload the collected data to the 
cloud, and thus enable remote access to the results. The paper 
sensor, electronics, and software, essentially transform a simple 
textile mask into a functional mask (with internet connectivity), 
which can measure, analyze, store, and share information 
concerning the rate and pattern of respiration of individual 
patients. 

Sensor Design. The paper sensor exploits the hygroscopic 
character of cellulose paper − i.e. its tendency to adsorb water 
from the environment. For instance, at a relative humidity (RH) 
of 70%, paper absorbs up to 10% of its weight in water. Since 
the ionic conductivity of the paper is proportional to the amount 
of water on the surface of the cellulose fibers, the changes in 
moisture content of paper due to breathing can be used to 
monitor respiration.[16]  
 When breathing out, human breath is fully humidified (RH 
100%), and therefore, increases the amount of water on the 
sensor, and thus its ionic conductivity. When breathing in, the 
amount of water on the surface of the cellulose fibers is reduced 
because the surrounding atmosphere almost always has a lower 
RH than the exhaled air. This change in the amount of adsorbed 
water decreases the ionic conductivity of the sensor (Figure 1). 
Essentially, the paper sensor transduces variations in the level 
of moisture of its immediate surrounding to an electrical signal.  
Using this device, we can acquire the rate and pattern of 
respiration of a person accurately. As the sensor itself measures 
transient changes in moisture content between the inspired and 
expired air, the system requires no calibration. 

The paper sensors were fabricated by digitally printing 
graphite ink (Ercon Graphite Ink 3456) using a ball-point pen 
and a craft cutter/printer (Graphtec Craft Robo Pro) onto 
paper.[17] The graphite ink was diluted with a proprietary solvent 
(Ercon ET160) 55:45 w/w to obtain a desired consistency for 
printing, and the mixture was homogenized using a tip sonicator 
to create a uniform dispersion. Using this printing technique, 
large numbers of sensors can be printed with high accuracy 
(Figure S1). (Other printing techniques such as screen printing 
or reel-to-reel printing can also be used for increased 

throughput). We chose an interdigitated electrode design to 
increase the area of the electrodes and the signal-to-noise ratio. 
This design also allows rapid access of humid air to the paper. 
We have also produced sensors with electrodes located on the 
top and bottom surface of the paper (Figure S2). The power 
required for this design of the sensor is 250 µW at a RH of 90%, 
which is similar to the power requirement of the interdigitated 
design (175µW) at the same RH. Due to slightly higher 
complexity in fabrication, we fabricated sensors with the 
interdigitated design for convenience. For more information 
about the characterization of the sensors, the mask used in the 
experiments, electronics and software, see the Supporting 
Information. 

Sensitivity of Paper-based Moisture Sensor to Relative 
Humidity. The moisture content of paper is a function of the 
relative humidity of the surrounding environment.[16a, 16b] Figure 
S3 shows the electrical conductivity of the paper-based moisture 
sensors, fabricated from different types of paper, over a range of 
RH (0 – 90% RH). We performed these electrical measurements 
by applying a 25V DC potential across the graphite electrodes, 
and measuring the resulting current. We chose 25V to obtain a 
high signal-to-noise ratio. Currents less than 1 nA had a poor 
signal-to-noise ratio and were not used. 
 We explored three different kinds of papers (Figure S3) for 
the fabrication of the paper sensors: i) Whatman 1 Chr, ii) 
Whatman 3MM Chr, and iii) copy paper. Both Whatman 1 Chr 
and Whatman 3MM Chr papers are made of pure cotton 
cellulose fiber with a basis weight of 87 g/m2 and 185 g/m2. (The 
basis weight of paper is defined as the weight of paper per unit 
area).[18] The standard copy paper had a basis weight of 80 g/m2. 
None of the sensors fabricated from these papers generated a 
readable current below a RH of 20%. Whatman 1 Chr had the 
lowest sensitivity, and did not produce a distinguishable signal 
below a RH of 65%. Whatman 3MM Chr was significantly more 
sensitive than Whatman 1 Chr, and detected all levels of RH 
>30% (Figure S4-S6 describes the magnitude of hysteresis, 
batch-to-batch variations on the sensor output, and analysis of 
response times of the sensors). The difference in sensitivity 
between sensors fabricated with Whatman 3MM Chr and 
Whatman 1 Chr may be due to their basis weight. A larger area 
of cellulose fibers in a given area of paper would create a 
greater number of electrically conductive pathways at a given 
level of RH (i.e., reducing the overall resistivity) and thus 
increasing the sensitivity of the sensor.  The copy paper showed 
the highest sensitivity. The mechanism of this difference is not 
presently known, but is not important for the function of the 
sensor. The high sensitivity of the copy paper compared to 
Whatman 3MM Chr came at the cost of a 10 times higher power 
consumption for the sensor. We, therefore, used Whatman 3MM 
Chr for the majority of the experiments. 
 The sensor is a simple two-electrode electrochemical cell, 
in which water (from atmosphere or breath) is electrolyzed on 
the application of an electrical potential between the electrodes. 
The corresponding oxidation and reduction reactions of water on 
the surface of the two graphite electrodes produce a measurable 
electrical current. We expect the only electrolysis products to be 
small quantities of O2 and H2. 
 We observed only a weak dependence of the output 
current of the paper sensor on the temperature (between 22 ºC 
and 40 ºC; Figure S7). We attribute this small difference to an  
increase in the mobility of ions at elevated temperatures, and 
thus an increase in conductivity.[16b] The observed difference, 
however, was small enough (20% at RH 90%) to neglect.  
 We also verified that the paper sensor is not sensitive to 
CO2 (see Figure S8) up to a mole fraction in the gas flowing 
through the sensor of 25%. We presume this insensitivity is due 
to the low solubility of CO2 in water (< 0.5 g / L, room  
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Figure 3. (A) The facemask with the embedded paper-based sensor. (B) 
Photograph of the data acquisition electronics with Li-ion batteries, Arduino 
microcontroller board, custom designed amplifier board, and 3D printed casing. 
(C) Photograph of tablet computer running the Android app, which can display 
and analyze the incoming data stream from the data acquisition electronics. 

 
temperature, 1 atm).[20] The paper sensor is, therefore, primarily 
sensitive to changes in the amount of moisture adsorbed on the 
paper, and the electrical signal is not affected by the 
concentration of CO2 in human breath (<5%). 

The electrical conductivity of paper can be modified by the 
addition of ionic species that increase the concentration of 
charge carriers, and thus, increase the magnitude of ionic 
current between the electrodes. Widely available water-soluble 
ionic compounds, such as salts, make it possible to tune the 
electrical properties of the paper sensor (Figure S9 and S10). 

Recording and Analysis of Respiratory Signals. We placed 
pure cellulose paper-based moisture sensors, with no added 
salts, in textile procedure masks to demonstrate their use with 
healthy adults (seven members of our research team - Figure 
3a). 

We designed and fabricated a simple device for data 
acquisition using off-the-shelf electronic components (Figure 3b). 
This instrument generated a 25V DC potential from a 5V DC 
power source, and applied the voltage across the electrodes of 
the paper sensor. The unit amplified and digitized the resulting 
electrical current, and transmitted the data to a tablet computer 
(Figure 3c) over a wireless Bluetooth communication link. The 
custom-built Android application, with a minimally complex 
design, displayed the incoming data and ran simple analytics 
(e.g. Fourier transformations; first derivatives). The software 
could also save the collected results to a text file, which could be 
uploaded to the cloud, or emailed to a third party for off-site 
analysis. This feature would be particularly useful for individuals 

who might monitor their respiration at home, and wish to share 
their results remotely.  
 The Android application also has the option to apply finite-
impulse-response (FIR) and infinite-impulse-response (IIR) 
digital filtering algorithms to the acquired signal.[21] Digital filters 
are commonly used for the separation of combined signals and 
the restoration of distorted (i.e. noisy) signals. Since the system 
we described can be used as a research tool, the user has the 
flexibility to design custom digital filters (e.g. low-pass, high-pass, 
band-pass, band-stop) to extract other metrics from the recorded 
pattern of respiration. The filter coefficients can be stored as a 
text file on the tablet computer and imported when the 
application is launched. Both the filtered and the raw data are 
recorded as a text file for later analysis. By implementing 
additional compressed sensing / sparse sampling algorithms, 
the size of the files containing the collected data can be made 
significantly smaller, to enable use of networks with low speeds. 
This capability is required in the developing world.[22] 
 The functional textile mask was able to track the 
respiratory activity of the subjects successfully up to 15 minutes 
at room temperature (Figure 4a and Figure S11 – S16) while at 
rest (i.e. sitting in a chair); the duration of the experiment was 
limited by the specifications of the Institutional Review Board 
(IRB) approval under which we worked. There is a significant 
initial drift in the output of the paper sensor. The drift probably 
reflects the large difference in drying and humidifying cycles 
during breathing, and reaches equilibrium in a few minutes. 
Since, however, we are primarily interested in measuring the 
intervals between the signal maxima, the change in the absolute 
level of signal caused by the drift is not relevant. Figure 4b 
displays different breathing patterns acquired during a 
representative experiment with a single subject. The area 
marked with (1) is a normal breathing pattern (which consists of 
periodic breathing cycles of similar magnitude) followed by a 
deep breath marked as (2). During this period, the subject had a 
rate of respiration of 14 breaths per minute. A pause in breathing 
was registered as a drop in the recorded output current (3). A 
mixture of deep, slow, fast, and shallow breathing patterns could 
also be accurately monitored during the experiment and marked 
as (4) in Figure 4b. The drifting baseline can be eliminated by 
taking the first derivative of the signal, which is equivalent to 
high-pass filtering of the respiratory signal (Figure 4c). The 
processed signal also has sharper peaks, and thus renders 
visual analysis easier. The device responded seamlessly to the 
transition between periods of fast, shallow and normal breathing 
as highlighted with a grey dashed box in Figure 4a (see Figure 
S17 for a close-up view). The system was also able to acquire 
and transmit all of the collected data to the tablet computer.  
 Figure S18 shows one of the trials (Figure S19 – S24 for 
data from the rest of the trials) in which a subject took a short 
walk inside the building to test two performance factors of the 
system: i) noise levels in the data collected during movement, 
and ii) system performance during light exercise (i.e. walking 
around the hallways) and vigorous exercise (i.e. high tempo 
climbing of four flights of stairs in the building). The recorded 
data had little observable noise during both light exercise (Figure 
S18b) and vigorous exercise (Figure S18c); the rate of 
respiration could easily be detected by counting the number of 
peaks.  The subject registered a rate of respiration of 12 
breaths/min during light exercise, and 22 breaths/min during 
more vigorous exercise. (The breath counts were calculated 
manually from the collected data).  Interestingly, some of the 
subjects (Figure S19) decreased their rate of respiration when 
transitioning from light exercise (24 breaths/min) to vigorous 
exercise (16 breaths/min). These subjects compensated for the 
decrease in rate of respiration by taking deeper breaths (Figure  
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Figure 4. (A) The resting respiratory activity of a subject recorded using the 
functional facemask. We asked the subject to breathe normally, take deep 
breaths, pause and breathe randomly during the experiment. (B) Unprocessed 
breathing patterns recorded while: 1. breathing normally, 2. taking a deep 
breath, 3. paused and, 4. random breathing. (C) The first derivative of the 
breathing patterns shown in (B) (G denotes conductivity); eliminates the 
drifting baseline and sharpens the peaks.  

 
S19b and S19c). Figure 5a summarizes the rate of respiration of 
each subject during light and vigorous exercise.  
 To provide an additional metric (one related to the respired 
volume) for the respiration of subjects, we analyzed the 
amplitude of the signal generated by the sensor. The amplitude 
of the signal correlates with the depth of breathing by the subject. 
When a subject transitions from light exercise to vigorous 
exercise, two parameters related to respiration may change: i) 
the rate of respiration (RR), which can be calculated by counting 
the number of peaks of the captured cyclic signal in a measured 
interval of time, and ii) the depth of respiration (DR), which we 
assume to correlate (undoubtedly non-linearly) the peak-to-peak 
amplitude of the train of breaths captured by the device. We 
defined an empirical metric, the Breathing Index (BI) by Eq. 1 
(see Figure S25 for more details on BI).  
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Here, RRVigorous is the rate of respiration during vigorous exercise, 
RRLight is the rate of respiration during light exercise, DRVigorous is 
the peak-to-peak amplitude of the signal during vigorous 
exercise, and DRLight, is the peak-to-peak amplitude of the signal 
during light exercise. This approach leads to the obvious 
conclusion that all of the subjects exchanged a larger volume of 
air during vigorous exercise (BI > 1) than they did during light 
exercise (Figure 5b), a conclusion that cannot be derived solely 
from the rate of respiration. Our analysis indicated that Subject 
#5 is more fit than Subject #1, since Subject #5 has the lowest 
breathing index among all participants in the experiment. 

 
Figure 5. Summary of the rate of respiration (A) of each subject during light 
and vigorous exercise. (B) The Breathing Index of each subject during 
vigorous exercise (normalized to light exercise). Although some subjects 
exhibited an increasing or decreasing rate of respiration when transitioning 
from light exercise to vigorous exercise, most of the subjects respired a higher 
volume of air during vigorous exercise than light exercise, as indicated by a BI 
>1. (Error bars represent standard deviations for N= 7) 

 
 Overall, the paper sensor, electronics and the mobile app, 
performed without failure or interruption of data during the 
experiments, and thus have the potential to be used for 
monitoring breathing, both at rest and during physical activity. 
An inexperienced individual could learn how to read and 
interpret these graphs within a few minutes. Filtering out the 
drifting baseline using digital filters would further simplify the 
process of manual interpretation.   
 In conclusion, the paper-based electrical respiration sensor 
is sufficiently low-cost ($ 0.005 for materials for the paper chip 
and $1.50 for the mask) that it can be considered for single-use 
applications. It enables continuous monitoring of the respiratory 
activity (up to 60 breaths/min) for a number of populations (e.g., 
patients, athletes, research subjects, smokers, perhaps children). 
The information is obviously less accurate than that available in 
a pulmonology laboratory, but is more convenient and perhaps 
more useful in routine and at-home monitoring. We believe this 
sensor will be (at least initially) most immediately useful in 
characterizing sleep apnea. In addition, we believe athletes, or 
others to whom fitness is important, might use this sensor to 
monitor breathing to track changes in their performance. Our 
platform can also be extended to or combined with other 
emerging and existing technologies to detect and measure gas 
phase analytes other than water.[23]  
 The system has three limitations: i) The power requirement 
for electronics is too high for intervals of use up to a full day on a 
single charge of the battery (although it should be adequate for 
one complete night of sleep: the current design can run for 9 h 
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on a single charge using a 18650 type lithium ion battery with a 
nominal capacity of 2600 mAh); the data acquisition system 
requires daily charging of its batteries. Full day or week 
monitoring would require more battery capacity. ii) The 
electrodes of the sensor are prone to cracking if the paper is 
folded, but folding should not occur during regular use of the 
sensor. iii) We expect the paper sensor may not work efficiently, 
or at all, at temperatures < 0 ºC due to freezing of the moisture 
and build-up of ice inside the paper. We expect that the 
performance of the sensor would also be reduced on a day with 
RH 100% at 37 ºC. Such conditions are, however, uncommon.    

The paper-based respiration sensor, combined with 
conventional electronics, is capable of collecting and sending 
respiration data to a tablet computer or a smartphone using 
wireless connectivity. The custom-built Android app running on 
the tablet computer/smartphone has the ability to run simple 
analytics (e.g. Fourier transforms) on the incoming data stream, 
and apply digital filtering algorithms for signal processing. Both 
the raw and the filtered data can be uploaded to the cloud and 
shared with a healthcare professional with the click of a button, 
thus eliminating unnecessary visits to the clinic. This system is 
non-invasive, and thus allows physical scientists access to 
physiologically relevant human data under simple IRB approvals. 
Operation is sufficiently simple that inexperienced, first-time 
users can be trained in a matter of a few minutes; all they have 
to do is to put on the mask, run the Android app and click on 
“start” in order to monitor and record respiration. 

Human Subjects Research. We obtained written consent from 
all subjects who participated in the experiments. The research 
protocol and all associated materials were approved by the 
Harvard University, Faculty of Arts and Sciences, Institutional 
Review Board (IRB) under the reference number IRB15-0949. 
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