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Abstract 

 

In this work, we developed a portable venturi tube capable of measuring bidirectional 

respiratory flow, and correlated the measurements to pulmonary function. Pressure signals were 

transduced using flexible and compressible capacitive foam sensors embedded into the wall of the 

device. In this configuration, the sensors were able to provide differential pressure readings, from 

which the airflow rate passing through the tube could be extrapolated. Utilizing the venturi effect, 

the geometry of the spirometer tube was designed through finite element analysis to measure 

respiratory airflow during inhalation and exhalation. The device tube was 3D-printed and used to 

measure tidal breathing and deep breathing, along with peak expiratory flow rates, on a healthy 

individual. This spirometer design allows for easy to use point-of-care diagnoses and has the 

potential to improve the care of respiratory illnesses. 

 

 

 

 

 



2 

 

Introduction 

Accurate and in situ measurement of pulmonary function is a crucial aspect of the diagnosis 

and treatment of chronic respiratory illnesses. Spirometry is a common tool used to measure lung 

capacity and diagnose respiratory illnesses, such as asthma and chronic obstructive pulmonary 

disease (COPD).1,2 Medical grade spirometers that provide real-time continuous breathing data are 

typically located in hospitals, and thus are limited in access for the public. As a result, use of 

spirometer devices require referrals from doctors and are typically restricted for patients in 

immediate acute respiratory distress.3 When the global healthcare system is under stress, (e.g., the 

COVID-19 pandemic), access to medical instrumentation can become scarce and pose a bottleneck 

for medical treatment due to increased demand from the patient side as well as decreased supply 

from healthcare shortages and supply chain disruptions. Thus, there is a need for low-cost, 

accessible spirometer devices to increase public access to respiratory diagnostic devices. 

The American Thoracic Society and European Respiratory Society have established 

international standard for spirometry devices to ensure suitability for clinical grade pulmonary 

function tests (PFTs).4 Among the recommended measurements, one of the most useful values is 

the peak expiratory flow rate (PEFR), which is the maximum flow rate achieved from a forced full 

exhalation. PEFR measurements are one of the most important and widely used tests for PFTs, as 

they provide information regarding constriction in major lung passages and minute bronchus 

branches.5,6  This spirometric index is widely used to monitor and diagnose COPD and, more 

commonly, asthma. 

Spirometers are generally categorized as either volumetric or flow-measuring.7 Volumetric 

spirometers measure lung capacity by quantifying the inhaled and exhaled volume of air, while 

flow-measuring spirometers measure the air velocity of the exhaled and inhaled air. Volumetric 

spirometers are generally low-cost but are primarily used as incentive spirometers. Incentive 

spirometers use a piston that moves based on the volume of air exhaled into the spirometer. Thus, 

volumetric spirometers are typically used to help patients with asthma8 or those recovering from a 

surgery9 reach a target volume, as it allows them to watch the piston move closer to a target volume 

as they breathe forcefully. Conversely, flow-measuring spirometers are capable of obtaining 

multiple spirometric indices, providing more useful information for disease monitoring and 

diagnoses. Flow-measuring designs include turbine sensors, hot-wire anemometers, and ultrasonic 

flowmeters.10–13 While many of these architectures have been validated, there are advantages and 
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disadvantages to a given sensing mechanism. For example, ultrasonic and hot-wire anemometry 

flow detection are generally costly and require complex calibration.14 Differential pressure-based 

spirometer designs are potentially inexpensive and portable, however, most studies run into the 

limitation of measuring flow rates in one direction only.15 For example, Zhou et al. developed a 

wireless pneumotachometer, which measured differential pressure across a flow restrictor in a 

configuration known as the Lilly-type sensing unit, but the system was limited to only measuring 

positive flow rate (exhalation) values.16 Flow-restricting designs also require more maintenance, 

since the restrictors need to be replaced as particulates from the breath build up from use. 

Alternatively, face masks have also been used with embedded triboelectric nanogenerators for real 

time respiration measurements17,18. Other designs, such as the venturi tube, were limited to 

measuring flow rate for exhaled air,19,20 and only used to compare lung function between 

individuals with and without COPD.21  

The venturi tube is a widely used device to measure the flow rate of a fluid passing through 

the tube22. Outside of respiratory measurements, the venturi tube is seen in several consumer 

products such as industrial vacuum cleaners, atomizers, wine aerators, clarinets, among many 

others.23–26 The venturi design approach for spirometry specifically was originally evaluated by 

Titheradge and Robergs in a study that tested the performance of the venturi design under static 

and dynamic conditions.27 A pneumotachometer and turbine flow sensor were used in series with 

the venturi meter, as reference measurements. In this configuration, the authors were able to 

compare signal-to-noise ratio (SNR), response time, air fluid-state transitions, and other device 

characteristics between the connected spirometers using paired t-tests. Overall, the authors found 

no significant difference in signal quality or response time between the venturi meter and the 

pneumotachometer. However, they observed that at lower air velocity and flow rates (< 0.5 L s-1), 

there was distortion in the differential pressure readings because of transitions between laminar 

and turbulent states of flow. This overestimation was attributed to the fact that the flow could not 

reach a steady state of full turbulence in the venturi flow meter. Barring this limitation for lower 

flow rates, the venturi design was deemed adequate to detect parameters attributed to respiration 

by normal humans. However, one of the disadvantages of a venturi flowmeter is its limitation to 

unidirectional measurement. This unidirectional constraint is due to complications with flow 

separation at the divergent sections of the tube. Divergent geometries can cause chaotic flow 

separation at high Reynolds numbers, which would exert unsteady pressure on the pipe walls and 
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yield unreliable, fluctuating measurements. Given this performance evaluation of venturi tubes as 

spirometer devices, in this work, we designed a bidirectional venturi tube to measure respiratory 

flow rate via differential pressure measurements for both inhaled and exhaled air in human 

respiration. 

 

Experimental Methods 

Spirometer design 

A common way to calculate fluid flow through a tube utilizes Bernoulli’s principle on fluid 

flow. This principle states that a fluid exerts less pressure on its surroundings when it is flowing at 

a faster rate compared to a slower rate.22,28 The venturi effect can be used to experimentally 

estimate internal fluid flow through a constriction using Bernoulli’s principle for a fluid with a 

known density . This principle assumes the fluid is both inviscid and incompressible (i.e. neglects 

viscous/friction losses and fluid compression).  

In this work, we designed a symmetrical venturi tube of a slender geometry with three 

sensing points to measure air flow in both directions (Figure 1a). The pressure transducers are 

embedded into the tube walls to avoid obstructions to air flow.  To measure respiratory exhalation, 

the differential pressure measurement was taken between sensors S1 and S2, with the assumption 

that there was minimal flow separation moving from the mouthpiece inlet to sensor S2. During 

this time, sensor S3 would experience chaotic flow due to separation and, consequently, was not 

used in the measurement. Flow analysis, as discussed later in this section, indicated that the flow 

over sensor S3 would have sufficient time to settle before the inhalation measurement. During 

inhalation, the pressure drop was measured between sensors S3 and S2, while flow separation was 

present at sensor S1 but would likewise dissipate before the subsequent exhalation in the next 

breathing cycle. 

 



5 

 

 

Figure 1. Overview of the bidirectional venturi spirometer. a) User inhaling and exhaling into the 

tube. The blue line represents exhalation which is measured by subtracting the pressure of sensor 

S2 from the pressure of sensor S1. The orange line represents inhalation, which is measured by 

subtracting the pressure of sensor S3 from the pressure of sensor S2. The 3D-printed spirometer 

tube is embedded with S3 capacitive foam sensors in the tube wall. The green box shows the 

embedded sensor inside the tube wall with a close-up picture of the capacitive sensor. b) 

Spirometer dimensions. 

 

The conservation of mass, for constant density internal fluid flow, dictates that the 

volumetric flow rate (𝑄 in m3 s-1) through a tube is equivalent to the velocity (𝑣 in m s-1) of the 

flow multiplied by the cross-sectional area of the tube (𝐴 in m2), where the subscripts indicate the 

tube segments:  

 𝑄 = 𝑣1𝐴1 = 𝑣2𝐴2 = 𝑣3𝐴3 (1) 
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The pressure drop at the constriction was measured in the venturi tube and calculated 

according to Bernoulli’s principle (Eqs. 1 and 2). The differential pressure 𝑝1 − 𝑝2 (in units of Pa 

or N m-2) was proportional to the difference in the squares of the velocities. The fluid density (𝜌) 

of this system was approximated as the density of air, 1.22 kg m-3. Equation 3 was derived from 

Equations 1 and 2 to calculate the ideal exhalation volumetric flow rate using the cross-sectional 

areas and pressure drops; a constant of 1000 (not shown in Equation 3) was applied for unit 

conversion from m3 s-1 to L s-1. Since the flow direction is reversed for inhalation, Equation 3 was 

multiplied by -1 to denote inhalation data. For a continuous flow rate profile, whenever 

𝑝1 – 𝑝2 was positive, it was used as the differential pressure signal to calculate the flow rate. On 

the other hand, when 𝑝1 – 𝑝2 was negative, 𝑝3 – 𝑝2 was used as the differential pressure signal for 

the flow rate calculation. The negative differential pressure signals were discarded in the 

calculation of the flow rate. Simulation-based correction factors are applied to the pressure (Sp) 

and flow rate (Sf) values, as elaborated on later in the discussion section. 

To enable bidirectional measurements, we designed this system assuming unidirectional 

flow for inhalation and exhalation individually. This condition could be met by choosing a tube 

geometry that was as slender as possible, illustrated in Figure 1b. To mitigate flow separation and 

consequently unstable pressure measurements at the sensor locations, the changes in diameter were 

minimized, decreasing from 25 mm at the inlet/outlet cross-sections (locations of sensors 1 and 3) 

to 20 mm at the constricted section (location of sensor 2). Likewise, the transition in diameter was 

minimized and fileted with a 2.9 angle in the interior. Past the inlet, the tube was made symmetric 

about the central sensor to allow for the measurement of airflow in both directions. The three 

sensors were placed equidistant from each other and centered in each fixed-diameter section. The 

dimensions of the tube was optimized in simulations to maximize sensor pressure changes in each 

direction.  

To assess the viability of the bidirectional measurements, another consideration was the 

Reynolds number (Re),29 which is the ratio between the inertial and viscous (frictional) forces of 

the fluid. The Reynolds number was calculated using Equation 4: 

 
𝑅𝑒 =

𝜌𝑢𝐿

𝜇
 

(4) 

where 𝜌 is the fluid density (kg m-3), 𝑢 is the flow speed (m s-1), L (m) is the characteristic linear 

dimension, and 𝜇 (kg m-1 s-1) is the dynamic fluid viscosity. The density and dynamic viscosity 



7 

 

(1.849 x 10-5 kg m-1 s-1) were approximated to be that of air at room temperature for human 

respiration.30 The characteristic linear dimension (𝐿) was approximated to be the diameter of the 

tube inlet, which was 20 mm. Human exhalation has been reported to range in velocity from 

approximately 2 m s-1 up to 10 m s-1.31 These parameters yielded Reynolds numbers of 2,600 and 

13,200, respectively. Other studies have suggested a laminar-turbulent transition Re values of 2300 

and 4000, with an Re > 4000 implying fully turbulent flow.32 At high Re values, the fully developed 

turbulent state creates a boundary layer with more inertial force near the wall compared to viscous 

force, making it harder to separate. Because of the gradual changes in diameter and high Re values 

at higher flow rates, the flow did not separate early in the convergent sections. Even if separation 

did occur, it would be limited to a small region inside the tube as opposed to conditions outside 

the tube, which could cause much more disruption. As such, we expect some unstable pressure 

measurements for lower velocity breathing (tidal breathing) and stable measurements for higher 

velocities (deep breathing and PEFR measurements). 

 The third consideration made was the consideration of the Strouhal number (St), which 

describes the mechanism of flow oscillations:33 

𝑆𝑡 =  
𝑓𝐿

𝑢
 

(5) 

where the characteristic length is the same value as the linear dimension (𝐿) used in Equation 4. 

The vortex shedding frequency (𝑓) of this system was assumed to be 0.25 Hz (a rate of 15 breaths 

per minute), as the typical respiration rate for adults is between 10 and 20 breaths per minute34. 

The flow velocity range of human exhalation (2 m s-1 – 10 m s-1) yields Strouhal numbers of 2.5 x 

10-3 and 5 x 10-4, respectively. Such low magnitude Strouhal numbers associated with human 

breathing indicates that the flow developed at any given time reached quasi-steady state. For this 

reason, we determined that one flow direction can be assumed to have no impact on the other, thus 

allowing our venturi spirometer to operate bidirectionally. The resulting spirometer design was 

realized with a stereolithography three-dimensional (3D) printer in combination with additive 

fabrication techniques as explained below. 

 

Sensor Fabrication Materials 
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 Ag/AgCl ink (Ercon), Sylgard 184 poly(dimethylsiloxane) (PDMS) (Dupont), PELCO fast 

drying silver paint (Ted Pella Inc), NaCl, and 28 AWG shielded twisted pair cable (Amazon) were 

used to fabricate the capacitive foam sensors.  

 

Sensor Fabrication 

The capacitive foam sensors were reproduced from a work by Zhai et al.35 The electrodes 

were fabricated on a 75 mm x 50 mm glass slide sprayed with mold release spray (Smooth-On). 

First, two thin pieces of 100 μm thick aluminum tape were adhered to each longer side of the slide, 

leaving the slide area between the tape pieces bare. Poly(dimethylsiloxane) (PDMS) (Sylgard 184, 

1g, 10:1 ratio of PDMS:curing agent) was prepared and left under vacuum for 5 min to remove air 

bubbles, while the mold release spray was left to dry. The PDMS mixture was then blade coated 

onto the prepared glass slide to create a 100 μm thick layer of PDMS. This film was cured on a 

hotplate for 30 min at 90 C. The 10:1 PDMS mixture was mixed with Ag/AgCl ink (Ecron) at a 

ratio of 7:1 (Ag/AgCl ink: PDMS mixture) for forming flexible conductive electrodes. On each of 

the long sides of the glass slide, five additional pieces of silver tape were put down to make a 

confinement wall with an overall thickness of 500 μm above the underlying PDMS layer. The 

(Ag/AgCl):PDMS mixture was left under vacuum for 10 min then blade coated on top of the 

partially cured PDMS layer on the slide. This film was then cured on a hotplate for 1 h at 100 C. 

Once cured, an X-Acto knife blade was used to cut along the edges between the tape and electrode 

area, and the electrode sheet was carefully peeled from the slide, from which smaller electrodes (1 

cm x 2 cm) were cut.  

To make the porous foam dielectrics, PDMS (1 g, 10:1 ratio of PDMS:curing agent) was 

prepared and mixed with sodium chloride (NaCl) in a 17:20 ratio (85 wt% NaCl/PDMS). Once 

well mixed, the mixture was poured onto a 75 mm x 50 mm x 1 mm mold and cured on a hotplate 

for 30 – 60 min at 90 C. Then, the cured mixture was removed from the mold and submerged in 

a dish filled with deionized (DI) water for 24 h to leach out the NaCl. The DI water was replaced 

the following day and again left overnight for a total of 48 h. The following day, the PDMS foam 

was warmed on a hotplate at 80 C to evaporate the DI water from the foam. Once all water was 

evaporated, the foam was cut into 1 cm x 1 cm squares. 

To assemble the sensors, one silver electrode was placed on a glass slide with the PDMS 

encapsulation layer facing down. A small amount of 10:1 PDMS mixture was placed in a 1 cm x 
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1 cm area on the electrode and a PDMS dielectric foam was placed on top of the PDMS mixture. 

This structure was cured on a hotplate at 90 C for 30 minutes. Once cured, another silver electrode 

was placed on the glass slide, with the PDMS encapsulation layer faced down, and another small 

amount of the PDMS mixture was placed in a 1 cm x 1 cm area on the electrode. The other side of 

the dielectric was placed on top of the PDMS mixture, sandwiching the foam dielectric between 

the two electrodes. This device was cured for an additional 30 min at 90 C.  

To form electrical connections, a shielded twisted pair of 28 AWG wires was stripped to 

expose the two metal wires. Each wire was contacted and adhered to a silver electrode of the sensor 

using fast-drying conductive silver paint (Ted Pella, PELCO). The paint was cured on a hotplate 

at 90 C for 5 min. A small amount of 10:1 PDMS mixture (PDMS/curing agent) was painted on 

top of this connection and on the rest of the exposed contacts of the silver electrode. This process 

was repeated for the second exposed wire to connect the other silver electrode on the capacitive 

sensor.  

 

Spirometer tube fabrication 

 The spirometer tube was 3D printed using a resin 3D printer (Form Labs, Form 3). The 

tube design was printed using a photopolymer resin (Clear V4). The print was cured at 60 degC 

for 15 minutes, which are the recommended curing conditions to fully cure the resin and non-toxic.  
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Results and Discussion 

Characterization and Calibration of Capacitive Sensor  

  

 

Figure 2. Mechanical characterization and calibration of capacitive sensors. a) Diagram of 

capacitive foam sensor under compression. b) SEM image of PDMS dielectric foam cross section. 

c) Photograph of a sensor underneath a force gauge for compression measurements d) Calibration 

curve showing the change in capacitance (instantaneous capacitance minus baseline capacitance) 

as a function of compression pressure. The green box shows a zoomed-in plot of the low-pressure 
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regime with the corresponding fit used to determine a capacitance-to-pressure conversion factor. 

e) Cyclic compression of the pressure sensor. The top plot shows the capacitance during the 80th -

100th cycles and the bottom plot shows the response during the 480th-500th cycles. f) Capacitance 

as a function of pressure for one compression cycle, showing slight hysteresis in the sensor readout. 

 

The capacitance-to-pressure conversion was calculated using compression measurements 

using a Mark-10 force gauge (Figures 2a-2c). The linear regime (<10 kPa) of the pressure-

capacitance plot was used for the calculation of the capacitance-to-pressure conversion (Figure 

2d). After comparing multiple sensor calibration curves, we used the most common trendline slope 

for the linear regime. The sensor was compressed cyclically to 400 Pa, and a very small drift of 

0.3 fF was observed over 500 compression cycles (Figure 2e). We also looked at 1 compression 

cycle to calculate sensor hysteresis (Figure 2f). The hysteresis effect was found to be 

approximately 43% at 100 Pa and decreases to approximately 28.5% at 400 Pa. The change in 

pressure observed for tidal breathing falls in the <250 Pa range, while PEFR and deep breathing 

measurements yield pressures up to 1 kPa. Therefore, we expected to see more uncertainty in the 

tidal breathing measurements due to the hysteresis effect.  

 As moisture accumulates from human breath inside of the spirometer, we looked at sensor 

stability before and after humidity exposure for 30 minutes. The humidity of human exhaled breath 

has been reported to range from 41.9% to 91.0%.36 After exposing our sensors to 50-88% humidity, 

we saw negligible changes as shown in Figure S1. The small, reported differences in sensor 

readout with and without humidity exposure justified use of this sensor in the device as it can 

withstand moist conditions. Lastly, we also looked at sensor response time via a ramp compression 

experiment one two different sensors (Figure S2). The delay in reaching the peak capacitance after 

reaching peak compression for the two sensors was 148 ms and 563 ms. As a full cycle of breathing 

is typically from 2.5 – 3.5 seconds, the response delay can be from 14-20% of a full breathing 

cycle, which is an important factor to consider when looking at output breathing signals. 

 

 

Simulations of Respiratory Flow Rate Characteristics through Finite Element Analysis 

In order to calculate the expected response of the pressure sensors, Finite Element Analysis 

was performed using the acoustics module in COMSOL Multiphysics v5.6. An acoustic module 
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was chosen given the oscillating profile of the input signal (breathing cycles). The interior wall of 

the tube was set as a hard boundary. The outlet of the tube was treated as an open boundary to 

atmosphere, and was given an impedance value of 420 (Pa∙s) m-1 for air at standard temperature 

and pressure. The mouthpiece of the tube was given a harmonic flow rate profile with a frequency 

that matched previous data sets for breathing.37 The simulation was run for an airflow period of 12 

seconds, and the pressures at the locations of the 3 sensors were recorded and exported to 

MATLAB R2021a for post-processing.  

 

Figure 3. Simulated respiration flow behaviors. a) 2D pressure profiles along inner walls. b) 3D 

simulation of pressure for inhale and exhale time points, which are the minima and maxima of the 

inlet flow rate profile, respectively. c) Differential pressure signals (orange and blue) at the sensor 

locations. The exhale signal (blue) is the signal of sensor 2 subtracted from that of sensor 1, while 

the inhale signal (orange) is the signal of sensor 2 subtracted from that of sensor 3. d) Flow rate 

plotted over time calculated from differential pressures in b.  
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The local pressure inside the venturi tube showed the pressure decreasing from the inlet to 

the outlet for the exhale and the opposite trend for the inhale, validating that we should see a 

pressure drop for the 2 sensors in each respective direction (sensors 1 and 2 for exhale and sensors 

2 and 3 for inhale) (Figures 3a and 3b). The differential pressure at the sensors was calculated for 

exhalation and inhalation (positive and negative flow at the input, respectively) for tidal breathing 

(Figure 3c). The exhale signal (blue line) was sensor 2 pressure signal subtracted from sensor 1, 

and the inhale signal (orange line) was sensor 2 signal subtracted from sensor 3. The inhalation 

and exhalation sinusoidal peaks in Figure 3c were 180 degrees out of phase from each other, as 

inhalation stopped once exhalation started and vice versa. The average peak-to-peak amplitude for 

tidal breathing from previous studies was approximately 0.1 L s-1.38 We chose to emulate tidal 

breathing in this simulation based on the amplitude of the input flow rate profile of this same value 

(0.1 L s-1). Finally, the venturi flow Eq. 3 was then used to calculate the flow rate from the 

differential pressure values (Figure 3d).  

The FEA simulation calculated the flow rate at the sensor locations for a range nominal 

inlet flow rates (0.1 L s-1 and 2−6 L s-1 in step of 1 L s-1). As demonstrated in Figure S3a, we 

found a discrepancy between the nominal input flow rate and the calculated flow rate at the sensor 

locations. The discrepancy is possibly due to the fact that an acoustics module was used, rather 

than a computational fluid dynamics (CFD) module. The acoustics module assumes 

compressibility of the fluid, while Bernoulli’s principle in Equation 3 does not, likely causing an 

underestimation of pressure at the sensor locations due to variable fluid density throughout the 

tube (Figure S4). The fitting function comparing the nominal flow rates to the calculated flow 

rates was found to be 

𝑦 = 6.1527𝑥2 + 5 × 10−6𝑥 + 3 × 10−7 ,  (6) 

  
where x represents the flow rate from the pressures at the sensor locations and y represents the 

nominal flow rate. This equation was used to convert the flow rate calculated from the sensor 

pressures measured in the device to the nominal flow rate, using Equation 6 to obtain the 

adjustment factor Sf as explained in the Supplementary Information. 
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Figure 4. Pressure scaling factor calculations. a) Flow chart for finding the differential pressure 

scale factor Sp. b) Differential pressure peaks as a function of nominal flow rate with dashed 

trendline. c) Rows 1 and 2 correspond to tidal and deep breathing, respectively. The plots on the 

left show the differential pressure waveforms as gathered from experimental measurements, while 

the plots on the right show the differential pressure waveforms calculated from simulations. The 

scaling factors are shown in the green arrows in between the left and right plots.  
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The pressure values were calibrated to match those of the expected flow rates for the 

respective breathing types in simulation (tidal, deep, and forced), following steps shown in the 

flowchart of Figure 4a. The trendline for the relationship between peak pressure and nominal flow 

rate is shown in Figure 4b. The linear fit line from this plot is: 

𝑦 = 0.5827𝑥  (7) 

where x is the nominal flow rate in L s-1 and y is the pressure peak in Pa. 

For tidal breathing, the pressure values were scaled to those simulated using a flow rate of 

0.1 L s-1, based on previous literature reports for tidal breathing.38 Our data thus this required a 

scaling factor Sp of 1,031 (using Equation 7) to get peak pressure values of ~0.05 Pa, matching the 

peak pressure value for tidal breathing simulations (Figure 4c). The same scaling method was 

used to calculate the scaling factors Sp for deep breathing (119) and PEFR (158) measurements 

(Figure S5). The only difference is that the simulation flow rates did not include the high PEFR 

flow rate measured from a commercial spirometer. The differential pressure peaks, therefore, were 

extrapolated for higher flow rates to include the PEFR measurement range in order to calculate the 

scaling factor for PEFR measurements (Figure 4b). Together the scaling and adjustment factors, 

yielded results matching simulation and reasonable ranges to match commercial device readings 

for deep breathing and PEFR values, elaborated on further in the discussion section. 

 

Breathing Tests 

The spirometer was tested on a healthy individual for three different types of breathing 

exercises: tidal, deep, and peak expiratory flow. To reduce germ contamination and as an extra 

precaution for ensuring no contact with toxic materials, we covered the mouthpiece of the device 

with 3M Tegaderm film. We also wiped down the interior of the tube with an antiseptic wipe prior 

to use. For data analysis processing, the first step consisted of smoothing the capacitance data in 

the three sensors (Figure 5a). The corresponding differential pressure values were then calculated 

after the capacitance (pF) was converted into pressure (Pa), for which only the positive portions of 

each inhale and exhale signal were used in the flow rate calculation (Figure 5b). The negative 

portions of the respective signals were discarded, as these indicated timepoints at which flow 

separation was occurring. The exhalation and inhalation waveforms were separated by a phase 

shift of 180, as predicted in the COMSOL simulations. Finally, the corresponding flow rate was 

calculated from the differential pressure values (Figure 5c). The calculated flow rates were higher 
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than the values shown in Figure 3d, because these data corresponded to measurements taken while 

deep breathing, while the simulations in Figure 3d were given input parameters for tidal breathing.  

 

 

Figure 5. Respiratory airflow output. a) Plot of capacitance over time for all three sensors 

during deep breathing. b) Differential pressure waveforms for deep breathing, calculated from the 

plot in a. c) Corresponding flow rate over time, calculated from the waveforms in part b using 

Equation 3.  

 

Figures 6a—6c shows flow rate as a function of time for tidal breathing, deep breathing, 

and a PEFR measurement, respectively. Flow volume loops for each breathing type were 

calculated by integrating the flow rate over time. The flow rate obtained from the differential 

pressure signals was negative in value for inhalation and positive for exhalation.  

In general, tidal breathing cycles show that the subject did not inhale and exhale the same 

volume of air within each cycle. Therefore, the start and end points of the flow volume loops were 

often offset. This offset is due to the inability for human subjects to exert precise control over their 

breathing volume in shallow tidal breathing. Some of the mismatch between cycles is also likely 

due to distortion from the laminar-turbulent fluid transition at low flow rates during tidal 

breathing39, as well as hysteresis of the sensor. The observed hysteresis implies that pressure values 

recorded during decompression were higher than expected, as it took longer for the sensor to return 

to its zero state. The higher uncertainty from hysteresis for the tidal breathing regime, in 

conjunction with the laminar-turbulent fluid transition (Re = 2300-4000) occurring more 

frequently for tidal breathing flow rates, yielded less accurate measurements, a result in agreement 

with those Titheradge and Robergs39. Some tidal breathing measurements also show flat line 



17 

 

regions on the x-axis (Figure 6a). This is attributed to the exhalation and inhalation signals not 

crossing the x-axis at the exact same time point, causing negative values under the square root in 

Equation 3 when the inhalation signal is expected to be positive but is still negative. This could be 

a result of fluid transition delay, or also on the response time of the sensors. 

For deep breathing cycles in Figure 6b, the subject was instructed to deliberately exhale 

forcefully, resulting in more controlled air flow. As such, the flow volume loops derived from deep 

breathing measurements tended to meet at the start and end points, with more similarities across 

multiple measurement cycles (resulting in overlapping loops). The average peak flow rate of the 

deep breathing measurements in Figure 6b was 4.028 ± 0.295 L s-1. We compared this value with 

a commercial peak flow meter (Microlife PF100), obtaining an average peak flow rate (n = 10) of 

3.800 ± 0.399 L s-1 (Table S1). Our spirometer only measured the change in the pressure due to 

flow, and thus could not quantify absolute residual volume (i.e. lung capacity), which is typically 

1 to 1.2 L in healthy adults.40 However, it is possible that the difference between the inhalation 

and exhalation volume was in part due to the relative change in residual volume.  
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Figure 6. Flow volume loops. Each row shows measurements for each of the 3 types of breathing 

exercises recorded: a) tidal breathing (row 1), b) deep breathing (row 2), and c) PEFR 

measurement (row 3). The right plots in a) and b) depicts flow volume loops calculated from the 

flow rate plots (left). The PEFR measurement plot depicts 7 individual measurements. The average 

PEFR value is shown in green for the 7 measurements taken on our bidirectional venturi spirometer 

and compared to values measured by a commercial peak flow meter (orange) and shown in the 

inset photograph. 
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The PEFR measurement (Figure 6c) recorded the highest flow rate that could be forcibly 

exhaled after taking the deepest breath possible. It is different from deep breathing in that it is 

generally recorded in 1 cycle increments and requires an exhale at the highest possible velocity.4 

From PEFR measurements, we obtained an average PEFR (n = 7) of 7.187 ± 0.679 L s-1 for the 

female subject. This value was checked against the commercial peak flow meter used by the same 

individual and and determined to be within the same range (7.32 ± 0.31 L s-1 in the peak flow 

meter) (Table S1). Both of these measurements were consistent with typical PEFR values for 

women (5.3-7.8 L s-1)41.  For reference, PEFR values for men typically range between 7.5-9.2 L s-

1.  

Flow resistance was measured without fudge factors across all breathing types and yielded 

values of 49.51 +/- 4.04 Pa L-1 s-1 , 32.07 +/- 1.11 Pa L-1 s-1  , and 14.83 +/- 2.53 Pa L-1 s-1 for 

PEFR, deep breathing, and tidal breathing, respectively. Flow resistance requirements by the 

American Thoracic Society are less than 49 Pa L-1 s-1  for 0-14 L s-142. The overall flow 

measurement range of the device in this study ranged from 0.1 L s-1  to 7.96 L s-1 . We calculated 

an average standard deviation of sensor noise to be 0.037 pF. With a limit of detection criterion of 

an SNR of 3:1, this yields a device limit of detection of 0.09 pF. The above measurements 

demonstrated the capability of a bidirectional venturi spirometer to provide detailed flow rate 

information for both tidal and deep breathing, as well as PEFR values consistent with peak flow 

meter devices.  

 

Conclusion 

 In this work, we demonstrate a venturi flow meter capable of measuring respiratory flow 

in two directions, for inhalation and exhalation, using capacitive foam sensors. We show that the 

bidirectional spirometer is capable of monitoring the flow rate continually for both tidal and deep 

breathing and obtained a useful metric (PEFR) for evaluating human lung function. The spirometer 

was made from a 3D printed resin body and capacitive foam sensors, and thus is both low cost and 

highly portable. Simulations using FEA and experimental testing validate the use of a symmetric 

design for measuring both positive (exhalation) and negative (inhalation) respiratory flow using 

one device.  

 Future work entails multiple human subjects’ evaluations to characterize the variability 

accross individuals. From a design aspect, the pressure and flow rate correction factors (Sp and Sf, 
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respectively) likely arise from the use of an acoustics module in the FEA simulations, as this 

module does not calculate turbulent flow and assumes no viscous forces are in effect. As such, 

simulations calculate much lower pressure values compared to experimental measurements. Future 

improvements to this venturi spirometer could be made possible by more detailed simulations to 

analyze the flow separation over time during breathing cycles, to determine the cause of the 

correction factor and potentially eliminate it. Another potential aspect for optimization is the length 

of the spirometer tube. Our calculations suggest that the distance from the inlet to the first sensor 

necessary to guarantee a fully developed flow would require a tube that is at least 29 cm long.43 

For practical use of the device, we chose a much shorter distance (9.95 cm), which likely caused 

some flow separation during measurements (explanation in supporting information). Thus, future 

geometry optimizations can be applied to ensure fully developed flow in the sensing regions. With 

improvements to device design and performance, other useful spirometric indices could likely be 

derived from breathing measurements, such as forced expiratory volume after 1 second (FEV1) 

and forced vital capacity (FVC). Overall, the low-cost, portable spirometer design we demonstrate 

here offers the potential to increase access to lung function testing. While future work is needed to 

examine the reliability issues of the device for point-of-care monitoring of respiratory illnesses, 

the compactness and ease of manufacture make our design amenable to rapid prototyping and 

validation. 
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