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A B S T R A C T   

Spirometry is a gold standard to assess lung function, and to identify respiratory impairments seen in obstructive 
lung diseases. The method is used for periodic monitoring, but it only provides snapshot information, and it 
requires forceful exhalation which is associated with limited reliability and repeatability. Several studies indicate 
that tidal flow-volume curves measured by pneumotachography or plethysmography can also be used to assess 
lung function. These methods avoid the forced manoeuvre, but are complex to set up or sensitive to movement. In 
the present work we address the long-standing problem of the unavailability of an easy-to-use and accurate 
method for monitoring tidal breathing frequently or even continuously. We show that pressure recordings from a 
nasal cannula can be accurately converted into scaled flow-volume curves by means of an algorithm that 
continuously calibrates itself. The method has been validated by feeding realistic healthy and unhealthy 
breathing patterns to anatomically correct 3D-printed upper airways of an infant and an adult, and by comparing 
the imposed flow-volume curves to the pressure-derived flow-volume curves. The observed very high level of 
accuracy opens the route towards remotely monitoring patients with chronic lung diseases.   

1. Introduction 

Spirometry is a gold standard to test lung function, and thereby to 
support the diagnosis of different obstructive lung diseases and to 
periodically monitor disease progression [1–3]. During a spirometry 
test, flow-volume curves are obtained by letting the patient maximally 
inhale and forcefully exhale through a mouth piece [3]. The shape of the 
flow-volume curves can be used as an indication of several obstructive 
lung diseases such as asthma and Chronic Obstructive Pulmonary Dis
ease (COPD), and their severity [1,3]. Unfortunately, the required forced 
expiration manoeuvre is associated with limited reliability and repeat
ability [3,4]. Especially for patients with severe pulmonary diseases and 
for elderly people, the required effort for the forced expiration 
manoeuvre is problematic [5,6]. Furthermore, spirometry tests on in
fants may be difficult due to a lack of patient cooperation [5,7]. 

Though not a gold standard, upper airway obstruction can also be 
revealed by tidal spirometry. Evidence for the influence of obstructive 
lung diseases on tidal breathing profiles has been presented in several 
studies on both infants [7–9] and adults [10–13]. Various methods are 
used to obtain tidal spirometric curves. The most common one is 
pneumotachography (PNT) [14], in which patients are connected to a 
face mask or to a combination of a mouthpiece and a nose clip while the 
time-dependent flow rate is measured by a pneumotachograph. A 

disadvantage of this technique is that the breathing profile is altered 
because of the face mask or mouth piece [14–16]. Another disadvantage 
is encountered for neonates, where the dead space of the apparatus may 
exceed the infant’s own dead space, limiting the time of measurement 
[9]. 

Tidal curves can also be obtained using plethysmographic methods 
based on the movement of the chest and abdominal wall. Respiratory 
inductance plethysmography (RIP) uses an elastic band to measure this 
movement, but the calibration required for obtaining flow and volume 
signals is problematic [17,18]. In opto-electronic plethysmography 
(OEP) the wall movement is measured from 52 to 89 reflective markers 
placed on the skin [13,18,19], requiring at least four cameras and two 
calibration procedures to determine the 3D-coordinates of each marker 
[18]. Structured light plethysmography (SLP) is a non-contact method, 
where the position of points in a structured grid, which is projected onto 
the patient, are used to record chest wall movement [20]. Although the 
technique is non-invasive and quick to set up, it is sensitive to move
ment, and even lightly moving arms or legs or rotating the head may 
affect the measurements [20]. 

Another way to determine lung function during tidal breathing is by 
using oscillometry, as used in the forced oscillation technique (FOT) and 
impulse oscillometry (IOS). Single (FOT) or mulitple (IOS) frequency 
sound waves (pressure pulses) are pushed into the airways during tidal 
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breathing, and the respiratory resistance and reactance are measured 
[21,22]. Although the variability is higher than in (forced) spirometry 
tests, the sensitivity to detect airway obstruction is better [21–23]. In a 
way these methods can be seen as an extension of pneumotachography: 
patients are still leak-free connected to the combination of a mouthpiece 
and a nose clip while measuring the flow rate, while additionally pres
sure pulses are superimposed to the breathing and pressure is measured 
in the device. 

To circumvent the problems encountered in leak-free flow-rate 
measurements or plethysmographic methods, one can alternatively 
measure pressure, by for example using a nasal cannula encountered in 
nasal high-flow therapy or oxygen therapy. This idea was applied in 
studies to record respiratory events during sleep [24–27], and Hosselet 
et al. used it to determine inspiratory flow limitation [28]. Although the 
inspiratory flow rate could not be quantified it was assumed to be lin
early dependent on the nasal cannula pressure, and flow limitation was 
detected by plotting the nasal cannula pressure versus the driving 
(supraglottic or esophageal) pressure. However, this method can be seen 
as invasive and patient-unfriendly because of the need for an esophageal 
or supraglottic catheter. Kohler et al. [29,30] quantified nasal airflow 
using a modified nasal cannula (with the two sides disconnected) and 
two pressure transducers, but their method requires a calibration of the 
pressure to the flow by using a nasal mask with a flow meter attached. 

In general, any calibration prior to the application of a method re
quires time to set up and may cause errors over the course of the mea
surements due to changing circumstances. In this work, a novel, 
continuously auto-calibrating algorithm is presented to reconstruct scaled 
tidal spirometric flow-volume curves from nasal pressure measure
ments. The underlying observation is that from a clinical point of view it 
is primarily the shape of the spirometric curve that is of interest. This 
view is supported by several studies demonstrating the significance of 
the shape of tidal flow-volume curves [6,8,9,31] in the identification of 
chronic lung diseases, and demonstrating the use of scaled tidal 
breathing parameters [7,32] in the identification of expiratory airway 
obstruction. 

The main objective of this work is to present the derivation of the 
reconstruction method, and to demonstrate its feasibility and validity. 
To validate the proposed reconstruction method the actual flow-volume 
curves have to be known with sufficient accuracy. Therefore, instead of 
relying on in-vivo measurements, experiments with anatomically correct 
3D-printed upper airway geometries and simulated breathing were 
conducted. The clinical applicability of the method will be addressed in 
future work. The paper is organised as follows. First the method to 
reconstruct scaled flow-volume curves from pressure recordings is pre
sented. Secondly, the experimental method is described, based on 3D- 
printed upper airways of an infant and an adult. Thirdly, a compari
son of the actual and reconstructed flow-volume curves is presented for 
healthy and obstructed respiration profiles. Finally, the results are dis
cussed and a perspective on future research is given. 

2. Reconstruction method 

Upon inserting a nasal cannula into the nose, there is a difference 
between the cannula pressure and the ambient pressure caused by the 
aerodynamic resistance of the flow annulus enclosed by the nostrils and 
the prongs (tubes of the cannula), see the schematic impression in Fig. 1. 
During the periodic transition between inspiration and expiration, the 
flow direction, flow topology, and nostril geometry change, which re
sults in a change of the aerodynamic resistance. The challenge one faces 
to accurately quantify the flow rate from the pressure difference is to 
accurately quantify the aerodynamic resistance, which of course is 
difficult in clinical practice. The key idea of the presented reconstruction 
method is to reconstruct scaled tidal spirometric flow-volume curves 
from the pressure recordings which do not require the values of these 
resistances. 

The inserted cannula is schematically depicted in Fig. 1, indicating 

the flow rate Q at the trachea, defined positive when exhaling, and the 
difference Δp between the pressure at the end of the cannula, pc, and the 
atmospheric pressure, p∞. From a fluid mechanics point of view, Q and 
Δp are interdependent, and to account for a nonlinear relationship a 
power-law is assumed: 

Q(t) = a|Δp(t)|b, sign(a) = sign(Δp), (1)  

that differs between inspiration and expiration by letting the constants a 
and b both depend on the sign of Δp, 

a =

{
ain, Δp < 0,
aex, Δp ≥ 0, b =

{
bin, Δp < 0,
bex, Δp ≥ 0, (2)  

with ain < 0, aex > 0, bin > 0, and bex > 0. Eq. (2) reflects that the 
aerodynamic resistance not only depends on the geometry of the flow 
tube, but also on the direction of the flow and on the flow condition. The 
limits of b are theoretically known: b = 1 indicates fully laminar flow 
and b = 1/2 indicates fully turbulent flow. It is noted that this model 
allows for elastic walls that have a different shape during inhalation and 
exhalation and for density differences between inhaled and exhaled air, 
as the proportionality constants a will account for all of these effects. 
However, the values of these constants are variable and unknown in a 
clinical setting. 

The net exhaled volume V(t) is obtained by integration of the flow 
rate Q(t) over time t: 

V(t) =
∫ t

0
Q(τ)dτ. (3)  

To derive the scaled flow-volume curve, V(t) is split into the exhaled 
volume Vex(t) and the inhaled volume Vin(t) as 

V(t) = Vin(t) + Vex(t), (4)  

with the two parts defined as 

Vex(t) ≡

∫ t

0
max(0,Q(τ))dτ ≥ 0,

Vin(t) ≡

∫ t

0
min(0,Q(τ))dτ ≤ 0.

(5)  

Using the power laws given by Eqs. (1) and (2), these expressions can be 
written as 

Vin(t) = − ainIin(t), Vex(t) = aexIex(t), (6)  

with 

Iin(t) ≡

∫ t

0
min(0, sign(Δp))|Δp|bdτ ≤ 0,

Iex(t) ≡

∫ t

0
max(0, sign(Δp))|Δp|bdτ ≥ 0.

(7) 

Fig. 1. Schematic representation of a nostril with cannula, with pressure dif
ference Δp = pc − p∞, and the trachea with flow rate Q (illustrated direction 
defined positive). 
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Let T be the time needed to complete K breathing cycles. To eliminate 
the difficulty of the case-dependent and unknown proportionality con
stants ain and aex, first the net exhaled volume is scaled as 

Ṽ(t) ≡
K V(t)
Vex(T)

. (8)  

Note that the scaling factor Vex(T)/K represents the average tidal volume 
over the K cycles. Upon inserting Eqs. (4), (6) and (7), this scaling leads 
to 

Ṽ(t) = K
(

Iex(t)
Iex(T)

−
ain

aex

Iin(t)
Iex(T)

)

. (9)  

Hence, the scaled volume is not determined by the individual values of 
ain and aex, but only by their ratio. 

To also eliminate this ratio, K is chosen relatively large compared to 
1, typically K ≈ 10. If K is large, T is large, and both − Vin(T) and Vex(T)
become large. Their absolute difference changes with time, but is 
bounded by the vital lung capacity and typically proportional to the tidal 
volume. Their relative difference however tends to zero, and the ratio −
Vin(T)/Vex(T) tends to one. As a result, 

lim
K→∞

ain

aex
=

Iex(T)
Iin(T)

. (10)  

Substitution of this limit into Eq. (9) leads to a convenient approxima
tion of the scaled net exhaled volume, free of the case-dependent pro
portionality constants ain and aex: 

Ṽ(t) ≈ K
(

Iex(t)
Iex(T)

−
Iin(t)
Iin(T)

)

. (11)  

In a natural way, the corresponding scaled flow rate is defined as the 
non-dimensional time derivative of the scaled volume: 

Q̃(t) ≡
T

2πK
dṼ(t)

dt
, (12)  

where the factor 2πK/T represents the average angular frequency of the 
respiration signal. Evaluation of the above expression leads to 

Q̃(t) =
{
|Δp|bin T

/
(2πIin(T)), Δp < 0,

|Δp|bex T
/
(2πIex(T)), Δp ≥ 0.

(13)  

The values of the remaining exponents bin and bex and the sensitivity to 
these values will be determined experimentally. 

3. Validation method 

In-vitro experiments were performed to determine values for the 
constants bin and bex, the sensitivity to these values, and how well the 
shape of the imposed flow-volume curves is reconstructed from pressure 
measurements. Two things were measured: (a) the pressure at the end of 
the cannula, and (b) the position of the piston of a breathing simulator. 
The pressure is used to reconstruct the scaled flow and volume using the 
method described above, while the piston position is used to compute 
the actual flow and volume. 

3.1. Experimental setup 

A semi-schematic overview of the experimental setup is shown in 
Fig. 2. Anatomically accurate 3D-printed upper airway geometries with 
artificial breathing were used. Different breathing profiles were simu
lated by the breathing simulator while pressure was recorded via a nasal 
cannula. The pressure was used to reconstruct Q̃(t) and Ṽ(t) signals 
following Eqs. (13) and (11). These signals were compared to the actual 
signals, which were determined from the recorded volume change of the 

breathing simulator. 
Two different upper-airway geometries were used: one of a 9 month 

old Caucasian girl, known as the SAINT-model [33], and one of a male 
adult, obtained from [34] and modified (by removing details outside the 
airway and adding connections) with permission from the author. In 
both models, the oral airway was closed for air passage. The infant 
model was printed using Digital Light Processing (DLP) with Envi
sionTEC RC31 material, whereas the adult model was printed using 
Selective Laser Sintering (SLS) with PA 12 nylon, and impregnated af
terwards to prevent air leakage. 

A breathing simulator was connected to the trachea, see Fig. 2. The 
breathing simulator consisted of a linear motor (stator: LinMot PS01- 
37Sx120F-HP-N, slider: LinMot PL01-20x500/440-HP) rigidly con
nected to a pneumatic cylinder (Parker P1D-S032MS-0320 for the infant 
and Parker P1D-S063MS-0320 for the adult). The motion of the motor 
was prescribed and, to verify the produced breathing flow rate, the 
position of the pneumatic cylinders was monitored using a magnetic 
sensor (Parker P8SAGACHH) with a sampling frequency of 500 Hz. 
Position data was filtered using a moving mean filter with 25 points. The 
displaced volume was determined by multiplying the axial displacement 
by the cross-sectional area, and the flow rate was obtained by differ
entiating the volume with respect to time. 

An aerodynamic resistance was introduced by placing a nasal can
nula in the nose of the 3D-printed models. For the infant model, three 
different cannula sizes were used: small (OPT312, labeled premature), 
medium (OPT314, labeled neonatal) and large (OPT316, labeled infant) 
(Optiflow Junior nasal cannula, Fisher & Paykel Healthcare Ltd., New 
Zealand). Also for the adult, three different cannula sizes were used: 
small (OPT942), medium (OPT944), and large (OPT946) (Optiflow+

nasal cannula, Fisher & Paykel Healthcare Ltd., New Zealand). Images of 
these cannulae placed in the noses of the models are shown in Fig. 3. It is 
noted that the large cannula in the infant model almost fully occludes 
the nose. The corresponding high aerodynamic resistance and increased 
work of breathing are of course unacceptable in clinical practice, but the 
experimental data have still be included in this work for reasons of 

Fig. 2. Semi-schematic overview of the experimental setup. Components are 
not to scale. 
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completeness. 
The cannula was connected to a dead-end circuit, where a pressure 

transducer (Omega PXM409-070HCGUSBH, range of ± 7000 Pa) 
recorded the pressure (relative to atmosphere) at a sampling frequency 
of 160 Hz. The sensor was zeroed by subtracting the average pressure 
over 10 s without flow before each measurement. Data was filtered using 
a low-pass filter with a cut-off frequency of 10fb, where the breathing 
frequency fb was estimated based on the local minima in the pressure 
signal. After that, separate breathing cycles were obtained from the 
filtered pressure signal based on local minima, such that a cycle starts 
and ends at peak inhalation. This was preferred over starting at zero flow 
because it is easier to detect in noisy signals. 

3.2. Breathing profiles 

Different representative tidal breathing profiles were obtained from 
literature and prescribed to the breathing simulator. For the infant 
model, non-obstructed (NO), moderately obstructed (MO) and severely 
obstructed (SO) profiles, all obtained from ref. [7], were simulated. For 
the adult model, a healthy profile [35] and a COPD-profile [6] were 
simulated. In both cases, the profiles were determined by applying 
image analysis to the figures from literature. The image-based profiles 
were smoothed and closed using a Fourier series with 20 frequencies. 
After that, the profiles were scaled to match chosen tidal volumes and 
cycle lengths: 85 mL and 1.76 s for the infant and 450 mL and 4 s for the 
adult. These numbers were close to the used healthy profiles. The 
resulting profiles are presented in Fig. 4 for the infant and in Fig. 5 for 
the adult. 

In order to simulate more natural breathing, a sequence of 20 
different breathing cycles (inhalation followed by exhalation) was 
constructed, where the net volume was allowed to be non-zero in each 
separate cycle, but constructed to be zero after the 20 cycles. This was 
done to allow for the repetitive movement of the breathing profile with 
the simulator. For each cycle, a pseudo-random difference for the net 
volume, Vin + Vex, of maximally ±10% of the specified tidal volume was 
imposed. Inspiratory volume was increased in the case of negative net 
volume, whereas expiratory volume was increased in the case of positive 
net volume. In addition, the cycle times were allowed to vary randomly 
with ±0.25 s for the infant and ±0.5 s for the adult. Since the volume is 
scaled by a constant, and the flow rate is scaled by another constant, the 
shape of the profile doesn’t change except for stretching in one direc
tion. Following the procedure described above, the result based on the 

healthy profile for the adult, depicted in Fig. 5, leads to the profile 
shown in Fig. 6. All other profiles in Figs. 4 and 5 were treated similarly 
and the resulting sequences are labelled ’varying’ in the remainder of 
this work. 

Furthermore, a random test profile was simulated for the infant 
model with small cannula to demonstrate the robustness of the algo
rithm. This profile was not meant to be a representative respiration, but 
merely served as a challenging test for the reconstruction method. The 
test profile was constructed as a random Fourier series of 60 seconds 
with 60 frequencies. A total of 120 random numbers between -1 and 1 
were generated for the Fourier coefficients, and these coefficients were 
linearly scaled such that the series spanned the maximum available 
stroke length of 255 mm. 

3.3. Comparison of flow-volume curves 

In order to compare two scaled flow-volume curves, an appropriate 
error needs to be defined which is insensitive for a time delay between 
the flow rate signals. If the air in the cylinder of the breathing simulator 
and within the upper airway geometry is fully incompressible, then the 
flow rate would be the same everywhere at any time instant, but in case 
of severe compressibility the flow rate at the nose of the model is 
different from the flow rate to or from the breathing simulator. How
ever, mild compressibility effects are mainly observed as a small time 
delay between the measured volume change of the breathing simulator 
and the reconstructed flow rate [36,37]. It is observed that a time-shift τo 
of a flow rate signal leads to a volume-shift of the corresponding 
flow-volume curve: 
∫ t

0
Q(τ+ τ0)dτ = V(t+ τ0) − V(τ0). (14)  

Consequently, two flow rate signals Q(t) and Q(t + τ0) will lead to two 
flow-volume curves (Q(t),V(t)) and (Q(t + τo),V(t + τo) − V(τ0)) which 
have identical shapes but differ by a volume shift − V(τ0). To 
compensate for this shift, the scaled volumes are translated as: 

Ṽ
∗
(t) ≡ Ṽ(t) −

1
2

(
max

(
Ṽ
)
+min

(
Ṽ
))

. (15)  

The error ϵ between two flow-volume curves (Q1(t), V1(t)) and (Q2(t),
V2(t)), with time lapses T1 and T2 is now conveniently defined as 

Fig. 3. The two models with the three cannula sizes.  
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ϵ ≡

̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅
∫ 1

o

(

ΔṼ∗(s)
)2

+

(

ΔQ̃∗(s)
)2

ds

√

, (16)  

where 

ΔṼ∗(s) ≡
Ṽ

∗

2(s T2) − Ṽ
∗

1(s T1)

max
(

Ṽ
∗

2

)

− min
(

Ṽ
∗

2

),

ΔQ̃∗(s) ≡
Q̃

∗

2(s T2) − Q̃
∗

1(s T1)

max
(

Q̃2

)

− min
(

Q̃2

).

(17)  

4. Validation results 

The accuracy of the reconstructed Q̃(t) and Ṽ(t) signals depends on 
the values of bin and bex. To determine which values of bin and bex give 
the most accurate signals, the error ϵ was calculated for a range of values 
between 0.5 (fully turbulent flow) and 1 (fully laminar flow) for both 
models with one cannula and all reference breathing profiles (see Figs. 4 
and 5). Although the optimal values for bin and bex are different for every 
breathing profile, there is a relatively large region in the (bin, bex) domain 
in which the error ϵ is quite insensitive to the values for b. The regions 
with the smallest errors are overlapping for the infant model with all 
breathing profiles and the adult model with healthy breathing, but is 
located at higher bin for the adult model with COPD breathing. In a 
clinical setting the optimal values for bin and bex are unknown, and 
values need to be selected independent of the breathing profiles. 
Therefore, the average error over the different breathing profiles is 
calculated for both models, as shown in Fig. 7 for the infant and Fig. 8 for 
the adult. It can be seen that the average errors are relatively insensitive 
to the choice of bin and bex, and bin = 0.75 and bex = 0.55 seem good 
choices for both the infant and the adult model. Note the clinical 
importance of this result: despite the significant differences between 
both geometries, fixed values for bin and bex can be used to obtain 
reconstructed signals Q̃(t) and Ṽ(t) with low error ϵ. 

With the chosen values for bin and bex it is possible to directly 
compare the reconstructed scaled flow-volume curves with the actual 
curves as measured from the position of the breathing simulator. In all 
cases, the assumption of Eq. (10) was applied over K = 10 breathing 
cycles. This number was considered representative for clinical use. For 
the infant with the small cannula, typically observed curves are shown in 

Fig. 9 for the different breathing profiles. It is seen that all reconstructed 
curves match almost perfectly with the actual curves that were deter
mined from the position of the breathing simulator. Table 1 shows the 
values of ϵ for the small cannula for each of the 10 cycles used to 
determine the case-dependent ratio ain/aex. Little variation is observed 
between the different cycles. To assess the effect of the cannula size, the 

Fig. 4. Reference infant tidal breathing profiles [7] with no (NO), moderate 
(MO) and severe (SO) obstruction. Curves were scaled to a tidal volume of 85 
mL and a length of 1.76 s. 

Fig. 5. Reference tidal breathing profiles of healthy adults [35] and COPD 
patients [6]. Both curves were scaled to a tidal volume of 450 mL and a length 
of 4 s. 

Fig. 6. Example of a varying breathing profile, derived from the healthy adult 
profile (solid line in Fig. 5). The cycles vary in flow rate, volume and cycle time. 

Fig. 7. The error ϵ for the infant model with small cannula, averaged (arith
metic) over the three breathing profiles of Fig. 4, for different values of bin 

and bex. 
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mean values and standard deviations of ϵ over ten cycles is presented in 
Table 2, which shows little variation. 

The results for the adult model with large cannula are depicted in 
Fig. 10. In both cases, the reconstructed curves are again almost iden
tical to the actual curves. Table 3 shows the values of ϵ for each of the 10 
cycles used to determine the ratio ain/aex for the large cannula, while the 
means and standard deviations of ϵ for the different cannula sizes are 
shown in Table 4. The cannula size seems to slightly influence the ac
curacy of the reconstruction. The errors are, in general, decreasing with 

Fig. 8. The error ϵ for the adult model with large cannula, averaged (arith
metic) over the two breathing profiles of Fig. 5, for different values of bin 

and bex. 

Fig. 9. Typical reconstructed and actual scaled flow-volume curves for non- 
obstructed (left, ϵ = 0.032), moderately obstructed (middle, ϵ = 0.027) and 
severely obstructed (right, ϵ = 0.024) breathing for the infant model with 
small cannula. 

Table 1 
Values of ϵ for infant model with small cannula for ten cycles of the different 
breathing profiles (see Fig. 4).  

Cycle NO MO SO NO varying MO varying SO varying 

1 0.026 0.033 0.023 0.047 0.061 0.036 
2 0.030 0.020 0.037 0.036 0.059 0.025 
3 0.026 0.036 0.026 0.019 0.050 0.028 
4 0.024 0.033 0.022 0.025 0.061 0.022 
5 0.036 0.040 0.021 0.028 0.075 0.023 
6 0.039 0.039 0.030 0.020 0.065 0.023 
7 0.032 0.027 0.024 0.033 0.031 0.024 
8 0.036 0.027 0.033 0.042 0.023 0.024 
9 0.036 0.030 0.029 0.028 0.031 0.024 
10 0.028 0.030 0.027 0.028 0.036 0.024 
mean 0.031 0.031 0.027 0.031 0.049 0.025 

NO: non-obstructed; MO: moderately obstructed; SO: severely obstructed; 
Varying: as explained in Section 3.2. 

Table 2 
Average and standard deviation (in brackets) of ϵ for the different cannula sizes 
and breathing profiles of the infant model.  

Breathing profile Cannula Size  

Small Medium Large 

NO 0.031 (5.44⋅10− 3)  0.030 (5.29⋅10− 3)  0.037 (6.06⋅10− 3)  
MO 0.031 (6.21⋅10− 3)  0.038 (6.72⋅10− 3)  0.043 (7.09⋅10− 3)  
SO 0.027 (5.19⋅10− 3)  0.027 (5.15⋅10− 3)  0.034 (7.74⋅10− 3)  
NO varying 0.031 (9.10⋅10− 3)  0.034 (5.26⋅10− 3)  0.039 (3.86⋅10− 3)  
MO varying 0.049 (1.76⋅10− 2)  0.050 (1.10⋅10− 2)  0.048 (7.73⋅10− 3)  
SO varying 0.025 (4.12⋅10− 3)  0.048 (4.56⋅10− 3)  0.036 (7.88⋅10− 3)  

NO: non-obstructed; MO: moderately obstructed; SO: severely obstructed; 
Varying: as explained in Section 3.2. 

Fig. 10. Typical reconstructed and actual scaled flow-volume curves for 
healthy (left, ϵ = 0.027) and COPD (right, ϵ = 0.038) breathing for the adult 
model with large cannula. 

Table 3 
Values of ϵ for adult model with large cannula for ten cycles of the different 
breathing profiles (see Fig. 5).  

Cycle Healthy COPD Healthy varying COPD varying 

1 0.039 0.029 0.042 0.035 
2 0.038 0.030 0.063 0.038 
3 0.029 0.021 0.063 0.037 
4 0.056 0.038 0.039 0.058 
5 0.038 0.036 0.067 0.060 
6 0.036 0.052 0.061 0.076 
7 0.033 0.031 0.038 0.036 
8 0.031 0.038 0.058 0.030 
9 0.027 0.040 0.044 0.037 
10 0.043 0.049 0.073 0.039 
mean 0.037 0.036 0.055 0.044 

Varying: as explained in Section 3.2. 

Table 4 
Average and standard deviation (in brackets) of ϵ for the different cannula sizes 
and breathing profiles of the adult model.  

Breathing profile Cannula Size  

Small Medium Large 

Healthy 0.080 (2.06⋅10− 2)  0.061 (1.40⋅10− 2)  0.037 (8.32⋅10− 3)  
COPD 0.046 (1.47⋅10− 2)  0.044 (1.26⋅10− 2)  0.036 (9.29⋅10− 3)  
Healthy varying 0.063 (3.49⋅10− 2)  0.063 (3.90⋅10− 2)  0.055 (1.29⋅10− 2)  
COPD varying 0.056 (1.28⋅10− 2)  0.055 (1.34⋅10− 2)  0.044 (1.47⋅10− 2)  

Varying: as explained in Section 3.2. 

R.H.J. Hebbink and R. Hagmeijer                                                                                                                                                                                                           



Medical Engineering and Physics 97 (2021) 1–9

7

increasing cannula size, and the standard deviation is up to 2.6 times 
higher when comparing the large to the small cannula. 

The influence of the cannula size can be explained by the range of 
pressures measured: for the adult (with large cannula) these are between 
-15 and 8 Pa (healthy breathing) or -23 and 10 Pa (COPD), whereas for 
the infant model (with the small cannula, non-obstructed breathing) 
pressures are approximately between -120 and 80 Pa. The pressure 
sensor had a ±0.08% full scale error, which is 5.6 Pa. Compared to the 
total variation in pressure, this error is about ten times larger for the 
adult than for the infant model. Fortunately, since this error is random, 
the general shape of the low-pass filtered pressure, and consequently the 
scaled flow-volume curves, is not significantly affected by this error. 
However, minor pressure changes do have a relatively large effect on the 
values of Q̃ and Ṽ, such that the reconstruction is less accurate. This 
effect is even stronger for smaller cannulae, where the measured pres
sures are smaller. Nonetheless, in all cases the difference in shape be
tween healthy and COPD breathing is clear. By using a smaller range 
pressure sensor with similar full scale error, results could be improved. 

Fig. 11 shows the reconstructed (using T = 60 seconds) and actual 
scaled flow rate in time for the random test profile. It is observed that the 
reconstructed signal is slightly lagging behind the actual signal, which is 
a result from slight compressibility effects within the cylinder of the 
breathing simulator and within the upper airway. Apart from that, the 
reconstructed signal matches the actual signal almost perfectly during 
expiration. During inhalation, the reconstruction is in general good, but 
large inspiratory peaks tend to be overestimated. Nonetheless, the test 
profile shows that the assumed flow behaviour is indeed valid in a more 
challenging situation with a broad range of flow rates. Although the 
random profile was not meant as representative breathing, it is possible 
to determine flow-volume curves from the signal. As before, breathing 
cycles were determined based on local minima. Additional constraints 
were added to ensure that the local minima represented a peak in 
inspiratory flow rate (i.e. minimum was below zero pressure or flow), 
and that the breathing cycle contained expiration (i.e. positive pressures 
or flows were present between the starting and ending local minima). It 
appeared that there were 48 breathing cycles within the 60 s signal. The 
reconstructed and actual flow-volume curves of these cycles are pre
sented as supplementary material. The average norm over all cycles is 
0.077. Although this is higher than the norms observed in the other 
breathing profiles, a visual comparison shows that the reconstructed 
curves match the actual curves very well. 

5. Discussion 

In this paper it was shown how scaled respiratory flow rate and 
volume could be obtained from the pressure difference between a can
nula and the atmosphere. By looking at scaled flow and volume, the 
method is self-calibrating for the case-dependent resistance based on the 

pressure measurements. Experiments on anatomically correct 3D- 
printed geometries of an infant and an adult demonstrated that the 
measured pressure difference can indeed be used to accurately recon
struct scaled flow-volume curves. 

The basic idea of monitoring respiration by connecting a pressure 
sensor to a nasal cannula is not new. Compared to the method of Kohler 
et al. [29,30], where nasal airflow is quantified using a modified nasal 
cannula, two pressure transducers and a calibration using a nasal mask 
with attached flow meter, the method presented here offers great ad
vantages in the ease of use: no modifications to the cannula are made, 
less equipment is used, and there is no need for calibration. Although no 
quantification of flow and volume can be made, the shape of tidal 
flow-volume curves is accurately recovered, which is of primary interest 
from a clinical point of view. 

In ref. [9], it was found that the absolute values of commonly used 
tidal breathing parameters, like peak tidal expiratory flow (PTEF) or 
tidal volume (VT) were poor predictors in the identification of chronic 
lung diseases among infants, whereas the shape of the flow-volume 
curves was found to be significantly different from healthy profiles. 
Leonhardt et al. [8] presented a set of mathematical features to identify 
pulmonary diseases from the shape of tidal flow-volume curves. Also 
scaled tidal breathing parameters, usually based on PTEF and VT, were 
found useful in the identification of expiratory airway obstruction in 
infants [7,32]. These scaled parameters can also be obtained from the 
non-dimensional curves obtained with the newly presented method. A 
recent study showed that a concave shape of the tidal flow-volume loop 
in wheezing infants indicated an increased chance of experiencing ex
acerbations in the following year [31]. Also for adults, concave tidal 
expiratory profiles were observed in severely obstructed COPD-patients 
[6]. 

The method is restricted to nasal breathing, since the pressure dif
ference due to breathing flow rate is only detected in the nose. More
over, the mouth should be closed during the tests to obtain reliable 
results. Although it may technically be possible to obtain flow-volume 
curves during oronasal breathing, it cannot be guaranteed that an in
crease in breathing flow rate leads to an increase in the pressure dif
ference, as the ratio of nasal to oral flow may change. Therefore, 
reconstructions obtained with open mouth may be inaccurate, even if 
there was a flow through the nose. Due to this restriction, some patients 
may need to be instructed to close their mouth during the test. In infants, 
where instructions could be problematic, this problem is fortunately 
circumvented as infants are preferential, if not obligatory, nasal 
breathers [38]. Also most adults are nasal breathers at rest, although 
about 13% use oronasal breathing [39]. Even measurements during 
sleep may be possible, since adults mostly use nasal breathing during 
sleep [40,41]. However, since oral breathing is added intermittently 
[41], some periods in the pressure recordings need to be excluded. 

This study has two limitations. First, rigid upper airway geometries 
were used in the experiments, disregarding any elastic effects of the 

Fig. 11. Comparison of the reconstructed and actual scaled flow rate of the random test profile for the infant model with small cannula to demonstrate the robustness 
of the method. A small time lag is observed due to mild compressibility. Large inspiratory peaks are slightly overestimated, but reconstruction is almost perfect 
during exhalation. 
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nostrils. The influence of these effects can be analysed for two different 
situations. On the one hand, when due to elasticity the nostril walls are 
at a different but constant position during inspiration and expiration, the 
effect on the relation between flow-rate and pressure-difference is 
captured by modifying the values of the conductances ain and aex. 
However, Eqs. (11) and (13) show that the conductances do not appear 
in the expressions for Ṽ and Q̃, and therefore the scaled flow-volume 
curve will not be affected. On the other hand, when due to elasticity 
the nostril walls are at a pressure-dependent position during respiration, 
the effect on the relation between flow-rate and pressure-difference is 
not captured modifying the values of the conductances. In this case one 
may assume that the nostril wall position depends linearly on pressure: 

ain/ex = ao
in/ex + Δain/ex, Δain/ex ≡ a

′

in/exΔp, (18)  

which leads to the following relative error in the computed flow rate: 

ΔQ
Qo

=
Δain/ex

ao
in/ex

. (19)  

Since the nasal valve is the narrowest part of the nose, it is expected to be 
most significant for the values of a. The nasal resistance is inversely 
proportional to the squared area [42]. On average, the adult nasal valve 
has an area of 61 mm2 and a compliance of 0.031 mm2/Pa [43]. With 
the encountered pressure differences in the adult model, it can therefore 
be concluded that the relative variation in the conductances a will be 
very small, typically a few percent, and therefore the relative error in the 
computed flow rate will be a few percent. 

The second limitation is the relatively large range of the pressure 
sensors (± 7000 Pa) compared to the encountered pressure differences, 
especially for the adult model where the cannulas occlude less than 25% 
of the nostril area. Although the error is random and accurate re
constructions could therefore be obtained from the filtered signal, it is 
likely that the accuracy of the method for small cannulas can be 
improved by using a pressure sensor capable of measuring relatively 
small pressure differences. A range of ±250 to ±500 Pa is considered to 
be more suitable. 

The main purpose of the experiments in this study was to determine 
the capability of the proposed method to accurately reconstruct flow- 
volume curves. Therefore, instead of testing on humans, a fully 
controllable in-vitro setup was used. This allowed for a direct and ac
curate comparison between actual and reconstructed curves. The results 
show that the method indeed produces accurate flow-volume curves 
using bin = 0.75 and bex = 0.55 for both the infant and the adult model, 
and that the error is relatively insensitive to these values. The used 
respiratory profiles were obtained from tidal breathing humans during 
earlier studies. The fact that clear differences are observed between the 
healthy and unhealthy spirometric curves indicates that it is clinically 
indeed useful to look at tidal spirometric curves. Further research in a 
clinical setting is required to show the clinical use and applicability of 
this method. 

The method has a great potential use in the long-term monitoring 
and the identification of obstructive lung diseases, especially for people 
unable to perform spirometry tests. A restriction of the method is that it 
requires breathing through the nose. Important advantages of this 
method over conventional spirometry are the ease of use, the absence of 
required effort, and good patient comfort. These advantages increase the 
reproducibility of the measurements. 

6. Conclusion 

This study presents a novel method that, by simply measuring the 
pressure in the nostrils with a nasal cannula, reconstructs scaled tidal 
breathing flow-volume curves very accurately. The shapes of these 
curves can be used to identify and monitor obstructive lung diseases. 
Tidal breathing avoids the forced expiration manoeuvre required in 

conventional spirometry, which is associated with limited reliability and 
repeatability. Compared to other methods that obtain tidal flow-volume 
curves, this method offers advantages in the ease of use and the auto
matic continuous calibration, allowing for frequent or even continuous 
measurements. This method opens the route towards the remote moni
toring of patients with chronic lung diseases. In-vivo experiments are 
required to further assess the clinical applicability of the method. 
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