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Abstract
Cardiovascular disease is the leading cause of death worldwide. Existing methods for continuous, noninvasive blood pressure (BP) 
monitoring suffer from poor accuracy, uncomfortable form factors, or a need for frequent calibration, limiting their adoption. We 
introduce a new framework for continuous BP measurement that is noninvasive and calibration-free called resonance 
sonomanometry. The method uses ultrasound imaging to measure both the arterial dimensions and artery wall resonances that are 
induced by acoustic stimulation, which offers a direct measure of BP by a fully determined physical model. The approach and model 
are validated in vitro using arterial mock-ups and then in multiple arteries in human subjects. This approach offers the promise of 
robust continuous BP measurements, providing significant benefits for early diagnosis and treatment of cardiovascular disease.
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Significance Statement

Over the last 50 years, various methods have attempted to develop a solution for continuous, noninvasive blood pressure (BP). This 
manuscript presents a calibration-free, noninvasive, artery-agnostic, and demographic-agnostic method for continuous BP measure-
ment. The method is derived from first principles physics which is complimented by directly observable ultrasound measurements to 
obtain BP directly and without inference. It also allows for observation of the full, time-varying arterial pressure trace such as would 
be available from an arterial catheter and has the additional benefit of the capability to measure any artery visible by ultrasound (cen-
tral and peripheral). This presents a significant advancement in comparison with existing methods requiring compression, catheter-
ization, black-box machine learning, or frequent calibration.
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Introduction
Blood pressure (BP) is a critical metric for clinicians when assess-
ing patient health, and as such, continuous, noninvasive meas-
urement has been of long-term interest to the scientific and 
clinical communities. In an artificial system, fluid pressure would 
normally be assessed by simply placing a pressure transducer in-
side the vessel of interest. A similar approach can be applied to 
human arteries by inserting an arterial catheter, which produces 
continuous and accurate BP measurements. These continuous 
waveforms provide significant clinical value which cannot be ob-
tained solely from maximum (systolic) and minimum (diastolic) 
BP values, including diagnosis of conditions such as aortic sten-
osis and valve insufficiency (1), measurement of cardiac efficiency 

(2), and early identification of hypotensive crises (3). However, ar-

terial catheterization is an invasive procedure which is time- 

consuming and carries risks of pain, infection, hemorrhage, and 

ischemia (4). As a result, it is typically only performed in critical 

care units and operating rooms. In all other situations, BP is meas-

ured using an inflatable arm cuff, which operates by applying ex-

ternal pressure until the artery collapses (i.e. blood flow stops), 

and the measurement is taken when pressure is gradually re-

leased and blood flow resumes. While these cuffs are noninvasive, 

they only provide intermittent and often inaccurate measure-

ments compared to measurements from invasive catheters (5– 
7), and repeated cuff inflation can cause significant discomfort 

for patients (8). Despite the shortcomings of the BP cuff, it is the 
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current clinical standard of care worldwide, providing clinicians 
with critical insight into patients’ cardiovascular status.

The limitations of clinical standard BP measurement techni-
ques have inspired the development of numerous continuous, 
noninvasive BP (cNIBP) measurement techniques based on a var-
iety of physical signals and phenomena (9). These include meas-
urement of fingertip blood perfusion (volume clamping) (10), 
pressure signals at the surface of the skin (tonometry) (11, 12), 
light reflectance from blood (photoplethysmography) (13), elec-
trical conductivity of blood (bioimpedance) (14), pressure wave 
velocity (pulse transit time) (15), reactive forces from cardiac ejec-
tion (ballistocardiography) (16), and blood velocity (Doppler ultra-
sound) (17–21). However, most of these methods require 
calibration against an inflatable cuff which must be repeated 
regularly due to dynamic change in BP and arterial physiology 
(22, 23). Methods that do not require calibration carry drawbacks 
such as periodic data blackouts (24) or reliance on “black-box” ma-
chine learning techniques that may overfit the demographics of 
the underlying dataset (Table S1 and Supplementary Text S1.1) 
(25). These constraints significantly limit the ability of these meth-
ods to report accurate BP in dynamic conditions such as those 
found in critically ill patients, where vital signs can rapidly 
change.

Here, we present a new method for cNIBP measurement based 
on the phenomenon of resonance sonomanometry (RSM) (Figs. 1, 
S1). With this method, the artery is stimulated by an acoustic 
transducer, while its resonant response and dimensions are sim-
ultaneously measured using ultrasound imaging (Fig. 1a, b). Our 
motivation comes from the tuning of a guitar string: change the 
tension in a string, and its resonant tone changes proportionally 
to the square root of the tension applied. By plucking the string 
and measuring the resonant frequency, this relationship can be 
inverted to calculate the absolute tension applied. We extend 
this analysis to the circumference of the artery (Fig. 1c). 
Circumferential wall tension is directly related to fluid pressure 
inside the artery per Laplace’s law, and the specific value of ten-
sion can be inferred from the artery’s dimensions and resonant 
frequency. This pressure–resonance relationship is the unique, 
defining characteristic of the method: applying acoustic stimulus 
allows determination of the artery’s resonant frequency, exposing 
sufficient information for determination of absolute pressure in 
an arterial system. This frequency information removes the 
need for any calibration or external reference.

This model is validated through measurements of an arterial 
mock-up over a physiologically relevant range of pressures and di-
mensions. We then show through initial human tests that reson-
ance can be stimulated and can be used to generate BP waveforms 
on central (carotid) and peripheral (axillary, brachial, and fem-
oral) arteries. These measurements show that the resonance pre-
dicted by the physical model not only persists in much more 
complex in vivo systems, but also that the method produces 
data with high time resolution, providing continuous, calibration- 
free measurements of the full absolute (not relative) BP waveform.

Background on the physical model
The physical model draws from two disparate lines of analysis: 
one from aerospace engineering and the other from biomechan-
ics. The first set of analyses deals with the acoustic resonance 
modes in thin-walled cylindrical shells for large-scale industrial 
applications such as fuel tanks and pipelines (26). The second 
set of analyses examines the dynamics of in vivo arterial walls 
by modeling them as long, thin-walled cylindrical shells and using 

structural and fluid mechanics to calculate how these shells re-
spond to changes in pressure (27, 28). While these two lines of ana-
lysis share fundamental commonalities and assumptions, no 
work has combined them to create a model of the resonant modes 
in pressurized arteries. Furthermore, all of these analyses focus 
on deriving expected responses based on a known applied pres-
sure. By combining and inverting these relationships, we demon-
strate that it is possible to calculate in vivo arterial BP from 
measurements of a vessel’s resonant response.

In order to extend the analysis of inanimate objects (26) to the 
in vivo context, we used additional mechanical analyses to ac-
count for various physical complexities inherent to living systems. 
These included the presence of a pressurized fluid inside the ar-
tery (29) and inertial damping due to fluid mass inside and outside 
the artery (30, 31). Furthermore, we integrated established bio-
mechanical analyses to account for effects such as the significant 
distention of the artery as pressure changes and the nonlinear 
character of its elasticity (27, 28).

Results
Physical model and direct calculation of pressure
Arteries are modeled as an elastic, thin-walled tube; the interior is 
filled with a fluid (blood) under pressure (with or without flow), 
and this tube is fixed in a surrounding fluid. We analyze this sys-
tem and find that the final relation for calculating BP (P) depends 
on seven parameters: a (artery radius to the center of the wall), h 
(artery wall thickness), f (artery resonant frequency in Hz), E (ar-
terial wall Young’s modulus), ν (arterial wall Poisson’s ratio), ρS 

(arterial wall density), and ρL (density of fluid surrounding the ar-
tery). The first two parameters are commonly measured today us-
ing ultrasound imaging, while the last three are nominally 
consistent across individuals and are estimated from the IT’IS ma-
terial database for human tissues (32), leaving f and E as the re-
maining parameters to be determined. f is calculated by fitting 
our measured frequency response, and E is calculated using the 
relation E = (a2/h) dP

da, obtained from the Moens–Korteweg and 
Bramwell–Hill equations (17) (Fig. S2, Table S2, Supplementary 
Text S1.2). The full pressure equation is given in Equation 1 (see 
Materials and methods for more on the physical model):

P =
9α4 − 5(3α + α3)D + 3D2

−4(9α − α3) + 12D
E (1) 

∼ ρa2f2 (2) 

where

α = h/a (3) 

D = 4π2(1 − ν2)
ρa2f2

E
(4) 

ρ = αρS +
4
5

ρL (5) 

In these equations, α and D are the dimensionless thickness and 
frequency parameters and ρ has units of mass density per unit 
volume. Equation 1 represents the inverted equation for pressure 
using the dominant frequency mode, while Equation 2 describes 
the system’s leading-order scaling. These relationships are applic-
able in the limit when the shell is thin-walled (i.e. h << a, α << 1). In 

particular, the P ∼ f2 scaling relation aligns with our intuition 
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from the guitar string and is further substantiated by the sensitiv-
ity analysis (Supplementary Text S1.3); as BP (and therefore wall 
tension) increases, so too does the resonant tone of the artery.

Validation of physical model in arterial mock-ups
We first validated the pressure–resonance relationship in vitro us-
ing a custom device that combined ultrasound imaging and 
acoustic stimulation (Fig. 1b). We examined resonance in a long, 
cylindrical arterial mock-up (arterial imaging phantom) fabri-
cated from thin-walled rubber tubing (Figs. 2a, b, S4A). First, we 
confirmed the presence of the resonance predicted by our model. 
We inflated the tubing with 75 mmHg of pressure, which is a clin-
ically useful value and swept an acoustic stimulus across a wide 
range of frequencies while imaging the tubing with ultrasound 
(Fig. 2c). There were two prominent features in the measured fre-
quency response that are characteristic of resonance: a large 
spike in magnitude space and a sigmoidal phase response with 
height π radians, both centered at the same frequency. The pres-
ence and sharpness of these features indicated that circumferen-
tial resonance was successfully stimulated and measured.

Next, we verified the predicted leading-order behavior of this 
resonance: an increase in pressure predicts an increase in reson-
ant frequency. The mock-up was inflated to five internal pres-
sures ranging between 95 and 135 mmHg and an acoustic 
stimulus was swept across a wide range of frequencies while im-
aging the tubing with ultrasound (Fig. 2d). To determine the fre-
quency of the resonant peak with precision beyond the 10 Hz 
granularity of our sweep, we applied the Vector Fitting algorithm, 
which identifies a best fit for the underlying frequency dynamics 
of a system (33). We then measured the resonant frequency of 
two mock-ups with different diameters over a range of internal 
pressures (60–150 mmHg) (Fig. 3). We observed that the resonant 

frequency increased as internal pressure was increased, in line 
with predictions from the physical model.

We applied Equation 1 to predict pressure inside the mock-up 
based on our ultrasound-derived observables. Radius and thick-
ness of the mock-up were measured at each pressure by analyzing 
the ultrasound imagery. The elastic modulus of the mock-up’s 
wall was computed by observing change in the pressure estimate 
versus the change in radius (see text describing the Gauss–Seidel 
method for E estimation in Materials and methods and on the ro-
bustness of our estimation procedure in Supplementary Text S1.2
for more detail); this result was found to be in good agreement 
with independent tensometer measurements. Figure 3a contains 
several pressure–frequency curves (different curve colors), dem-
onstrating that the model correctly captures the effects of reson-
ant frequency at different arterial dimensions. Figure 3b depicts 
pressure as calculated by Equation 1 versus the gauge pressure; 
the inset plot shows the error between the two. Across all meas-
urements, the mean error between the values calculated via the 
physics model and the measured gauge pressure was −1.09 
mmHg with a SD of 1.98 mmHg.

Validation of physical model in humans
While mock-ups allowed us to validate our model in a controlled 
setting, human arteries and physiology are considerably more 
complex. BP in the human body is far from constant, rapidly fluc-
tuating from its peak at systole [systolic blood pressure (SBP)] to 
the diastolic minimum [diastolic blood pressure (DBP)] over a sin-
gle heartbeat. Additionally, artery walls are not simple elastic 
membranes free-floating in a homogenous medium; they are 
made up of multiple anisotropic layers and embedded in other tis-
sues. To determine whether arterial resonance persists in vivo, we 
applied this methodology on the carotid artery in the neck. As the 
BP cuff is the current clinical standard of care, we use the 

Fig. 1. Acoustic stimulation paired with ultrasound imaging reveals resonance properties of an artery. a) Device placement to measure BP in the carotid 
artery. b) Illustration of device operation: ultrasound transducer (gray probe) is used to generate images of the artery (at bottom). Width of the transducer 
array (Acuson 6L3): 44 mm, transducer relative to the artery: 2–3.5 cm depth. The device provides acoustic stimulus via moving-coil drivers (black boxes) 
which induce arterial response. c) Illustration of RSM. If the frequency of the stimulus aligns with the resonant frequency of the artery, the artery’s cross 
section oscillates between two forms (middle-left and middle-right), exaggerated for clarity. The top and bottom walls of the artery move relative to the 
ultrasound probe (motion toward and away from the probe are indicated as blue and red, respectively), which is captured by ultrasound imaging. 
Differential velocity of the walls (top velocity minus bottom velocity) is calculated. Comparing differential wall velocities over a range of stimulus 
frequencies enables identification of the resonant frequency.
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intermittent measurements from this device to give context to the 
BP results we generate from each experiment in this section.

A representative frequency response from a human carotid ar-
tery using acoustic stimulation is shown in Fig. 4a–d) (image of ex-
perimental setup in Fig. S4B). Not only did the expected resonant 
behavior exist in vivo, but we were also able to resolve variations 
in this behavior over the course of the cardiac cycle. Arterial di-
mensions were estimated from feature detection and tracking in 
the B-mode imagery (Fig. S3). To reduce noise, raw radius and 
wall velocity estimates were combined using a linear Kalman fil-
ter to produce more consistent radius measurements. Raw pres-
sure values were calculated at a rate of 200 Hz and then 
smoothed with a 20-Hz low-pass filter to produce final outputs. 
Acoustic stimulus was provided by a repeating, multifrequency 
waveform with a 50-ms period (equivalent to 20 Hz).

We successfully applied the method to the carotid artery (Fig. 5a, 
Movie S1) as well as several peripheral sites: the axillary (Fig. 5c), bra-
chial (Fig. 5e), and femoral (Fig. 5g). RSM was stimulated and observed 
across all four artery sites; the resonant frequencies in Fig. 5b, d, f, 
and h (for the carotid, axillary, brachial, and femoral, respectively) 
vary throughout the cardiac cycle synchronously with the corre-
sponding arterial radius measurements. At all four sites, RSM pro-
duced BP measurements in a single subject that were broadly in 
line with those obtained from an oscillometric cuff. Consistent with 
the physical model, the narrower cross section of the brachial artery 
induces higher resonance frequencies (450–550 Hz) compared to 

those in the larger femoral and carotid arteries (∼270–350 Hz). For 
all measurements, the fitted resonant frequency was found to in-
crease with the BP during systole and then decrease again with dia-
stole, synchronous to pulsation in arterial radius (Fig. 5b, d, f, and 
h) and consistent with the model.

Additional preliminary testing was conducted on the carotid arter-
ies of six human subjects, revealing similar frequency responses to 
the audio stimulus. We find that RSM captures complete BP wave-
forms in all six subjects, across genders and a small set of ages 
(Table S3). Figure 6 shows continuous BP waveforms in 5-second win-
dows from all six subjects. When examining longer interval time win-
dows (Fig. 6g), slower oscillations are sometimes present in the trace, 
which could be consistent with respiratory oscillations, errors in 
measurement due to slow drifting motion with the handheld device, 
or even accuracy limitations of the RSM method itself. Critically, un-
like the BP cuff, the RSM method is not constrained to just measure-
ments of systolic or diastolic pressure. In Fig. 6, we also show the 
close agreement between our direct, calibration-free cNIBP measure-
ments using RSM (blue curves) alongside a previously published 
calibration-dependent, inference-based approach to continuous BP 
from a cuff (black lines) (34).

Because the device was designed specifically for larger vessels 
(e.g. carotid), device contrast was not sufficient for consistent im-
aging of smaller vessels (e.g. brachial, radial). The comparison of 
carotid artery BP to a brachial BP cuff does not allow for compari-
son of SBP directly due to pulse amplification in peripheral vessels 

Fig. 2. Resonance response in artery mock-up. a) Illustration of mock artery, showing relative positioning of components. Tubing is 2.18 mm in diameter, 
with a wall thickness of 0.25 mm, and is placed 2–3 cm below the transducer head. b) System diagram, displaying connection between components. Thin 
latex rubber tubing filled with water connects a syringe and a digital pressure transducer. The syringe is depressed, increasing the pressure, and clamped 
once the desired pressure is reached. The rubber tubing is placed in a bath of psyllium husk/water mixture, which serves as a scattering medium to 
simulate surrounding tissue. c) Magnitude (blue) and phase (orange) response of an arterial mock-up inflated to 75 mmHg. Phase is measured relative to 
stimulus. d) Extending the measurements of magnitude (top) and phase (bottom) response across multiple mock-up pressures. Raw data points are 
plotted (circles) as well as their best-fit function provided by the Vector Fitting algorithm (33) (solid lines). Use of a fitting algorithm allows precise 
determination of peak location below the granularity of the frequency sweep (10 Hz steps).
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(35, 36). Consequently, the primary metric for comparison in 
this study is the DBP. The SBP values were significantly different 
(P < 0.001), as expected for measurement on a central versus 
peripheral arterial site; however, the DBP was not significantly 
different (P = 0.54) (Fig. 7).

Discussion
In this study, we have demonstrated that RSM is a physical 
phenomenon predicted by classical mechanics and can be ap-
plied to the continuous measurement of BP in human arteries. 
Previous studies have demonstrated that ultrasound-based tech-
niques can determine relative changes in BP, but passive ultra-
sound imaging alone is insufficient to establish an absolute 
baseline for pressure (17–21, 34). By perturbing the system with 
an acoustic stimulus, the method can obtain absolute BP without 
calibration to a reference device. Aside from measurements of 
SBP and DBP, the method is also able to obtain BP on a 50-ms ba-
sis, capturing the shape of the full BP waveform. This waveform 
can yield significant information that is not available from cuff 
measurements (1–3, 37).

We first validated the physical model in vitro using simple 
mock arteries where the material properties and dimensions 
could be controlled and verified. The model predicted pressures 
in agreement with the control pressure over a biologically relevant 
pressure range. Furthermore, we found that the model compen-
sated for creep caused by stress relaxation in both mock arteries, 
indicating that the model correctly accounts for changes in arter-
ial radius versus resonant frequency.

We then stimulated and detected RSM in vivo in four different 
arteries of a human subject and produced BP measurements con-
sistent with those from a BP cuff. These results suggest that meas-
uring continuous BP using this approach extends to other arteries 
and is not necessarily limited by size or location. A good qualita-
tive agreement was observed between the device measurements 
(e.g. brachial) and those obtained from the BP cuff (Fig. 5). 
Measurements obtained at the carotid artery return lower systolic 
values than the BP cuff, which is consistent with the carotid artery 
being located more centrally than the brachial artery but may also 
reflect error in BP estimation from the RSM method. Second, our 
method may be capable of detecting the modest low-frequency 
variations (∼0.1 Hz) in BP associated with the subject’s respiration 
(low-frequency variability in Fig. 6g is consistent with respiration), 
but further evidence will be needed in future before being 
certain that these oscillations are due to intrathoracic pressure 
differences and not just due to a lack of precision in the RSM meth-
od itself.

We focused on the carotid artery for the majority of our in vivo 
tests, as the carotid is a comparatively large and superficial vessel, 
making ultrasound measurements simpler to obtain, allowing 
us to evaluate the validity of the physical model more readily. 
Additionally, noninvasive measurements of central arterial pres-
sure have significant scientific and clinical interest (2, 38–42) and 
are simply not possible with other popular methods such as vol-
ume clamping or photoplethysmography. Since the carotid is 
more central than arteries targeted by oscillometric cuffs (bra-
chial artery in the upper arm) or arterial catheters [most often 
the radial artery in the wrist or femoral artery near the groin 

Fig. 3. Comparison of predictions from the physical model and in vitro measurements. a) Resonant frequency as a function of pressure, measured across 
two mock-ups with different radii. Blue and red markers indicate experimental data for small and large tubing, respectively. Dashed lines indicate 
predictions from the physical model. Data are separated by day as the mock-up was stored pressurized overnight, resulting in the next day’s experiments 
having a different zero-pressure diameter over the two different experiments. b) Correlation between prediction from the physical model using RSM and 
imaging data versus the measured (gauge) pressure in the mock-up. Bottom right inset shows the deviations of the model pressure from the measured 
pressure in the mock-up. Markers and error bars denote mean and SD of repeated trials (N = 5 per data point).

Jimenez et al. | 5



Fig. 4. Excerpts of in vivo RSM from external audio-frequency stimulation data. a) and b) show contour maps of the phase and magnitude response, 
respectively, as a function of frequency over a 5-second window in a single subject. Solid black lines in these panels indicate the fitted resonant frequency. 
c) and d) are magnitude and phase response plots corresponding to time instances marked with the dashed red lines in panels a) and b), with darker 
shades of red corresponding to higher pressure.

Fig. 5. Comparison of predictions from the physical model and in vivo measurements. Measurement in carotid, femoral, and brachial arteries in one 
subject. a), c), e), g) BP waveforms (red) taken from four artery locations (carotid, axillary, brachial, and femoral, respectively) in a single subject compared 
with SBP and DBP obtained from an oscillometric cuff on the brachial artery (gray dashed lines). b), d), f), h) Control pressures from the BP cuff were: 
carotid (127/75), axillary (127/75), brachial (145/93), and femoral (133/72). Measurements of arterial radius (blue) and resonant frequency (orange) 
corresponding to the BP waveforms in panels a), c), e), and g). i) Diagram indicating the relative location of each artery. Note that because the BP cuff can 
only measure SBP and DBP intermittently, the values are extrapolated as constant values.
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(43)], simple and noninvasive pressure measurements in the ca-
rotid could provide more insight for clinicians into the progression 
of cardiovascular disease.

A sensitivity analysis (Supplementary Text S1.3) was conducted in 
order to assess for potential sources of error, which identified 

frequency and radius as leading-order terms with a scaling compar-
able to Equation 2. Although the stimulus is in the audio-frequency 
range, transmission is coupled to the skin; thus, external audio stim-
uli (e.g. from ambient conversation) have no effect on extracting res-
onant frequency (Supplementary Text S1.4). Further, the Vector 

Fig. 6. Representative waveforms of carotid pressure. Excerpts of in vivo data from the six subjects low-pass filtered at 25 Hz. Panels a)–f) correspond to 
excerpts from Subjects A–F, respectively. Each panel shows 5 seconds of pressure waveforms calculated by the present method, shown in blue, along with 
the reference systolic and diastolic pressures from the BP cuff, shown in red dashed lines. Panel g) shows a full 30-second time course of BP 
measurements, and the slow oscillatory behavior underlying the trace is consistent with the variation in BP seen when a subject (Subject F) breathes in 
and out (∼2 breaths in the 30-second window). For comparison, the extrapolated pressure waveform pressure predicted by (34) is shown in solid black. 
Note that because the BP cuff can only measure SBP and DBP intermittently, the values are extrapolated as constant values.

Fig. 7. In vivo measurement results for carotid RSM versus brachial cuff in six subjects. a) displays combined statistical values for RSM versus BP cuff. 
Bland–Altman plots of DBP (b) and SBP (c) for the carotid RSM to brachial cuff comparison.
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Fitting approach has been previously shown to be robust for identify-
ing resonant frequency (33). In contrast, radius is likely a significant 
source of error in the present implementation due to the positioning 
(along the length of the artery instead of across) of the manually op-
erated prototype device. However, minor disagreements with the cuff 
such as is seen in Fig. 6f (blue curve versus dashed lines) may actually 
indicate physiological changes in this individual’s cNIBP trace as a 
consequence of e.g. relaxation or respiration, demonstrating the 
power of the approach to show subtle variation in SBP and DBP in 
time not achievable by the cuff alone. Unlike the RSM approach, 
the reference method-based result plotted in the same figure (black 
curve) is forced into a potentially biased BP range enforced by the 
cuff as a standard (44, 45). However, we cannot completely rule out 
that the differences observed between the prototype RSM device 
and the cuff may be due to limitations in the physical model. 
Future device implementations targeting more peripheral arteries 
(e.g. radial) will allow us to directly assess and validate similar BP fluc-
tuations, ideally using the continuous gold-standard arterial catheter 
as a reference.

A major strength of the RSM method lies in the small number of 
observables required: arterial radius, thickness, and resonant fre-
quency. The BP output is determined by utilizing these observables 
in real-time, without cuff information, prior training data, or any 
input of demographic information (e.g. body mass index (BMI), 
age, gender, etc.). The findings also demonstrate that unlike other 
methods, RSM is not limited to a single peripheral artery but can 
be used in both central and peripheral arteries and is likely avail-
able to any artery visible by ultrasound. As mentioned, the current 
early prototype device was optimized for the carotid artery, but 
even this device was capable of demonstrating the RSM method 
in vivo in three comparatively smaller, more peripheral arteries 
(axillary, brachial, and femoral in N = 1 subject, Fig. 5). Future ad-
justments to the prototype design such as increasing the ultra-
sound frequency and optimizing transducer element design will 
enable targeting of even smaller arteries (e.g. the radial artery in 
the wrist). Because the application of this approach is straightfor-
ward and based on directly observable characteristics, efforts in 
the future will focus on developing wearable, easy-to-operate devi-
ces (on the arm and/or wrist) that leverage the RSM method, enab-
ling future adoption of the method for a variety of hospital 
applications (e.g. BP monitoring of critically ill patients, remote pa-
tient monitoring, etc.).

Materials and methods
Physics model
To determine the resonance versus pressure relationship, we 
model our system as a long, thin-walled cylindrical shell (i.e. L >> a 
and a >> h). We assume that this shell has a uniform radius and 
thickness along its length and that it is surrounded by incompress-
ible fluid. Such a system will support many natural modes of wall 
motion, each composed of a superposition of an axial component 
consisting of m/2 wavelengths along the length of the cylinder and 
a circumferential component consisting of n wavelengths around 
the circumference of the cylinder, where m is an integer equal to or 
greater than 1 and n is an integer greater than 1. In cylindrical coor-
dinates of axial location z and azimuthal angle θ, the radial displace-
ment w of each point on the surface at any given time t can be 
expressed as a superposition of sinusoidal basis functions given by

w(z, θ, t) = Σm,nAmn sin
mπz

L
cos nθ cos 2πft (6) 

for some scalar amplitude Amn. The general solutions for the 

equations of motion of this system are quite complex for arbitrary 
m and n. In a system with L >> a, however, the contributions of 
the axial modes are greatly suppressed compared to the circumfer-
ential ones. Neglecting terms proportional to a/L, the resonant fre-
quencies take the form of roots of a cubic polynomial (29):

0 = κ3 − K2κ2 + K1κ − K0 (7) 

κ =
4π2ρSa2(1 − ν2)

E
f2 (8) 

K0 =
h2(1 − ν)

24a2 (n8 − 2n6 + n4) +
Pa
Eh

α1 (9) 

K1 =
1 − ν

2
(n4 + n2) +

h2

12a2 α2 +
Pa
Eh

α3 (10) 

K2 = 1 +
3 − ν

2
n2 +

h2

12a2 (n4 + n2) +
n2

1 − ν2

Pa
Eh

(11) 

α1 =
1 − ν

2
1 −

h2

12a2

 

n6 − n4
 

(12) 

α2 =
3 − ν

2
n6 −

3 + ν
2

n4 + n2 (13) 

α3 =
3 − ν

2
−

h2

12a2

 

n4 − n2 (14) 

where κ, Ki, and αi are the dimensionless parameters.
In a damped system, the lowest frequency resonant mode is 

generally the easiest to excite as first-order damping forces will in-
crease with frequency for a given magnitude of displacement; 
thus, we focus our attention on the n = 2 mode. Finding the small-
est real root of Equation 7 and converting from κ back to f with 
n = 2 yield

f2
vac =

C0 −
���������

C2
0 − C1



24π2(1 − ν2)ha4ρS
(15) 

C0 = 5Eh(3a2 + h2) + 12a3P (16) 

C1 = 12Ea2h(36a3P − 4ah2P + 9Eh3) (17) 

The frequency here is labeled fvac because it represents the nat-
ural frequency of the cylinder in a vacuum. However, in our sys-
tem the shell both contains and is surrounded by fluid with 
nonzero mass, which adds to the effective inertia of the wall as 
it resonates. For a system with L >> a and c >> fvaca, this adds a 
simple proportional correction to find the natural frequency of 
the system with fluid (31):

f2

f2
vac

= 1 +
2n

n2 + 1
ρL

ρS

a
h

 −1

(18) 

f2 =
C0 −

���������

C2
0 − C1



24π2(1 − ν2)a3δ
(19) 

δ = ahρS +
4
5

a2ρL (20) 

8 | PNAS Nexus, 2024, Vol. 3, No. 7



Inverting Equation 19 to solve for P yields

P =
9α4 − 5(3α + α3)D + 3D2

−4(9α − α3) + 12D
E (21) 

α = h/a (22) 

D = 4π2(1 − ν2)
ρa2f2

E
(23) 

ρ = αρS +
4
5

ρL (24) 

To gain some intuition about the behavior of this pressure equa-
tion, we can linearize it for small D, yielding

P ∼ ρa2f2 − O(α3E) (25) 

Typical BPs range from 5 to 40 kPa (40–300 mmHg) (46), and typical 
carotid Young’s moduli range from 100 to 1,000 kPA with lower 
stiffness values at diastole (47). Thus, our calculation of pressure 
is dominated by the measurement of resonant frequency and ra-
dius in the regime of α ≲ 0.1.

Measurement technique
Calculating BP using Equation 21 requires knowledge of seven sys-
tem parameters: radius, wall thickness, resonant frequency, wall 
Young’s modulus, wall Poisson’s ratio, wall density, and fluid 
density. The first two parameters are routinely measured today 
using ultrasound imaging (48). In practice, thicknesses were cal-
culated as h = h̅ × a̅/a (where overlines represent temporal aver-
ages), relying on the incompressibility of the arterial wall. 
Parameters 5–7 can be assumed to hold nearly constant (32, 49, 
50). This leaves two parameters, resonant frequency and 
Young’s modulus, which must be calculated by more involved 
means. Young’s modulus is discussed in more detail below; the ro-
bustness of our estimate in discussed further in Supplementary 
Text S1.2. See Supplementary Text S1.3 for further analysis of 
the sensitivity of the BP estimate to the various parameters and 
constants for measurements conducted in the carotid artery.

Resonant frequency
Previous work has found that high-speed ultrasound imaging is 
capable of measuring the propagation of shear waves down the 
length of the arterial wall (51). We instead apply high-speed 
Doppler ultrasound imaging to measure the strength of wall mo-
tion around the arterial circumference under stimulation at vari-
ous frequencies. While stimulus is applied via audio-frequency 
transducers, we simultaneously measure the velocities of the top 
and bottom arterial walls using a separate ultrasound transducer 
and standard Doppler velocimetry techniques (52). A lock-in ampli-
fier (for static in vitro data) or Fourier transform (for time-varying in 
vivo data) is used on vdiff to extract magnitude and phase of the mo-
tion response at the stimulus frequency. The set of magnitude and 
phase values at all stimulus frequencies represents the frequency 
response of our system.

In order to extract a resonant frequency from this frequency re-
sponse, we apply a method from electrical systems analysis 
known as Vector Fitting. In general, the frequency response H(f ) 
of any system can be approximated as a sum of rational functions:

H(f ) = ΣN
m=1

rm

if − am
+ d + fe (26) 

where f is the frequency, am and rm are the complex poles and res-
idues respectively, and d and e are the real linear offset parame-
ters. In particular, a resonant system will have a complex 
conjugate pair of poles. Vector Fitting is an algorithm which 
uses iterative least-squares fitting to find an optimal set of values 
for (rm, am, d, e) which best match the observed frequency re-
sponse of the system (33). The final fitted resonant frequency of 
the system is represented by the magnitude of our complex conju-
gate pair of poles. If resonance is not present, the Vector Fitting al-
gorithm will return a set of purely real poles; this is additional 
confirmation that our data contain resonant behavior.

Young’s modulus
Previous studies focused on calculating arterial Young’s modulus 
in vivo have utilized the Moens–Kortweg (first term) and 
Bramwell–Hill (last term) equations, which are related but inde-
pendent measures of pulse wave velocity down the length of the 
artery (17):

c =

����

Eh
ρLd



=

�������

A
ρL

dP
dA



(27) 

where c is the pulse wave velocity, d is the arterial diameter, and A 
is the arterial cross-sectional area. Rearranging the latter two 

terms and substituting A = πa2 yield a useful equation for calcu-
lating Young’s modulus based on changes in pressure:

Eh
2a

= πa2 dP
2πada

(28) 

E =
a2

h
dP
da

(29) 

Prior studies calculated dP/da using ultrasound imaging to meas-
ure a and an external reference device such as a cuff or tonometer 
to measure P. We replace this external reference with pressure 
measurements generated by our device. This creates a recursive 
relationship, as these pressure measurements are themselves de-
pendent on the value of E we measure. This interdependency can 
be resolved using the Gauss–Seidel method. First, a physiological-
ly reasonable value for E is chosen as a starting point, and P is cal-
culated at all radii based on this value using Equation 21. These P 
values are then used to calculate E using Equation 28. By repeating 
these two steps, both P and E converge on a self-consistent set of 
values which satisfy both Equations 21 and 28 (e.g. Fig. S2, 
Table S2).

An important facet of this method of measuring E is that it does 
not require E to be constant across different radii. Instead, it pro-
vides instantaneous E estimates at the same rate that pressure 
measurements are generated. Real arteries have been found to ex-
hibit substantial variation in E between systole and diastole (47), 
making dynamic E measurement essential to obtaining accurate 
pulse pressures. Note that the ultrasound-based approach for ra-
dius measurement with RSM gives sufficient resolution to calcu-
late dP/da for each timepoint in the continuous trace for 
individuals with pulsatile blood flow (e.g. Fig. S3G–L; Movie S1).

Artery mock-up setup
To validate the RSM method physics model, we used compliant, 
thin-walled rubber tubing, sourced from latex rubber balloons 
(Qualatex 160Q or similar) to simulate human vasculature. 
Tube-in-gelatin mock-ups are often used as an ultrasound teach-
ing aid as they provide similar imaging properties to blood vessels 
embedded in tissue (53, 54). We substituted a water/psyllium fiber 
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(Metamucil) mixture (55) for the gelatin/psyllium fiber mixture, as 
tubing can disbond from the gelatin as pressure (and thus also the 
tubing’s radius) is changed, leading to air pockets and behavior 
disparate from real anatomy. Professional ultrasound tissue mod-
els are unsuitable for these experiments as they do not have simi-
lar elasticity in their vessel analogs; several vendors we 
investigated used rigid tubing, and all were flow-only (no pressure 
simulation). Two sizes of tubing were used (2.18 mm radius, 
“small”; and 3.23 mm radius, “large”). Wall thicknesses of each 
were 0.25 and 0.28 mm, with a density of 1.93 g/cm measured 
for both.

The small tubing was submerged to a depth of 2–3 cm in the 
water/psyllium fiber bath, modeling a depth similar to that of 
the human carotid artery. Psyllium fiber was used as a scatter-
ing medium to simulate surrounding tissue. The tubing was 
filled with water and inflated using a syringe to add pressure. 
Pressure was held constant for the course of a scan. Each scan 
consisted of a stimulus sweep from 200 to 600 Hz in 10 Hz 
steps with simultaneous measurement using the ultrasound 
transducer. Five scans were performed at each pressure, and 
pressure was swept from 60 to 150 mmHg (targeting a physio-
logically relevant range) in 5 mmHg increments, for a total of 
95 scans.

The experiment was repeated using the larger diameter tubing 
to confirm that the model holds across different vessel sizes. 
Pressures were swept from 60 to 150 mmHg in 10 mmHg incre-
ments. Above 130 mmHg, we found that the tubing would start 
to rapidly expand in an uneven manner (where the radii of specific 
segments would expand unevenly, as normally seen during infla-
tion). As this behavior is not seen in healthy arteries, we discarded 
data above 130 mmHg, for a total of 40 scans.

Measurement apparatus
We constructed a custom ultrasound device to provide full 
insight into the signal processing chain and to allow accurate tim-
ing between the resonance-driving stimulus and ultrasound 
measurement. This device is comprised of two USRP N210 
software-defined radios (National Instruments, Austin, TX, 
USA), tied to custom transmit and receive electronics. The trans-
mit chain consists of a threshold block, followed by a bipolar high- 
voltage pulse generator (a MAX4940, from Maxim Electronics, San 
Jose, CA, USA). The receive chain consists of a matching network 
and low-noise amplifier with voltage-controlled gain (an AD8336 
from Analog Devices, Wilmington, MA, USA). The gain is set via 
software and provides time-gain compensation. These chains 
are isolated from one another via an automatic transmit–receive 
switch (a MD0100 from Microchip, Chandler, AZ, USA). The device 
has one transmit chain and two receive chains, which are multi-
plexed to 32 ultrasound transducer pixels. In addition, the device 
has an amplified low-voltage output which feeds the audio- 
frequency stimulus transducers.

Downstream of the transmit/receive electronics, a commercial 
6L3 linear ultrasound probe (Acuson, Mountain View, CA, USA) 
provides conversion to ultrasound. Audio-frequency stimulus is 
provided by a set of audio-frequency bone conduction trans-
ducers (BC-10 from Ortofon, Nakskov, Denmark), mounted to 
the Acuson 6L3.

Capture bandwidth of the software-defined radios and associ-
ated electronics extends to 25 MHz, allowing for adequate local-
ization and image reconstruction of pulses ranging from 3 to 6 
MHz. Raw data are captured for post-processing by custom 
software.

Arterial mock-up data analysis
For each individual scan, radius was calculated from the average 
delay in echo timings between the top and bottom walls, and res-
onant frequency was calculated using the Vector Fitting method 
described above. Because the tubing walls were much thinner 
than those of in vivo arteries, thickness could not be determined 
accurately from our ultrasound imaging due to limited resolution. 
Instead, we used high-precision calipers to measure the unpres-
surized radius and thickness of the tubing (a0 and h0). Because 
the tubing was assumed to be incompressible (ν = 0.5), a pressure- 
dependent thickness could be calculated as h = h0 × (r0/r). These 
caliper measurements along with the weight of the tubing were 
also used to calculate its density.

The Young’s modulus of the tubing was calculated by compar-
ing radius and resonant frequency measurements across multiple 
scans at different pressures, as described above. We assumed that 
the tubing was linearly elastic, so a single value of E was calcu-
lated which minimized the relative error in pressure as deter-
mined by Equations 21 and 28; this value came out to roughly 
1.16 MPa. The balloon material was later analyzed with a tensile 
strength measurement instrument from Instron (Norwood, MA, 
USA). This test yielded an average stiffness of 1.10 MPa which 
held nearly constant across our strain range, validating both our 
calculated value and our linearity assumption.

Measured radii were adjusted for each scan based on this fixed 
E value to generate agreement between these two equations. For 
the larger tubing, obtaining alignment with theory required add-
ing h/2 to all radii; this would be explained if peak echoes from 
this system corresponded to the inner rather than average radius 
of the tube. The measured values for radius, thickness, resonant 
frequency, and stiffness were combined with prior values for 
wall density, fluid density, and wall Poisson’s ratio in Equation 
21 to generate the final calculated pressure values shown in Fig. 3.

Human feasibility studies: design and data 
collection
Study 1
This study was a prospective observational feasibility study 
evaluating the carotid, brachial, axillary, and femoral arteries 
in a single test subject compared to a BP cuff. Before each 
scan with the RSM device, the subject took a single oscillometric 
BP cuff measurement (SBP and DBP estimates from the cuff are 
displayed as gray dashed lines in Fig. 5). This study was devel-
oped under guidelines for self-experimentation (56), and one 
of the authors both collected the data and served as the subject 
over several sessions in 2022 and 2023. The study was under-
taken in order to evaluate the feasibility of data collection in 
multiple arteries of one subject. Data were analyzed to produce 
arterial pressure waveforms displayed in Fig. 5; no further ana-
lysis was conducted.

Study 2
This study was a prospective observational, first-in-human feasi-
bility study evaluating the carotid arteries in six test subjects 
(Table S3) compared to a BP cuff. The research protocol was ap-
proved by the California Institute of Technology (protocol no. 
19-0971). Consent was obtained from all participants in the study. 
The aim of this study was to assess feasibility of collecting data in 
a single artery across multiple subjects for the sole purpose of 
demonstrating that resonance phenomena exist in humans. 
Study 2 evaluated the carotid artery in six volunteer test subjects 
in comparison with a BP cuff. Recruitment and data collection 
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occurred during one session in October 2022. Data were collected 
with the BP cuff on the arm ipsilateral to the device placed on the 
carotid artery [IEEE Std 1708a-2019 (57) and ISO 81060-2 (58)]. Two 
measurements were taken with the BP cuff prior to initial data col-
lection. Five 1-minute measurements were taken with the device, 
and then, two additional BP cuff measurements were taken. An 
additional five 1-minute device measurements were taken, and fi-
nally, two additional BP cuff measurements were taken at the 
completion of data collection. Data were analyzed for SBP and 
DBP as well as arterial waveform presence and shape. Statistical 
analyses were completed using SigmaPlot 15.0 (Systat Software 
Inc) and MATLAB 2022a (MathWorks). A power analysis was com-
pleted assuming alpha of 0.05 and power of 0.80 with an estimated 
effect size of 5 mmHg. In a study using a t-test to compare two 
methods, a sample of 20 measurements can be used to determine 
a difference between the two datasets. Statistics were calculated 
according to universal standard ISO 81060-2.

It should be noted that, as an early feasibility study demon-
strating proof-of-concept, strict adherence to regulatory stand-
ards was not intended, specifically in relation to subject 
numbers. This study was designed only to demonstrate that arter-
ial resonance is observable in human arteries. Existing standards 
such as IEEE 1708 and ISO 81060-2 were not designed for cuffless, 
continuous, calibration-free devices and thus are not entirely ap-
propriate for demonstration of this technology; however, we at-
tempted to follow the static testing guidelines in IEEE 1708 and 
81060-2 as closely as possible. ISO 81060-3 (59) had not yet been 
published at the time of data collection. It is likely a new set of pro-
cedures will need to be developed for future regulatory testing of 
this device.

Data processing pipeline for BP calculation
To calculate BP, we extracted the necessary physical measure-
ments required by the model (i.e. radius, resonance frequency, 
and thickness) from the ultrasound imaging. Using a custom 
data processing pipeline, we were able to extract the relevant 
measurements from the raw ultrasound data and produce a 
BP estimate. A detailed outline of the data processing pipeline 
is shown in Fig. S1, with the key steps briefly summarized be-
low. Using ultrasound imaging at a frame rate of ∼300 Hz, we 
visualized the pulsatile artery walls in each subject and seg-
mented them to extract instantaneous radius and thickness 
measurements (Fig. S3, Movie S1). Using simultaneously cap-
tured Doppler ultrasound data, we also measured arterial 
wall velocities generated by our stimulus and used this re-
sponse to identify the arterial resonant frequency at a rate 
of 200 Hz (Movie S1). User-specified indicators for the locations 
of the artery walls were also provided to aid in distinguishing 
the location of arterial walls within the image from other vas-
culature. The instantaneous elastic modulus was estimated 
continuously to account for the nonlinear elasticity of the ar-
terial wall (Materials and methods, Supplementary Text S1.2). 
A Kalman filter was used to combine wall velocity and image- 
derived radius and thickness measurements, providing a bet-
ter estimate of both radius and thickness. These data were 
then fed into our stiffness calculator and the BP formula 
(Equation 1 in the main text). The resulting BP estimates 
were low-passed to remove unphysical high-frequency noise 
and then screened using a set of quality control criteria to re-
move data contaminated by artifacts stemming from the man-
ual operation of the device, such as excessive motion of either 
the probe or subject.

Quality control criteria and data exclusion
BP measurements obtained from the test device were processed 
using standard methods from the literature that are consistent 
with those employed by vital sign monitors (60). First, measure-
ments were passed through an interquartile range filter and a 
12-Hz low-pass filter. To convert continuous measurements into 
clinically relevant metrics of DBP and SBP, data were divided 
into nonoverlapping time windows with a length of 6 seconds, 
rounded to the nearest heartbeat interval. For each window, 
DBP and SBP were calculated as the average of peak minima and 
maxima, respectively.

Because a manual placement of the probe is required for the 
current implementation of the device, measurements are highly 
sensitive to motion-induced operator error, including shifts due 
to operator fatigue, as well as test subject movement. As a result, 
signal loss was a regular occurrence and these data were deemed 
unusable and excluded from the final analysis.

Reference continuous pressure waveform  
from BP cuff
A reference for the arterial BP at the carotid artery was calculated 
in Fig. 6 using the calibrated exponential function proposed by 
Meinders and Hoeks (34). This empirically derived relationship 
provides a method to obtain localized BP from arterial radius 
waveforms by first calibrating the fitting parameters in the equa-
tion to a separate BP reference, such as a brachial sphygmoman-
ometer, when measurements from an arterial catheter are 
unavailable. This method has been employed in numerous previ-
ous studies as a means of extrapolating instantaneous BP infor-
mation from arterial dimensions obtained with ultrasound 
imaging (17–20, 61). Assuming that the target artery has a circular 
interior cross section and exhibits minimal hysteresis, the pres-
sure–radius relationship is given by

P(r) = Pdia exp α
r2

r2
dia

− 1

  

(30) 

where α is an artery-specific stiffness coefficient given by

α =
r2
dia

r2
sys − r2

dia

ln
Psys

Pdia

 

(31) 

Here, P is the arterial pressure, r is the arterial radius, and the dia 

and sys subscripts indicate the diastolic and systolic values of 
the given parameters, respectively.

While r and rdia can be measured directly with ultrasound at 
the target location, Pdia, Psys, and, subsequently, α are not known 
a priori from passive ultrasound imaging and must be informed 
by an external BP reference, in this case, a BP cuff (Philips 
Intellivue MP70).

Because the reference BP measurement might not be collected 
with the measurements of the arterial dimensions, as is the case 
of the present carotid artery measurements, Meinders and 
Hoeks (34) suggested a correction whereby α is iteratively updated 
until the mean BP obtained from the exponential fit matches that 
obtained from the reference. This approach operates under the 
assumption that the DBP and mean BP do not vary significantly 
in the various arteries, unlike systolic BP (62). In the present study, 
α is first estimated using Equation 31 and then updated using

αi+1 =
Pref

1
T

∫
t0+T
t0

P(r(t))dt
− 1

⎛

⎜
⎝

⎞

⎟
⎠β + 1

⎛

⎜
⎝

⎞

⎟
⎠αi (32) 
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where Pref is the reference mean BP and β is a dimensionless over- 
relaxation factor to accelerate convergence. In instances where 
the mean BP is not available, as can often be the case for brachial 

sphygmomanometer, Pref can be estimated using the formula pro-
posed by Meaney et al. (63):

Pref = Pdia + 0.412(Psys − Pdia) (33) 

Iterative updating of α is conducted until the integrated estimate 

for mean BP is within ±0.01 mmHg of Pref , which typically occurs 
with O(10) iterations.
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