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The variation of blood pressure (BP) waveforms contains abun-
dant information about the dynamic cardiovascular status1,2. 
Each one of the peaks and notches in the arterial BP wave-

form represents a specific left heart activity, and the characteristic 
morphology of the venous BP waveform is closely related to rel-
evant right heart events3. Continuous monitoring of subtle changes 
in these vital signals can thus provide remarkable insights for car-
diovascular disease diagnosis and prognosis4. Although monitoring 
vascular pulsation at peripheral sites is useful for specific symptoms, 
emerging evidence suggests that the central arterial and venous BP 
waveforms possess significantly more relevance to cardiovascular 
events than the peripheral BP (PBP)5–8. First, major organs, includ-
ing the heart, kidneys, lungs and brain, are directly exposed to 
the central arteries. Distending pressure in the large elastic arter-
ies (such as the aorta and carotid arteries) is a vital determinant 
of the degenerative changes that characterize accelerated aging 
and hypertension9. Second, the amplification and reflection effect 
caused by the complexities of peripheral vascular resistance along 
the conduit artery (namely the stiffness mismatch between periph-
eral and central vessels) is hard to evaluate. This uncertainty often 
has an irregular and unpredictable influence on the PBP waveform, 
making it unsuitable for achieving reliable assessment of cardio-
vascular status10. Third, although the central blood pressure (CBP) 
waveform can sometimes be derived from the PBP waveform via 
a translational equation, demographic results indicate that clinical 
treatments, such as the use of BP-lowering drugs, can exert differ-
ent effects on the PBP and CBP waveforms7,11, leading to inaccurate 
recordings12. This inaccuracy can cause errors in the assessment of 

myocardial oxygen requirement13 and ventricular load and hyper-
trophy14, as well as disparities in the actions of different vasodilator 
agents15. Therefore, treatment decisions for cardiovascular diseases 
should be based on CBP rather than PBP waveforms16.

The gold standard for recording CBP waveforms in the carotid 
artery and jugular venous sites—cardiac catheterization (also 
known as cannulation)—involves implanting a fibre-based pres-
sure sensor into the relevant vasculature17 (Supplementary Note 1). 
Despite its high accuracy, it causes patient suffering and increases 
the risk of infection, and thus is too invasive for routine inspec-
tions1. Although there are several non-invasive methods, includ-
ing the optical method (photoplethysmography (PPG) or volume 
clamp)18, tonometry4,19 and ultrasound wall-tracking, that can 
potentially monitor the CBP waveform, they suffer from a number 
of technical challenges. Specifically, PPG has insufficient penetra-
tion depth (<​8 mm) for measuring the central vasculature, which 
is often embedded in a tissue thickness of more than 3 cm (ref. 20). 
Other technical problems for PPG can be summarized as signal 
aliasing from venous and arterial pulsations21, susceptibility to heat 
and moisture22, and a high dependence on the blood composition 
being constant23. Tonometry involves using strain sensors to detect 
vessel pulsation. This method relies on the efficiency of blood vessel 
flattening by the tonometer, so is only recommended for PBP mea-
surements where a supporting bony structure is available that can 
provide a solid mechanical support24. For this reason, its accuracy is 
largely degraded when measuring central vasculatures with no prox-
imal supporting skeleton. This method is also adversely affected if 
the subject is obese, as this greatly dampens pulse wave propagation  
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to the skin (Supplementary Notes 2 and 3 and Supplementary  
Figs. 1 and 2). The ultrasound wall-tracking technique, which has 
high penetrating capability, utilizes a high-speed imaging probe 
to track the pulsation of vasculature embedded in deep tissues25. 
However, the imaging probe is highly sensitive to motion artefacts, 
which adds significant burden to its associated wall-tracking rec-
ognition algorithm (Supplementary Note 4 and Supplementary  
Fig. 3). Additionally, current ultrasound imaging probes are heavy 
and bulky, and to achieve a reliable acoustic coupling interface the 
probe must be held stable by the operator. This introduces inevitable 
compression to local vasculatures, changing their distension behav-
iour and leading to inaccurate recordings (Supplementary Fig. 4). 
Therefore, this method is not suitable for long-term monitoring.

Wearable devices with mechanical properties similar to the skin 
offer the capability for non-invasive, continuous monitoring of a 
variety of vital signs26, including local field potentials27, tempera-
ture28, sweat content29,30 and skin hydration31. However, their appli-
cations have typically been limited to recording signals on the skin 
or in the shallow tissue under the epidermis. Here, we introduce 
an approach that allows the ultrasonic technology to be integrated 
in a wearable format. The ultrasonic waves can effectively pen-
etrate human tissues up to a depth of 4 cm, which opens up a third 
dimension to the sensing range of current state-of-the-art wearable 
electronics. With similar mechanical properties to the skin and an 
ultrathin profile, the wearable ultrasonic device can ensure a con-
formal intimate contact with the curvilinear and time-dynamic skin 
surface, and continuously monitor the CBP of deep vasculatures 
without the operational difficulties or instabilities encountered by 
the other conventional approaches. This non-invasive, continuous 
and accurate monitoring of deep biological tissues/organs opens up 
opportunities for diagnosing and predicting a broad range of car-
diovascular diseases in a wearable format.

Results
Device design and working principle. The device hybridizes high-
performance rigid 1–3 piezoelectric composites with soft struc-
tural components (Fig. 1a and Supplementary Figs. 5 and 6). The 
anisotropic 1–3 composite possesses better acoustic coupling with 
the soft biological tissue than isotropic piezoelectric materials. By 
combining geometrical and electrical designs, our device can reach 
an ultrathin thickness of 240 μ​m, three orders of magnitude thinner 
than existing medical ultrasonic probes (Supplementary Note 5). 
The elastic and failure strain levels are up to 30% and 60%, respec-
tively (Supplementary Figs. 7 and 8). The 1–3 piezoelectric compos-
ite with a thickness of 200 μ​m has a working frequency of 7.5 MHz 
(Supplementary Fig. 9), which enables a 400 μ​m axial resolution 
(see Methods and Supplementary Fig. 10) that is comparable with 
available medical ultrasonic probes at the same working frequency. 
The 1–3 composite has piezoelectric microrods embedded in a peri-
odic configuration in a passive epoxy matrix, which substantially 
increases the longitudinal coupling coefficient k33 by suppressing 
shear vibrating modes. The rigid piezoelectric transducer element 
has a 0.9 ×​ 0.9 mm2 footprint to allow sufficient penetration depth 
into the tissue, while adding minimal mechanical loading to human 
skin (Fig. 1b).

Bilayer stacking of polyimide (PI, 4 μ​m)/Cu (20 μ​m) (Fig. 1a, top 
left) was used to fabricate stretchable electrodes to interconnect a 
4 ×​ 5 array of transducers in the device (for the detailed fabrication 
process see Methods). The transducers can be individually addressed 
by 20 stimulating electrodes on the top and a common ground at the 
bottom. The array design aims to map the vessels’ positions, thus 
enabling sensing and monitoring by a transducer overlying the tar-
geted vessel, without tedious manual positioning (Supplementary 
Note 6 and Supplementary Fig. 11). The top simulating electrodes 
and the bottom ground are routed to the same plane by a vertical 
interconnect access (VIA) for optimized mechanical robustness 

and ease of electrical bonding (Fig. 1a, Supplementary Fig. 12 and 
Supplementary Note 7).

The working principle is illustrated in Fig. 1a bottom. Technically, 
the device can continuously record the diameter of a pulsating blood 
vessel, which can be translated into localized BP waveforms32. The 
BP waveform can be calculated as
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where pd is the diastolic pressure, which is acquired on the brachial 
artery using a BP cuff, Ad is the diastolic arterial cross-section, and 
α is the vessel rigidity coefficient. Assuming that the artery is rota-
tionally symmetrical, A(t) can be calculated as
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4
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where d(t) is the diameter waveform of the target artery. The 
detailed working principle, resolution, calibration and validation 
of our device are described in the Methods and Supplementary 
Notes 8 and 9. When the device is softly laminated on the skin 
(Supplementary Fig. 13), each transducer can be individually acti-
vated and controlled with a power consumption of 23.6 mW. When 
the ultrasonic wave reaches interfaces, both transmission and reflec-
tion occur. The transmission wave with reduced intensity allows 
penetration into deeper layers of tissues. The reflection wave, which 
carries critical location information about the interfaces (for exam-
ple, the anterior and posterior walls), can be sensed by the same 
transducer33. The vessel diameter measurement results were vali-
dated by clinical ultrasonography (with excellent correspondence, 
99.7%; Supplementary Fig. 14). At a high pulse repetitive frequency 
(2,000 Hz), time of flight (TOF) signals corresponding to the pulsat-
ing anterior and posterior walls can be accurately recorded by an 
oscilloscope with 2 GHz sampling frequency, which will appear as 
separate and shifting peaks in the amplitude mode (Fig. 1a, right 
bottom). The device can capture the pulsating blood vessel diam-
eter dynamically with high spatial (axial resolution of 0.77 μ​m) and 
temporal (500 μ​s) resolution.

The entire device is encapsulated by a silicone elastomer with 
modulus on par with that of human skin. The elastomer is only 15 μ​m  
thick to provide a trade-off between mechanical robustness and 
sufficient acoustic emission performance (Supplementary Fig. 15 
and Supplementary Note 5). The hydrophobic nature of the silicone 
elastomer provides a barrier to moisture, which protects the device 
from possible sweat corrosion (Fig. 1b). Owing to its soft mechan-
ics, the as-fabricated ultrasound patch allows conformation to both 
developable (Fig. 1b, left) and non-developable (Fig. 1b, middle) 
surfaces. The device is also robust and can endure twisting and 
stretching (Fig. 1b, right), showing its high potential for skin inte-
gration applications.

Device characterization. The piezoelectric transducer converts 
electrical potential between the top and bottom electrodes to 
mechanical vibrations, and vice versa. The efficiency of this process 
is exhibited by the measured impedance and phase angle spectra 
in Fig. 2a, which show excellent piezoelectricity with a measured 
k33 value of 0.81, much higher than that of bulk PZT (~0.58)33 due 
to its anisotropic high-aspect-ratio rod configuration (compared 
with isotropic bulk PZT34). The transducer performance was evalu-
ated on the wrist ulnar artery of a healthy male. The echo signal is 
shown in Fig. 2b, where the TOF of the two peaks corresponds to 
the positions of the anterior and posterior walls of the ulnar artery, 
respectively. Signal analysis in the time and frequency domains of 
the posterior wall is presented in Fig. 2c, which shows that the mate-
rial has a central frequency of 7.5 MHz and has good sensitivity of 
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32% at −​6 dB bandwidth (see Methods), with a peak to peak voltage 
of ~100 mV. Prediction of the beam pattern (Matlab R2016b, TAC_
GUI toolbox) of our stretchable ultrasonic device is shown in Fig. 2d. 
The results show that, in the longitudinal direction, the conformal 
probe has excellent beam directivity and sufficient penetration for 
deep tissue detection, reaching a penetration depth of up to 40 mm 
(with a piezoelectric transducer size of 0.9 ×​ 0.9 mm2). The larger the 
piezoelectric material size, the deeper the ultrasonic wave can pen-
etrate (Supplementary Fig. 16). The 1–3 composite has low acoustic 
impedance (15.3 MRayl), which provides excellent acoustic coupling 
with the human skin. Additionally, the bottom circular electrode 
diameter is designed to be 0.6 mm to balance practical bonding 
robustness and impedance matching (Supplementary Fig. 17).

The elastomeric matrix with iterative stretchable circuit designs 
and ultrathin encapsulation assemblies provides exceptionally 
conformal contacts to the human skin under various deforma-
tion modes (Supplementary Fig. 18). The device can be reversibly 
stretched up to 30% in the x direction and 25% in the y direc-
tion. The maximum stretchability can reach up to 60% in the x 

direction and 50% in the y direction (Fig. 2e). These mechanical 
characteristics enable robust and seamless contact with the skin 
(Supplementary Note 10), given the fact that the human skin typi-
cally exhibits a linear elastic response to tensile strain of <​20%  
(ref. 35). The electrical performance of the device remains stable 
under stretching and in a moist environment (Supplementary  
Fig. 19). Cell viability testing under controlled ultrasound intensity 
is shown in Fig. 2f and Supplementary Fig. 20. The fibroblast cells 
(HFF-1) were cultured under ultrasonic wave emission from our 
conformal probe with a 100% survival rate after 16 h of continu-
ous exposure, showing the excellent biocompatibility of our device  
(for detailed cell information see Methods).

Performance validation. A conformal and intimate contact between 
the device and the human skin is paramount for robust performance 
of the device. Figure 3a presents continuous measurements on the 
radial artery using our device and a commercial tonometer (the 
non-invasive gold standard for BP waveform measurements) with 
the wrist bent to different angles. In this scenario the tonometer  
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needs to be held tightly by the operator to remain stable on the 
wrist, resulting in great pressure (~100 Pa) on the skin, which 
causes severe irritation (Fig. 3b) and also significant waveform 
distortion and erroneous readings (Fig. 3c). However, our device 
self-adheres to the skin and applies minimal pressure (~5 Pa) due 
to its ultralight weight (0.15 g) and skin-like modulus. This enables 
the device to not only monitor over long periods without any dis-
comfort, but also allows relatively stable and continuous record-
ing, even during motion. Correlation curves of the two devices are 
shown in Fig. 3d. Most importantly, our device has smaller relative  

measurement uncertainty (1%), higher measurement precision 
(within 2 mmHg) and higher accuracy (grade A) than the commercial 
equipment (Supplementary Note 11, Methods and Supplementary 
Figs. 21 and 22). Furthermore, the tonometer is highly operator-
dependent, which is reflected by the fact that a tiny offset from the 
central arterial axis or moderate holding forces of the tonometer 
probe will introduce tremendous recording error into the BP wave-
form (Supplementary Figs. 23 and 24). Our conformal ultrasonic 
array with its ultralight weight and vessel positioning capability thus 
exhibits substantial advantages over applanation tonometry.
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More interestingly, the conformal ultrasound probe enables a 
gel-free working mode. Traditional ultrasonic transducers rely on 
ultrasound gel to eliminate interfacial air gaps between the probe 
and the skin to achieve good acoustic coupling. The gel is unpleas-
antly cold and has to be reapplied frequently to prevent it from dry-
ing out. In this device, we add a thin layer of silicone as the acoustic 
coupling layer. The silicone is sticky and has an ultralow modulus 
(~5 kPa) to ensure intimate contact with the skin without applying 
any gel. The quality of the acquired signals and waveforms is com-
parable to those acquired with the gel (Supplementary Fig. 25 and 
Methods). Moisture and human sweat, which significantly influ-
ence PPG measurements, do not affect the performance of the con-
formal ultrasound device (Supplementary Fig. 26). The design leads 
to a device with remarkable durability, allowing highly reproducible 
testing results after four weeks (Supplementary Fig. 27).

Dynamic haemodynamics monitoring. Owing to its excellent 
mechanical compliance and light weight, our device can maintain 

intimate and stable contact with the human skin, both mechani-
cally and acoustically, in different body postures with pure van 
der Waals force (Supplementary Fig. 28). During exercise, muscles 
require increased delivery of nutrients and oxygen, and so the car-
diac output increases to meet the need36. On the one hand, the ves-
sels dilate to increase delivery, so vascular resistance and reflection 
are reduced. On the other hand, the heart rate and systolic strength 
increase to boost the cardiac output. Heart rates measured on the 
radial artery during resting (~75 min−1) and immediately after 
exercise (~112 min−1) are shown in Fig. 3e. The BP waveform has a 
higher systolic peak due to the stronger ventricular systole required 
to obtain more substantial cardiac output37. The averaged waveform 
morphology changes before and after intense exercise are presented 
in Fig. 3f (normalized to the same systolic and diastolic pressure 
values), which show a steep drop of the systolic peak after physi-
cal training due to the vasodilation-induced vascular resistance 
decrease. It is worth noting that we need to calibrate our device 
before and after any exercise that will significantly change the  
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diastolic pressure. However, we can observe the vessel dilation and 
vascular resistance decrease by comparing the normalized wave-
forms, regardless of the absolute BP values.

CBP recording. From a pathophysiological perspective, the CBP 
waveform is a crucial, and the most direct, predictor of main car-
diovascular events5. Monitoring such events in a continuous and 
long-term manner can lead to remarkable advancements in car-
diovascular disease diagnosis and prevention6, which are yet to be 
realized with existing medical tools (Supplementary Note 12). We 
demonstrate highly accurate direct measurements of central vas-
culature pulsating behaviour in deep tissues, including the carotid 
artery and internal and external jugular veins. Schematic illustra-
tions of the measurement configuration are provided in Fig. 3g. The 
carotid artery (CA, ~25 mm under the skin, with slight individual 
variations38, near the central aorta) carries a significant amount of 
blood from the left ventricle (LV) and left atrium (LA) to the rest of 
the body. A typical period of the carotid artery BP waveform mea-
sured by our device shows a clear systolic peak and a dicrotic notch 
(Fig. 3h). The former indicates ventricular systole and the latter 
suggests closure of the aortic valve. A detailed CBP measurement 
calibration is provided in Supplementary Note 9. The correspond-
ing validation using a commercial tonometer exhibits remarkable 
correspondence (Supplementary Fig. 29). The blood flow sequence 
in the central cardiovascular system and direct relationship between 
the central vessels and heart are shown in Supplementary Fig. 30. A 
detailed clinical interpretation of arterial BP waveforms is illustrated 
in Supplementary Fig. 31 and discussed in Supplementary Note 13.

The internal jugular vein, carrying venous blood to the right 
atrium and right ventricle and finally to the lung, reflects the right 
heart activity. A typical jugular venous pressure waveform, mea-
sured by our device, is shown in Fig. 3i. The normalized pres-
sure waveform was obtained by the volume assessment method39. 
Associated algorithms and equations for this method are discussed 
in detail in Supplementary Note 9. The jugular venous waveform 

comprises three characteristic peaks—A (atrial contraction), C (tri-
cuspid bulging, ventricular contraction) and V (systolic filling of 
the atrium)—and two descents—X (atrial relaxation) and Y (early 
ventricular filling). These components correspond to various events 
during each cardiac cycle. The jugular venous waveform measured 
by a clinical colour Doppler imaging machine on the same subject 
is presented in Supplementary Fig. 32, and shows the correspond-
ing A, C and V peaks and X and Y descents. The jugular venous 
distension (JVD), seen as a vessel bulging on the neck created by 
deep exhalation of the subject (Supplementary Fig. 33), can predict 
right-side heart failure40. More detailed discussions are provided in 
Supplementary Note 13.

BP waveform monitoring from central to peripheral. Owing to 
the amplification effect—namely progressive vascular resistance, 
stiffness and impedance mismatch between central and periph-
eral vessels—the arterial pressure waveform varies from central to 
peripheral6. Although the diastolic and mean arterial pressures are 
relatively constant, systolic pressure can be up to 40 mmHg higher 
in the peripheral than the central artery41. This amplification effect 
on various parts of the body contains abundant information related 
to age, gender, height, heart rate and systematic diseases affecting 
the vasculature42. These data, if carefully collected, can be critical 
for improving the efficacy of diagnosis and prognosis of cardiovas-
cular diseases43. However, in current clinical settings, such valuable 
data and signals can only be obtained by a professional clinician in a 
quite infrequent manner. The challenges for existing approaches are 
discussed in Supplementary Note 12.

Our device allows observation of this intriguing phenomenon. 
The amplification effect will increase as we move from the large and 
highly elastic central arteries (for example, the carotid) to the small 
and stiff peripheral arteries (for example, the radial and dorsalis 
pedis) (Fig. 4, first row, and Supplementary Fig. 34). This phenom-
enon is due to backward propagation of pulse waves generated at 
arterioles. At central sites, the reflected pulses need to travel a long 
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distance, so they add to the CBP waveform in a misaligned manner. 
At peripheral sites, however, they travel a much shorter distance, 
so instantly contribute to the peripheral BP waveform in a way that 
is time-aligned. Therefore, the more peripheral the artery is, the 
higher the amplification/augmentation will be (Fig. 4, second row). 
To validate this amplification effect, we used a commercial tonom-
eter to test the same subject. Remarkably corresponding results are 
shown in the third row of Fig. 4. An exciting feature contributed by 
this direct diameter measurement approach is that it allows obser-
vation of this amplification phenomenon and derivation of accu-
rate pulse pressure values from multiple body parts simultaneously 
from diastolic pressure at only the brachial site, with no site mis-
match (Supplementary Note 14 and Supplementary Fig. 35). The 
upstroke gradient increases as a result of the pressure amplification 
(Supplementary Fig. 36 and Supplementary Note 15).

Another notable feature of the BP waveforms is the progres-
sive time interval between the systolic peak and the dicrotic notch, 
which is illustrated by the grey areas in Fig. 4. When the pressure 
wave travels down from the central arteries, its magnitude increases 
due to impedance mismatches encountered on the way, creating a 
reflected wave that travels back to the heart during late systole and 
early diastole. This reflection wave takes a longer time to travel from 
a location that is more distant from the heart, and thus contributes 
to an increase in the time interval between the systolic peak and the 

dicrotic notch (grey areas in the waveforms in Fig. 4, third row)44. 
The capability of capturing those systemic variations demonstrates 
the device’s potential for accurate clinically relevant diagnosis.

Electrocardiogram correlation for arterial stiffness calculation. 
The characteristics of arterial pulse propagation have a strong rela-
tionship with vascular stiffness, which is one of the key determi-
nants of cardiovascular risks45. Among the vascular parameters, 
pulse wave velocity (PWV) is the most accessible and reliable way 
to evaluate arterial stiffness (Supplementary Note 16) and can be 
calculated as46

= DPWV
PAT

(3)

where D is the distance between the electrocardiogram (ECG) sen-
sor and the ultrasonic sensor. Schematics of the measurements are 
presented in Fig. 5a, which shows simultaneous measurements of the 
ECG and pulse arrival times (PATs) at three different sites—brachial, 
radial and dorsalis pedis. Figure 5b–d presents the ECG correlation 
results for case 1 (brachial artery, Fig. 5b), case 2 (radial artery; Fig. 5c)  
and case 3 (pedal artery, Fig. 5d), where the ECG is measured on 
the chest for all cases (Supplementary Fig. 37). As seen in Fig. 5b-d, 
the PWV in case 1 is 5.4 m s−1 (D =​ 54 cm, time difference =​ 100 ms), 
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in case 2 it is 5.8 m s−1 (D =​ 104 cm, time difference =​ 180 ms) and 
in case 3 it is 5.3 m s−1 (D =​ 159 cm, time difference =​ 300 ms). 
The PWV measurements are highly reproducible (Supplementary  
Fig. 38) and were validated by the commercial equipment, as shown 
in Fig. 5e and Supplementary Fig. 39 (for detailed testing conditions 
and measurement methods see Methods).

Discussion
We have demonstrated a new class of conformal and stretchable 
ultrasonic devices that offer non-invasive, accurate and continuous 
monitoring of vital signs from well below the human skin, adding 
a new dimension to the sensing range of conventional stretchable 
electronics. This device exploits strategic material integration and 
advanced microfabrication techniques to achieve both state-of-
the-art functions and suitable mechanical compliance that allows 
intimate coupling with the human skin. This device can be used to 
capture a series of key features in the central blood vessels with reli-
able performance, and has strong clinical implications.

Device performance and functionality could be improved. The 
measurement of absolute blood pressure using PAT is feasible by 
ECG correlation, bypassing the need for recalibration with the BP 
cuff (Supplementary Note 16). Furthermore, ultrasonic imaging on 
the human body could provide accurate quantification for the ves-
sel cross-sectional area to calculate the BP waveform, which is par-
ticularly valuable for CVP measurements on the irregularly shaped 
jugular veins. Additionally, integrating post-end functions such as 
electronic control, signal processing, waveform pattern recognition, 
wireless communications and power sources in a stretchable and 
lightweight format would significantly enhance device wearability. 
To reduce the system-level power consumption, a lower-sampling-
rate analog-to-digital converter could be used to decrease the power 
budget of data transmission. A phased-array control algorithm 
could also be implemented to allow focusing and steering of the 
ultrasonic beam inside the human body.

Methods
Fabrication of the stretchable ultrasonic device. The fabrication can be summarized 
into three parts: (1) stretchable circuit patterning; (2) transfer printing; (3) soft 
elastomeric packaging (Supplementary Fig. 40). First, a Cu foil (20 μ​m thick, 
MicroThin) was spin-coated with PI from poly(pyromellitic-dianhydride-co-4, 
4′​-oxydianiline)-amic acid solution. This process was performed at 4,000 r.p.m. for 
60 s. The foil was soft baked on a hotplate at 110 °C for 3 min and 150 °C for 1 min, 
and then cured in a nitrogen oven at 300 °C for 1 h. A glass slide coated with a layer 
of polydimethylsiloxane (PDMS, Sylgard 184 silicone elastomer, 20:1) served as the 
substrate to laminate the Cu foil with the PI layer in contact with the PDMS. UV 
ozone surface activation for 3 min was used to increase the bonding between the PI 
and PDMS. A laser ablation system (Supplementary Fig. 41; 0.342 mJ power, 900 kHz 
pulse repetition frequency, 300 mm s−1 laser cutting speed and 241 ns pulse width) was 
then utilized to create the circuit pattern with the highest resolution (Supplementary 
Fig. 42). Using water-soluble tape (Aquasol), the circuit was transferred onto a 
15-μ​m-thick Eco-flex (0030, Smooth-On) substrate spin-coated on a poly(methyl 
methacrylate)-decorated glass slide (Supplementary Fig. 43). After removing the 
water-soluble tape, the circuit surface was cleaned using flux to remove surface 
oxidation (Supplementary Fig. 44) created during the laser ablation process to increase 
the welding strength. Welding to the top and bottom electrodes was achieved with 
solder paste at 150 °C for 5 min. The device was encapsulated with Eco-flex. Curing 
was performed at room temperature for 2 h, and the glass slides were then peeled off. 
Finally, spin-coating an additional layer of Silbione on the Ecoflex substrate facilitated 
removal of the interfacial gaps and thus the necessity for the gel during testing.

Poling of the 1–3 composite. Poling the 1–3 composite (Smart Material Corp.) 
increased its piezoelectric coefficient and the electromechanical coupling factor of 
the composite47. Poling involved using an electric field to align the dipoles of the 
piezoelectric materials, which enhanced the piezoelectricity and performance of 
the device48. The polarizing hysteresis loop (Supplementary Fig. 45) was measured 
in silicone oil. Poling of the device was implemented at 1.2 kV cm−1 (d.c.) for 
15 min. An excessive poling electric field caused breakdown of the piezoelectric 
materials, thus reducing the signal strength (Supplementary Fig. 46).

Measurement and data analysis of the BP waveforms. The BP waveform 
measurement was carried out on a healthy male aged 22 years, under the approval 
by the Institutional Review Board (IRB) of the University of California, San 

Diego (IRB no. 170812). Written informed consent was obtained from all human 
subjects. All measurements were carried out on the same subject when sitting. The 
measurement set-up is illustrated in Supplementary Fig. 47. A layer of Silbione was 
applied to the bottom of the device surface to enable gel-free measurements. Signal 
analysis was based on the TOF, which was a gauge of the time interval between the 
signal peak and zero time point. The TOF was used to calculate the propagation 
distance by multiplying by the speed of ultrasound in the specimen. The device was 
activated by an ultrasonic pulser (Olympus 5077 PR) at 100 V, using the transmit/
receive mode. The pulse repetitive frequency was 2,000 Hz. The echo signal was 
received by an oscilloscope (Picoscope 6404) with a temporal resolution of 500 μ​s,  
which allowed precise vessel wall-tracking (Supplementary Note 8). Discussions 
of the measurement principle, resolutions, uncertainty, accuracy and precision are 
provided in Supplementary Notes 8 and 11 and Supplementary Figs. 22 and 48–50. 
The circuit enabling simultaneous measurement of pulse pressure on various sites 
is described in Supplementary Note 14 and Supplementary Fig. 51. A clinical 
colour Doppler machine (Mindray DC 7) was used to confirm the characteristic 
peaks in the venous waveform. The BP waveform measurement results were 
validated by a SphygmoCor EM3 tonometer.

ECG correlation. The ECG correlation to the BP waveforms at different locations 
was assessed on the same subject (when sitting), consecutively, with a 2 min 
interval, to guarantee the subject had a relatively constant BP value and arterial 
stiffness. The longest duration of skin integration on the same skin region was 
~2 h. No allergic reactions, redness or damage to the skin was observed in any 
of our studies. The diastolic pressure was calibrated using a commercial BP cuff 
(Smart Logic Technology, 6016) before each monitoring period. The tested subject 
maintained a stable physiological and psychological status to guarantee stable levels 
of BP and vasculature stiffness. A detailed discussion of PAT, pulse transit time 
(PTT) and PWV is provided in Supplementary Fig. 52 and Supplementary Note 16.

Transducer selection, bandwidth and resolution characterization. We chose 
piezoelectric ultrasound transducers (PUTs) instead of capacitive micromachined 
ultrasound transducers (cMUTs) or piezoelectric micromachined ultrasound 
transducers (pMUTs), because of the low cost and ease of fabrication of PUTs. 
More detailed considerations are presented in Supplementary Note 5 and 
Supplementary Fig. 53. The transducer bandwidth (32%) was calculated by 
dividing the frequency range (2.4 MHz) by the central frequency (7.5 MHz). 
The axial resolution characterization exploited a thin metal wire suspended at 
the centre of a beaker filled with water. A 1 ×​ 10 linear array of transducers was 
fabricated and attached to the beaker wall parallel to the ground. All signals from 
the ten transducer elements were acquired and combined with one transducer as 
the transmitter and the other as the receiver (for example, 1T2R, 1T3R…​ 1T10R; 
2T1R, 2T3R…​ 2T10R;…​ ; 10T1R, 10T2R…​ 10T9R). A total of 90 signals were 
used with the delay-and-sum algorithm to reconstruct the image (Supplementary 
Fig. 10c). The obtained image had low-level side lobes resulting from the 
reconstruction algorithm and the limited number of elements used for imaging.

Cell viability assay under ultrasound exposure. The HFF-1 cells were 
purchased from American Type Culture Collection (ATCC) and cultured in 
Dulbecco’s modified Eagle’s medium (DMEM, Gibco) supplemented with 10% 
fetal bovine serum (FBS, Gibco) and 1% penicillin/streptomycin (Gibco) at 
37 °C and 5% CO2. The HFF-1 cells were subcultured and seeded into a 24-well 
plate at a density of 1 ×​ 104 ml−1 and incubated for another 24 h. No antibodies 
were used in the experiment. An ultrasound beam at a frequency of 7.5 MHz 
was applied to the bottom of the culture plate. After 2, 6 and 16 h of ultrasound 
exposure, the cells were stained with calcein AM (Invitrogen, 3M, excitation/
emission =​ 488 nm/525 nm) and propidium iodide (Invitrogen, 3M, excitation/
emission =​ 530 nm/620 nm) for 15 min, and then imaged under fluorescence 
microscopy (EVOS, Thermofisher Scientifics). For the positive control group, the 
cells were treated with 75% ethanol for 10 min.

Reporting Summary. Further information on research design is available in the 
Nature Research Reporting Summary linked to this article.

Data availability
The main data supporting the findings of this study are available within the Article 
and its Supplementary Information. The raw data generated in this study are 
available from the corresponding author upon reasonable request.
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    Experimental design
1.   Sample size

Describe how sample size was determined. The blood-pressure-waveform sampling was taken on the same subject at different body 
parts (three measurements for each). Owing to the high reproducibility of the measurements, 
the chosen sampling size was determined to be sufficient.

2.   Data exclusions

Describe any data exclusions. No data were excluded from the analyses.

3.   Replication

Describe the measures taken to verify the reproducibility 
of the experimental findings.

The blood-pressure waveform was taken on the same subject (with stable 
physiological condition). All the sampling positions were measured in 4 discrete periods of 
time. All the measurement were taken within the same 2 weeks. The high similarity of the 
results showed good reproducibility of the blood-pressure-waveform acquisition. All attempts 
at replication were successful. 
 
The ECG correlation was taken on the same subject (with stable physiological 
condition). Measurements were carried out in 3 discrete periods of time. All attempts at 
replication were successful.

4.   Randomization

Describe how samples/organisms/participants were 
allocated into experimental groups.

The device type was tested in the same participant. Randomization was therefore not 
relevant to the study.

5.   Blinding

Describe whether the investigators were blinded to 
group allocation during data collection and/or analysis.

Not relevant, because a blinding process wouldn't influence the sampling result.

Note: all in vivo studies must report how sample size was determined and whether blinding and randomization were used.
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6.   Statistical parameters 
For all figures and tables that use statistical methods, confirm that the following items are present in relevant figure legends (or in the 
Methods section if additional space is needed). 

n/a Confirmed

The exact sample size (n) for each experimental group/condition, given as a discrete number and unit of measurement (animals, litters, cultures, etc.)

A description of how samples were collected, noting whether measurements were taken from distinct samples or whether the same 
sample was measured repeatedly

A statement indicating how many times each experiment was replicated

The statistical test(s) used and whether they are one- or two-sided 
Only common tests should be described solely by name; describe more complex techniques in the Methods section.

A description of any assumptions or corrections, such as an adjustment for multiple comparisons

Test values indicating whether an effect is present 
Provide confidence intervals or give results of significance tests (e.g. P values) as exact values whenever appropriate and with effect sizes noted.

A clear description of statistics including central tendency (e.g. median, mean) and variation (e.g. standard deviation, interquartile range)

Clearly defined error bars in all relevant figure captions (with explicit mention of central tendency and variation)

See the web collection on statistics for biologists for further resources and guidance.

   Software
Policy information about availability of computer code

7. Software

Describe the software used to analyze the data in this 
study. 

Origin 2018. Matlab 2016b.

For manuscripts utilizing custom algorithms or software that are central to the paper but not yet described in the published literature, software must be made 
available to editors and reviewers upon request. We strongly encourage code deposition in a community repository (e.g. GitHub). Nature Methods guidance for 
providing algorithms and software for publication provides further information on this topic.

   Materials and reagents
Policy information about availability of materials

8.   Materials availability

Indicate whether there are restrictions on availability of 
unique materials or if these materials are only available 
for distribution by a third party.

No unique materials were used.

9.   Antibodies

Describe the antibodies used and how they were validated 
for use in the system under study (i.e. assay and species).

No antibodies were used.

10. Eukaryotic cell lines
a.  State the source of each eukaryotic cell line used. The HFF-1 cell line was purchased from ATCC.

b.  Describe the method of cell line authentication used. The human skin fibroblast cells HFF-1 were first purchased from American Type Culture 
Collection (ATCC) (product number is ATCC SCRC-1041) and cultured in Dulbecco's Modified 
Eagle's Medium (DMEM, Gibco) supplemented with 10% fetal bovine serum (FBS, Gibco) and 
1% penicillin/streptomycin (Gibco) under 37 °C within 5% CO2.

c.  Report whether the cell lines were tested for 
mycoplasma contamination.

The cell lines were not tested for mycoplasma contamination.

d.  If any of the cell lines used are listed in the database 
of commonly misidentified cell lines maintained by 
ICLAC, provide a scientific rationale for their use.

No commonly misidentified cell lines were used.
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    Animals and human research participants
Policy information about studies involving animals; when reporting animal research, follow the ARRIVE guidelines

11. Description of research animals
Provide all relevant details on animals and/or 
animal-derived materials used in the study.

No animals were used.

Policy information about studies involving human research participants

12. Description of human research participants
Describe the covariate-relevant population 
characteristics of the human research participants.

The human participant was a healthy male of age 22, with no cardiovascular abnormalities



Articles
https://doi.org/10.1038/s41551-018-0287-x

Monitoring of the central blood pressure 
waveform via a conformal ultrasonic device
Chonghe Wang   1,10, Xiaoshi Li2,10, Hongjie Hu2,10, Lin Zhang1, Zhenlong Huang   1, Muyang Lin1,3, 
Zhuorui Zhang1, Zhenan Yin4, Brady Huang5, Hua Gong1, Shubha Bhaskaran4, Yue Gu   2, 
Mitsutoshi Makihata6, Yuxuan Guo1, Yusheng Lei1, Yimu Chen1, Chunfeng Wang1,7, Yang Li1, 
Tianjiao Zhang1, Zeyu Chen8, Albert P. Pisano6, Liangfang Zhang   1, Qifa Zhou8 and Sheng Xu   1,2,4,9*

1Department of Nanoengineering, University of California San Diego, La Jolla, CA, USA. 2Materials Science and Engineering Program, University of 
California San Diego, La Jolla, CA, USA. 3School of Precision Instrument and Optoelectronic Engineering, Tianjin University, Tianjin, China. 4Department 
of Electrical and Computer Engineering, University of California San Diego, La Jolla, CA, USA. 5Department of Radiology, School of Medicine, University of 
California San Diego, La Jolla, CA, USA. 6Department of Mechanical and Aerospace Engineering, University of California San Diego, La Jolla, CA, USA.  
7The Key Laboratory of Materials Processing and Mold of Ministry of Education, School of Materials Science and Engineering, School of Physics & 
Engineering, Zhengzhou University, Zhengzhou, Henan, China. 8Department of Ophthalmology and Biomedical Engineering, Viterbi School of Engineering, 
University of Southern California, Los Angeles, CA, USA. 9Department of Bioengineering, University of California San Diego, La Jolla, CA, USA.  
10These authors contributed equally: Chonghe Wang, Xiaoshi Li, Hongjie Hu. *e-mail: shengxu@ucsd.edu

SUPPLEMENTARY INFORMATION

In the format provided by the authors and unedited.

Nature Biomedical Engineering | www.nature.com/natbiomedeng

http://orcid.org/0000-0002-1083-2666
http://orcid.org/0000-0002-3410-1411
http://orcid.org/0000-0003-0437-5339
http://orcid.org/0000-0003-0637-0654
http://orcid.org/0000-0002-3120-4992
mailto:shengxu@ucsd.edu
http://www.nature.com/natbiomedeng


 
 

1 
 

 

Table of Contents 

Supplementary Notes .............................................................................................. 5 

Supplementary note 1: Comparison to the catheter. ...................................................... 5 

Supplementary note 2: Comparison to the commercial PPG. ......................................... 6 

Supplementary note 3: Comparison to the commercial tonometer. ................................ 8 

Supplementary note 4: Comparison to the ultrasound wall tracking. ............................ 10 

Supplementary note 5: Device design strategy. ........................................................... 11 

Supplementary note 6: Vessel position alignment and blood vessel mapping. ............. 15 

Supplementary note 7: VIA design and electrical connection. ...................................... 16 

Supplementary note 8: Measurement principle and resolution. .................................... 17 

Supplementary note 9: BP waveform calibration and validation. .................................. 19 

Supplementary note 10: Strain on the skin. .................................................................. 22 

Supplementary note 11: Measurement uncertainty, accuracy, and precision. .............. 23 

Supplementary note 12: Challenges of current approaches for BP waveform monitoring.

 .................................................................................................................................... 27 

Supplementary note 13: Clinical significance of BP waveform. .................................... 29 

Supplementary note 14: Simultaneous measurement of pulse pressure. ..................... 33 

Supplementary note 15: Medical value to measure the progressive change of BP 

waveforms. .................................................................................................................. 34 

Supplementary note 16: Pulse arrival time, pulse transit time and pulse wave velocity. 35 

Supplementary Figures ......................................................................................... 36 

Supplementary Fig. 1. Comparison of BP measurement using different approaches in 

different situations. ....................................................................................................... 36 

Supplementary Fig. 2. The anatomic structure of BP waveform testing spots. ............. 37 

Supplementary Fig. 3. The effect of tiny operator movement on the image reconstruction 

quality using an ultrasound imaging probe ................................................................... 38 

Supplementary Fig. 4. Vessel compression from holding the rigid ultrasound probe .... 39 

Supplementary Fig. 5. Comparison of the probe structure between the rigid and 

conformal ultrasonic devices. ....................................................................................... 40 

Supplementary Fig. 6. Device schematics and design layout. ...................................... 41 

Supplementary Fig. 7. Photographs of the uniaxial tensile test. ................................... 42 

Supplementary Fig. 8. Photographs of the bi-axial tensile test. .................................... 43 

Supplementary Fig. 9. Spatial pulse length of reflected signals. ................................... 44 



 
 

2 
 

Supplementary Fig. 10. Axial resolution characterization of the stretchable ultrasonic 

device. ......................................................................................................................... 45 

Supplementary Fig. 11. Transducer array and vessel line mapping. ............................ 46 

Supplementary Fig. 12. Double-layered electrode with a vertical interconnect access 

(VIA) under tensile strain. ............................................................................................. 46 

Supplementary Fig. 13. Photographs of the process of using the conformal device. .... 47 

Supplementary Fig. 14. Diameter measurement validation using the commercial 

ultrasonographic probe. ............................................................................................... 49 

Supplementary Fig. 15. The damping effect of the Ecoflex. ......................................... 50 

Supplementary Fig. 16. Acoustic field simulation for 1-3 piezoelectric composites with 

different sizes ............................................................................................................... 51 

Supplementary Fig. 17. Acoustic emission performance comparison of devices with 

different diameters of the circular bottom electrode. ..................................................... 52 

Supplementary Fig. 18. Photographs of the device integrated on the skin, demonstrating 

its outstanding mechanical compliance. ....................................................................... 53 

Supplementary Fig. 19. Electrical performance of the device under various levels of 

tensile strain and moisture conditions at room temperature. ........................................ 54 

Supplementary Fig. 20. Cell viability assay. ................................................................. 55 

Supplementary Fig. 21. Comparison of measurement uncertainty between the 

commercial tonometer (SphygmoCor EM3®) and our ultrasonic device. ....................... 56 

Supplementary Fig. 22. The measured BP waveform using our device and its 

uncertainty range. ........................................................................................................ 57 

Supplementary Fig. 23. Operator dependency of the commercial applanation tonometry 

system (SphygmoCor EM3®) measuring the radial artery (peripheral).......................... 58 

Supplementary Fig. 24. Operator dependency of the gold standard applanation 

tonometry system (SphygmoCor EM3®) measuring the carotid artery (central). ........... 59 

Supplementary Fig. 25. Comparison of the device acoustic emission performance with 

and without ultrasonic gel. ............................................................................................ 60 

Supplementary Fig. 26. Signal qualities of the conformal ultrasound device with different 

coupling agents. ........................................................................................................... 61 

Supplementary Fig. 27. Reusability test of the device .................................................. 62 

Supplementary Fig. 28. Conformability and self-adhesion of the device on the neck 

under different postures ............................................................................................... 63 

Supplementary Fig. 29. CBP measurement results and their validation. ...................... 64 



 
 

3 
 

Supplementary Fig. 30. The anatomical structure of the human heart and associated 

blood flow sequence. ................................................................................................... 65 

Supplementary Fig. 31. BP waveform illustration. ........................................................ 66 

Supplementary Fig. 32. A Doppler ultrasound image of an internal jugular vein and its 

associated Doppler waveform. ..................................................................................... 67 

Supplementary Fig. 33. JVD monitoring by the conformal ultrasound device. .............. 68 

Supplementary Fig. 34. Grayscale images of blood vessels from central to peripheral 

measured by Doppler ultrasound. ................................................................................ 69 

Supplementary Fig. 35. Measurement validation using a commercial equipment of pulse 

pressure amplification from the central artery (CA) to the peripheral arteries (BA, RA, 

and PA).. ...................................................................................................................... 70 

Supplementary Fig. 36. Comparison of the upstroke gradient from the central to 

peripheral arteries. ....................................................................................................... 71 

Supplementary Fig. 37. Testing conditions for ECG correlation. .................................. 72 

Supplementary Fig. 38. Testing robustness of the ECG correlation. ............................ 73 

Supplementary Fig. 39. The commercial CBP monitoring tonometer: SphygmoCor EM3® 

(AtCor Medical, Sydney, Australia) with ECG patchs for PWV measurements ............. 74 

Supplementary Fig. 40. Stretchable ultrasound device fabrication flow chart. .............. 75 

Supplementary Fig. 41. Photographs of Cu patterns processed under different levels of 

laser power. ................................................................................................................. 76 

Supplementary Fig. 42. Photographs of the Cu serpentine patterns with different widths.

 .................................................................................................................................... 77 

Supplementary Fig. 43. Relationship between Ecoflex thickness and spin speed on a 

glass slide. ................................................................................................................... 78 

Supplementary Fig. 44. Photographs of the Cu pattern (a) before and (b) after surface 

oxide removal using flux. .............................................................................................. 79 

Supplementary Fig. 45. The polarization hysteresis loop, illustrating the switchable 

dipole alignment of the piezoelectric materials under an electrical field. ....................... 80 

Supplementary Fig. 46. Acoustic emission performance comparison between normal 

polarization and breakdown. ........................................................................................ 81 

Supplementary Fig. 47. The experimental setup for BP measurement. ........................ 82 

Supplementary Fig. 48. Schematic illustration of the activating and the receiving signals 

during the wall-tracking process. .................................................................................. 83 

Supplementary Fig. 49. Schematic illustration of the vessel wall-tracking system 

designed in this work. .................................................................................................. 84 



 
 

4 
 

Supplementary Fig. 50. Influence of the PRF on BP waveform morphology. ................ 85 

Supplementary Fig. 51. The circuit diagram for multi-channel sensing. ........................ 86 

Supplementary Fig. 52. Illustration of the PAT and PTT calculated from ECG and BP 

waveforms. .................................................................................................................. 87 

Supplementary Fig. 53. Schematic illustration of piezoelectric ultrasound transducers 

(PUTs) and micromachined ultrasound transducers (MUTs). ....................................... 88 

 

  



 
 

5 
 

Supplementary Notes 

Supplementary note 1: Comparison to the catheter. 

The arterial catheter, as known as cannulation, is the most accurate method for measuring 
CBP, which is needed for all-cause cardiovascular mortality prediction. This method requires 
the injection of the pressure sensor into the arterial line and directly record the intravascular 
pressure. However, this technique is too invasive, and patients may easily get infections 
during and after testing. Therefore, arterial catheterization is not suitable for frequent and 
routine CBP measurements. 
 
The conformal ultrasound device in this work can provide a penetration depth of 4 cm, which 
is sufficient for CBP monitoring continuously and non-invasively. 
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Supplementary note 2: Comparison to the commercial PPG. 

PPG is an optically obtained plethysmography method to measure the volume changing of 
an organ (e.g., the artery or vein). The change in volume caused by the pressure pulse is 
detected by illuminating the skin through LED light and then measuring the light either 
transmitted or reflected to a photodiode. However, there are four significant disadvantages of 
the PPG, which are summarized as follows. 

 
First, the most significant challenge is that the LED has relatively limited light penetration 
depth (~8 mm). Thus, PPG is only useful for superficial arteries, e.g., radial arteries (even 
with challenges) and peripheral arterioles in fingers and ear lobes1. However, pulsation from 
brachial and carotid arteries cannot be obtained by PPG. What’s more, for obese subjects, 
the fat layer in their tissue will be much thicker than normal people, and their arteries may be 
embedded very deep. As illustrated in Supplementary Fig. 1, the light cannot reach the 
target artery due to the absorption by the fat layer above. The same circumstance occurs 
when we measure the central arteries. For example, the carotid artery is embedded in a 
depth of around 3 cm, which is beyond the penetration depth of PPG. Therefore, this device 
is only suitable for limited measuring spots.  

 
The conformal ultrasound device in this work can provide a penetration depth of 4 cm. This 
penetration capability is sufficient for any of the aforementioned blood vessels such as 
radial, brachial, and carotid arteries, and the jugular vein since all those vessels locate in 
depth within 3 cm. The penetration property of our device is comparable to the existing 
clinical equipment. As Supplementary Fig. 1 illustrates, the ultrasound beam can reach and 
realize the wall-tracking function even with thick tissue on top of the vessel. Also, our device 
is not confined to measure specific peripheral arteries. Instead, all major arteries, as long as 
they are not surrounded by a substantial bony structure such as the central cerebral artery 
surround by the skull and the central aorta enclosed by the sternum, can all be monitored by 
our conformal device. 

 
Second, PPG can't extract accurate BP waveforms from arteries adjacent to veins. Because 
when the measurement is implemented in those arteries, the volumetric circulatory change 
in the artery will easily interfere with that in the vein2. The PPG will sense both the arterial 
and venous pulses at the same time due to the non-directional characteristics of the light. 
Human anatomical structures around the testing spot of radial (Supplementary Fig. 2a), 
brachial (Supplementary Fig. 2b), and carotid (Supplementary Fig. 2c) show veins are 
incredibly close to the target arteries. For example, Supplementary Fig. 2a shows the radial 
testing spot, where the radial artery and radial vein are very close to each other. The 
brachial artery testing spot, as illustrated in Supplementary Fig. 2b, are overlapping with the 
brachial vein. This trend is the same when performing the test on the carotid artery. In which, 
the internal jugular vein overlays on the carotid artery (Supplementary Fig. 2c). Those 
anatomic configurations will significantly limit the application of PPG. Therefore, PPG has to 
work based on a weak assumption that the pulsatile component in the signals reflects solely 
the arterial blood volume changes2. As a result, PPG can only perform rough measurements 
when the surrounding vasculature and anatomy are complicated. 
 
Ultrasound is well-known for its high beam directivity. Our device can generate a highly 
directional ultrasound beam, with a thin beam width of 1 mm, which is smaller than the size 
of those aforementioned arteries/veins. Therefore, our device can selectively penetrate the 
target vessel without interfering with the adjacent ones. In the scenario when artery and vein 
are overlapping with each other at a certain point (e.g., Supplementary Fig. 2b at the 
brachial measurement site), the ultrasound beam will penetrate the artery and vein 
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simultaneously. The device can differentiate the arterial and the venous signals. Each 
transducer in the densely distributed stretchable array can be individually addressed. The 
most suitable measuring point by can be located by actuating the transducer one by one and 
calculate the vessel distension quantity. This mapping function will guarantee only the target 
vessel is exposed to the ultrasound beam and avoid measuring any spots where the target 
vessels overlap together. The demonstration of blood vessel differentiation is illustrated in 
Supplementary Fig. 11. The element with optimal position will have the largest vessel 
distension quantity. The deep-tissue penetration capability of the ultrasound enables our 
device to locate and track vessels buried underneath the skin with a depth up to 4 cm. 
 
Third, PPG has been reported of practical disadvantages that measurement should be 
conducted in an environment with constant ambient temperature and humidity3 since PPG is 
sensitive to heat and moisture4. Unfortunately, human epidermis on the finger is ever-
changing brought by thermoregulation5 and sweat6. Those two factors will both contribute to 
the complexity of the measurement, especially when the subjects have some diseases. For 
instance, Primary Raynaud's Phenomenon will lead to a substantial seasonal thermal 
difference on the skin7. A heart attack will cause the patient to sweat severely8, thus bringing 
artifacts and incorrect results. 

 
In our case, none of those factors will introduce any influence to the performance of 
conformal ultrasound devices. To be more specific, our conformal ultrasound probe is not 
susceptible to skin hydration because the material for electronic encapsulation, Silicone, is 
hydrophobic. All piezoelectric elements are protected in a moisture-free environment. 
Interestingly, a moderate quantity of water/sweat outside the epidermis will improve the 
acoustic coupling by eliminating the small air bubbles at the device/skin interface. The 
measurement result using conformal ultrasound device under skin moisture is shown in 
Supplementary Fig. 26. With comparable SNR to the acoustic coupling condition provided by 
the ultrasound gel, our method can do the measurement with the moisture. Additionally, our 
device will not be influenced by human skin temperature either. As long as the temperature 
is below 80 degrees Celsius, the 1-3 composite material will maintain its stable sensitivity 
even during long-term high-temperature (<80 degrees Celsius) exposure. 
 
Finally, PPG is based on the weak assumption that the blood has a constant light 
absorptivity, which highly relies on the blood composition9, especially the substances (e.g., 
the hemoglobin) having high absorptivity at near infrared10. Otherwise, the volume flow rate 
measured by the plethysmographic method is not reliable. Counterexamples include after an 
IV injection and undergoing a large hemodynamic fluctuation such as severe edema and 
blood clot11. Those conditions will significantly reduce the ratio of the hemoglobin in the 
blood, and cause incorrect measurements. 
 
In our cases, accurate wall-tracking does not depend on the blood composition or the 
hemoglobin concentration. Therefore, our device is not susceptible to those uncontrollable 
conditions. 
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Supplementary note 3: Comparison to the commercial tonometer. 

The tonometry obtains the BP waveform using a pressure sensor that senses the arterial 
pulse, i.e., the mechanical vibration propagated from the vessel to the epidermis. The 
pulsating behavior of the blood vessel can be recorded and translated to BP waveforms. 
This technique is highly operator-dependent, creating significant challenges for a normal 
individual to use. Two aspects are discussed here to reflect the operator-dependency: 

 
First, tiny offset from the central arterial axis will introduce significant distortion to the 
waveform acquisition. The standard and correct measurements are performed in 
Supplementary Fig. 24a. The distorted measurement results using the tonometer with a tiny 
offset from the carotid are shown in Supplementary Fig. 24b. 
 
Our ultrasound device design is based on an array of transducers, which possesses the 
capability to locate the best spot for BP waveform recording. Each transducer is addressed 
individually first to record the signal for post-processing and analysis. After comparing the 20 
translated waveforms obtained, the correct waveform can be defined as the one best related 
to the waveform obtained by the commercial gold standard, indicating the appropriate 
measurement spot. In this way, we can acquire the BP waveform using that particular 
transducer to ensure there is no offset from the sensor to the target artery. This process can 
eliminate the requirement of finding the correct position by the operator. The blood vessel 
positioning data is demonstrated in Supplementary Fig. 11. 
 
Second, excess holding forces on the tonometer probe will introduce tremendous recording 
error of the BP waveform due to the closure of the artery, as shown in Supplementary Fig. 
24c. Also, due to the large holding pressure of the probe to the skin, long-term recording by 
the tonometer will cause skin irritation to the subject. After conducting standard 
measurement by the tonometer for 10 minutes, severe indentation is observed at the skin 
surface as shown in Fig. 3b. 
 
With only 150 mg in weight, 240 μm in thickness, and similar elastic modulus to the skin, the 
conformal device is mechanically invisible to the testing subject. It will induce negligible 
pressure (3.68 Pa) to the skin surface. Comparing to the tonometer, by which the operator 
usually exerts 9×104~1.1×105 Pa to the human skin, this method leads to four orders of 
magnitude lower in mechanical loading. It can therefore perform reliable measurements for 
long term without any skin irritation. 
 
Third, accurate BP measurement using tonometer requires tests conducted at spots close to 
a supporting bony structure. At these spots, tonometer can sense the pulsating signal by 
efficiently flattening the artery12. The requirement is easily met when conducting BP 
measurement at peripheral arteries. For example, the radial artery is supported by the 
radius. The brachial artery is supported by the humerus. However, when one moves from 
the peripheral sites to the central artery sites, collecting accurate and reliable BP waveforms 
is challenging since there is no proximal bony structure as shown in Supplementary Fig. 1. 
Also, as shown by the anatomical structure in Supplementary Fig. 2, arteries are usually 
close to the veins at all measurement spots. Therefore, the mixed pulsation of arteries and 
veins will distort the captured waveform even though the venous pulsation is much weaker 
than the arterial pulse. The mixture of the arterial and venous pulses will cause distortions in 
the waveform recording13.  
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The ultrasonic device does not need any supporting structure to pick up the vessel pulsation, 
by actively sending and receiving acoustic waves that allow capturing the dynamic diameter 
change of the vessels. 
 
Finally, BP measurements by the tonometer are accurate only under the circumstances with 
stable contact between the probe and the skin of the subject. In standard measurements, 
this requirement can be easily met. However, if the subject undergoes a tremble or a posture 
change, the recording will be interrupted due to the poor skin contact.  
 
The unique advantage brought by the stretchable device is that its similar mechanical 
properties to the human skin can ensure conformal and stable contact to the skin, by van der 
Waals forces alone. This feature can significantly minimize the clinician dependency. Even 
during slight motion, our device can stay on the skin with intimate interfacial contact and thus 
can reduce the motion artifacts. We measured the same site under wrist movement by our 
conformal device and the commercial tonometer. The testing subject underwent an 
intentional tremble and changed the wrist angle from 0° to 15° and 30°. Continuous 
measurement results and the associated correlation curve show our device could maintain 
relatively more stable measurements. 
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Supplementary note 4: Comparison to the ultrasound wall tracking. 

The ultrasound wall tracking requires using ultrasound B mode scanning to locate and track 
the blood vessel pulsatile behavior during cardiac cycles, in which, blood vessel diameter 
waveforms will be recorded and translated to BP waveforms using the translational algorithm 
as detailed in the Supplementary note 8. However, the wall-tracking method using 
conventional ultrasound probes has several drawbacks. 
 
First, the image quality is easily degraded due to the poor contact between the skin and the 
rigid and bulky ultrasound probe. Conventional ultrasound probes for B mode imaging are 
usually thicker than 10 cm. To conduct accurate measurements, the clinician should hold the 
probe stably and guarantee a good contact between the probe and skin. Thus, this method 
is highly operator dependent and very sensitive to non-standard operations. For example, as 
illustrated in Supplementary Fig. 3, the reconstructed image will be significantly blurred by 
tiny motions from the operator. The top picture shows a standard image scanning. The 
bottom picture is acquired with tiny movements of the operator. This blurry image will 
introduce inaccuracy in the computerized wall-tracking algorithm. 
 
With conformal contact with the human skin, our device can self-adhere to the skin and do 
the measurement without any manual holding. Therefore, no shaking, vibration or other 
motion artifacts will be introduced by the operator. 
 
Secondly, although the operator has a standardized operation during measurement. There is 
still high chance for the vessel to be compressed slightly, as illustrated in Supplementary 
Fig. 4. It is challenging for the clinician to hold the probe steady with moderate force. As a 
consequence, compressive interruption to the vessel is inevitable. If this happens, the 
pulsatile behavior and local hemodynamics will be changed, introducing erroneous 
recording. 
 
With only 150 mg in weight, our device has only 3.68 Pa pressure to the skin. This level of 
stress is comparable to that a piece of printing paper exerted to the table, which is nearly 
mechanically invisible to human tissue. With this unique strength, our device can perform 
accurate and reliable measurement without changing the natural behavior of the blood 
vessel distension. 
 
Through this device design, it is possible to achieve ultrasonography for imaging and BP 
measurements and with reduced operator-dependency. One potential technical problem is to 
incorporate transducers with an ultra-small footprint and a high resonance frequency. 
Imaging ultrasonography typically requires a resonant frequency of 15 MHz or higher, 
resulting in much smaller footprint and pitch of the transducer. And, to avoid side lobes, the 
transmitting apertures and pitches need to be decreased to near half of the wavelength. 
Integrating these small transducers into stretchable devices by the “island-bridge” layout 
requires advanced microfabrication techniques, which will be systematically studied in our 
future work. 
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Supplementary note 5: Device design strategy. 

5.1 Choice of the transducer. 
 
The piezoelectric ultrasound transducers (PUTs) is adopted in this work as the basic 
functional unit. All of the components in PUTs are illustrated in Supplementary Fig. 53. The 
PUTs can generate ultrasound waves by extensional vibrations of the piezoelectric material. 
The frequency of the transducer is decided by the thickness of the piezoelectric material. 
Thinner material gives higher frequency. The performance, e.g., transmission, sensitivity, 
and bandwidth, can be tuned by the matching and backing layers14. The acoustic impedance 
can be tuned by different types of piezoelectric materials14. However, PUTs has significant 
challenges for high-frequency transducer array applications. To be more specific, high 
frequency phased array imaging (over 50 MHz) requires ultrathin piezoelectric layer (below 
20 μm). Additionally, the pitch of the transducer must be smaller than 0.6 λ, requiring the 
footprint to be below 18 μm15. Both the thickness and the footprint are challenging for PUTs 
fabrication15. Take the matching layer for example. In high-frequency applications, the 
corresponding matching layer below ¼ λ in thickness becomes too thin to be practically 
handled using existing dicing and cabling technologies16. 
 
The micromachined ultrasound transducers (MUTs) has special and unique strengths to 
solve the challenges for the high frequency phased array system17-19. The MUTs are 
investigated for miniaturized transducers that can overcome the frequency-thickness 
dependency by designing its structural layout. The MUTs can be designed for different 
frequencies and performances by controlling its element width and layer structure20. 
Specifically, with proper selection of the radius of the diaphragm with tailored effective 
mechanical stiffness, its bandwidth, sensitivity, and acoustic impedance can be tuned16. This 
leads to better design flexibility regardless of any thickness restrictions of the piezoelectric 
layer. Various types of fabrication methods have been reported to achieve this small footprint 
(10~750 μm), which can be suitable for the frequency range of 1~100 MHz21.  
 
The micromachined ultrasound transducers (MUTs) family includes piezoelectric 
micromachined ultrasound transducers (pMUTs) and capacitive micromachined ultrasound 
transducers (cMUTs). Both of those two MUTs are based on flexural deflection but on 
different working principle. A cMUT element is, in essence, a miniaturized capacitor that 
consists of a thin metalized suspended membrane, e.g., silicon nitride (SixNy), over a cavity 
with a rigid metalized substrate, e.g., silicon (Si), as shown in Supplementary Fig. 53b. When 
a voltage is applied between the two electrodes, the membrane will be deflected. This 
deflection results from the attraction toward the substrate by the electrostatic forces. The 
mechanical restoring force by the stiffness of the membrane resists the attraction22. 
Consequently, ultrasound can be generated from the oscillations of the membrane with an 
AC voltage input. It is reported that cMUTs have been demonstrated to produce high 
bandwidths (up to 175%) and electromechanical coupling coefficients (~0.85) and output 
acoustic pressure exceeding conventional transducers16,17,19. However, in practice, this high 
performance can only be achieved when a large bias near the so-called collapse voltage is 
applied, which increases the risk of failure of the device. This disadvantage can, to some 
extent, limit performance in biomedical applications. Although new driving methods have 
been demonstrated, the problem still remains23. 
 
The pMUTs consist of an ultrathin PZT layer for piezo-actuation, employing the piezoelectric 
effect to drive the membranes in flexure. They consist of multilayered membranes and one 
layer of which is an active piezoelectric film. When excited electrically, the piezoelectric layer 
strains and generates the necessary deflection of the composite membrane. Unlike the 
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cMUTs, pMUTs do not require a large voltage bias and have fewer geometric and design 
constraints, facilitating integration with low voltage electronics15. Furthermore, pMUTs also 
offer several other advantages over cMUTs. Those advantages can be traced to their higher 
capacitance and lower electrical impedance. These increase the transducer sensitivity by 
decreasing the effects of parasitic capacitance while enabling the use of low voltage 
electronics24.  
 
Although MUTs family offers many unique advantages, e.g., the tunability of many 
characteristics and miniaturization for high-frequency applications. The disadvantages can 
be summarized as the requirement of complex design and fabrication process, the 
manufacturing of high-performance piezoelectric thin films (usually within several μm) for 
high frequency, and the lack of efficient modeling tools for accurate prediction of the target 
performances23,24. Additionally, complicated microfabrication steps and equipment are 
needed to achieve high-performance MUTs16. The ultrasound performance can be 
influenced by many factors such as the shape, dimensions, boundary conditions, intrinsic 
stress, and mechanical stiffness of working element layers on the wafer25.  
 
Considering the ultrasound wall-tracking application of this work, we only need transducer 
frequency range between 5~10 MHz. This frequency range does not require an ultrathin 
thickness of the piezoelectric material. Moreover, the arrays do not need ultrafine footprint 
and pitch because no phased array is needed for this task. Therefore, we decide to fabricate 
PUTs as the functioning unit, without complex etching, sputter, or photolithography. The 
dicing used in this study is simpler, more economical, and without involving chemical 
pollution. 
 
There are a few studies that demonstrate flexible ultrasound transducer arrays based on 
cMUTs or pMUTs26-31. However, they have several problems, which greatly limit their 
applications as discussed below. 
 
Technically, to acquire reliable physiological signal measurement on the highly curvilinear, 
time-dynamic, and non-developable skin surfaces, stretchability is required to allow 
seamless integration at the device/skin interface32. Specifically, the device should possess 
30% stretchability and similar modulus to the skin58. However, the existing devices based on 
pMUTs or cMUTs are only flexible but not stretchable27,30,33,34. Although various techniques 
have been provided to fabricate those transducer arrays to solve this problem, the bio-
integrated measurements have rarely been reported. The root cause of this problem is two-
fold. Firstly, most of the existing devices have poor interconnect design in the transducer 
array, which significantly deteriorates the mechanical property27. The device has a high risk 
of rupture during mechanical deformation30. Secondly, the poor encapsulation design makes 
the device relatively rigid27. Polyimide and PDMS are often adopted as the substrate in those 
devices, which have not only limited stretchability but also larger modulus than the human 
skin that can’t guarantee conformal contact during the measurement32. The weak contact at 
the device/skin interface will introduce significant noise due to the inevitable air gaps. Lots of 
ultrasound gel that can quickly dry out would be needed during the measurement, thus 
limiting their wearability.  
 
In this work, we used the island-bridge strategy to transform the conventional ultrasound 
probe into this stretchable, ultrathin, and conformal format. The “island-bridge” structure 
helps the device to achieve not only flexible but also stretchable configurations 
(Supplementary Figs. 7 and 8). The soft device can adhere intimately and seamlessly to the 
human skin with high curvatures (Supplementary Fig. 18), which is impossible for other 
types of ultrasound devices, including cMUT and pMUT transducer arrays. Also, the number, 
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size, thickness, and pitch of the elements can be adjusted according to the different 
requirements and applications without complex design and fabrication as in the case of 
cMUT or pMUT. The island pitch and element footprint design in our case are fully optimized 
for vessel localization, which is demonstrated as Supplementary Fig. 11. This function is 
unique in the sense that it allows clinician-independent measurements. Additionally, we use 
Eco-flex as the encapsulating material whose modulus is similar to human skin and 
possesses excellent stretchability. Also, Silbione substrate is coated at the bottom of the 
device to remove the influence of the air gaps thoroughly, allowing gel-free measurements 
(Supplementary Fig. 26). 
 
In all, based on the properties above and comparison with the prior arts, our device is among 
the best prototypes of soft ultrasonic probes demonstrated. Those excellent properties can 
open up a variety of wearable biomedical applications. 
 
5.2 Structure design of device: performance. 
 
To characterize the performance of a transducer for diagnosis use, two parameters are 
usually critical: spatial pulse length (SPL) and sensitivity. As Supplementary Fig. 26 
illustrated, our device usually can achieve an SNR over 15 dB. So the sensitivity is 
adequate. The relation between SPL and device structure design is discussed as follows. 
 
The backing layer can be used to damp out the ringing effect by absorbing part of the energy 
from the vibration of the back surface to improve the performance of a piezoelectric 
transducer. To be more specific, this component can give smaller SPL thus achieving better 
resolution4. Therefore, the backing layer is critical in imaging applications. However, in our 
case, we do not track the vessel by ultrasonography. Instead, we track the movement of the 
vessel using amplitude mode signal by addressing a single transducer element that directly 
overlies on the artery. The tracking strategy and algorithm are discussed in details in 
Supplementary note 8. Via this strategy, we can achieve the wall-tracking with a spatial 
resolution of 0.77 μm and a temporal resolution of 500 μs during vessel pulsation. Moreover, 
it is worth noting both 0.77 μm and 500 μs resolution is for movement tracking functionality. 
To guarantee the accurate calibration process as mentioned in Supplementary note 9, the 
absolute diameter measurement should be accurate as well.  
 
Therefore, we perform a validation between our device and the commercial ultrasonography 
by measuring the systolic diameter on the same subject and at the same position. The 
amplitude mode signal from measuring the systolic diameter of brachial artery appears in 
Supplementary Fig. 14a. We can measure the diameter of the artery by extracting the time 
of flight between the highest point of the echo peaks from the anterior and posterior walls 
(after filtration). The measurement result we achieve is 3.23 mm. And the measurement 
result of commercial ultrasonography indicates the diameter is 3.24 mm, as shown in 
Supplementary Fig. 14b. We can realize a 99.7% correlation between those two methods, as 
shown by the inset in Supplementary Fig. 14b. Therefore, our approach doesn’t rely on the 
narrow spatial pulse length because it is not required to perform ultrasound imaging. 
 
However, if the backing layer is needed to achieve efficient suppressing of long spatial pulse 
length, the thickness of the backing layer is often over 7 ~ 8 times thicker than the 
piezoelectric transducer35. In our case, it will significantly increase the thickness of our 
device (reach 2 mm) and largely compromise the device conformability. This trend can be 
explained by the theory of material mechanics. The flexural rigidity is proportional to the third 
power of the material thickness. And, it has been demonstrated that when the device 
thickness is over 1.5 mm, it will be no longer conformal to the human skin32,36. After 
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balancing the performance and wearability, in this study, we chose to design the device in an 
ultrathin format by removing the bulky backing layer. Future integration with the backing 
layer can be readily achievable when there is a strong need. 
 
5.3 Structure design of device: durability. 
 
For the durability of our device, the most critical aspect relies on the encapsulation. Thicker 
substrate gives higher device resilience. To be more specific, the thin bottom silicone layer 
serves as the protection of the functioning unit, i.e., the piezoelectric 1-3 composite. The 
hydrophobic and insulative nature of this silicone material can guarantee excellent 
piezoelectricity and performance of the transducer. Otherwise, the piezoelectric material 
would degrade when exposed to moisture/water. Electrical leakage would happen when the 
substrate is damaged thus limiting its performance. Meanwhile, if the substrate is too thick, 
the ultrasound will be significantly dampened because of the strong damping/attenuation 
effect of the silicone, as demonstrated in Supplementary Fig. 15. However, too thin substrate 
will compromise the robustness of the device. The trade-off is 15 μm thick, which can 
guarantee both ultrasound energy transmission and mechanical property. Our device can 
reach ~4 cm penetration, which is suitable for central vascular detection, as demonstrated in 
Figure 3 (carotid artery and jugular vein are embedded 3 cm under the skin). Also, our 
device can withstand 60% of strain in x-direction (Figure 2, and Supplementary Figs 7 and 
8), and long-term monitoring with high reproducibility (Supplementary Fig. 27). Due to the 
lightweight and compliance characteristics brought by the soft electronic encapsulation, our 
device owns the unique advantage in resilience over traditional ultrasound probes. The 
conventional ultrasound probes are easy to crack if mishandled, which leads to short service 
cycle and high cost to repair. Our device is highly elastic and resilient, which is robust even 
under accidental mechanical crushing. Moreover, our conformal probe could be disposable 
since the conformal probe is assembled using the low-cost materials.  
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Supplementary note 6: Vessel position alignment and blood vessel mapping. 

The alignment of the vessel can be done by the following procedures: Firstly, we activate 
and receive every transducer individually, 20 in total, and then collect the echo signals. After 
that, comparison is made to check the correspondence of peak positions with accurate 
measurement on the same artery region. The transducers on the arterial line with the best 
position will give the waveform with the best quality. We can justify the waveform quality by 
comparing the obtained waveform with the best waveform from the subject (which has been 
validated by commercial tonometer), also known as the similarity between the obtained 
waveform and accurate waveform. In this way, we can find the transducer that is in the 
optimized location (Supplementary Fig. 11). Therefore, later we can conduct reliable vessel 
diameter measurement using the particular transducer with the best pinpointing position. 
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Supplementary note 7: VIA design and electrical connection. 

To optimize the circuitry design and minimize the electrical bonding difficulties, a vertical 
interconnect access (VIA) structure is designed (Fig. 1a) to route the bottom common 
ground to a unified region for ACF cable bonding. With this VIA, the ground line can be 
incorporated into the plane of the top electrode. The VIA is made of silver epoxy. This 
structure can guarantee the device has good connectivity and stretchability.  
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Supplementary note 8: Measurement principle and resolution. 

The process of capturing excellent BP waveform relies on the temporal and spatial 
resolutions. The definition and our technical parameters adopted in this work are discussed 
as follows. 
 
For temporal resolution, we perform the ultrasound wall-tracking by launching ultrasound 
waves in a high pulse repetitive frequency (PRF), which determines the temporal resolution. 
In each pulse cycle, the transducer is activated by a high-frequency alternating current (7.5 
MHz in this study) to generate the ultrasound waves. PRF determines how many pulse 
cycles there are in one second. For example, when the PRF is 2000 Hz, the transducer can 
launch 2000 ultrasound pulses penetrating into the tissue within one second (Supplementary 
Fig. 48a).  
 
After the ultrasound waves encounter various biological interfaces (e.g., the blood 
vessel/lumen interface), some parts will be reflected, other parts will transmit through the 
interfaces. The ratio between the reflection and transmission depends on the acoustic 
impedance difference between the two layers of tissues at the interface. The reflections can 
be detected by the same transducer. Given the acoustic velocity in the tissue, the echo 
signal (i.e., time of flight) contains information about the locations of the biological interfaces.  
 
With a PRF of 2000 Hz, we can receive 2000 signals containing the displacement 
information of the tissue interfaces in one second (Supplementary Fig. 48b). Given high 
spatial resolution to distinguish the tiny arterial wall movement, we can acquire around 2000 
sampling points in one waveform (assuming the cardiac cycle is close to 1 second). In this 
process, several typical signals appear in Supplementary Fig. 48c. We can clearly trace the 
movement of the peaks in the signal. In practical measurements, 2000 data points are 
sufficient to acquire a detailed BP waveform. In reality, 1000 Hz PRF (1 ms temporal 
resolution) has been shown to record the waveforms with high resolution37-39. In our 
experiment, 2000 Hz PRF (0.5 ms temporal resolution) is sufficient to realize the wall-
tracking functionality, as seen from the waveform in Supplementary Fig. 50. 
 
To further verify the sufficiency of the 2000 Hz PRF, we measured the BP waveform with 
different PRF from 10 Hz to 5000 Hz (Supplementary Fig. 50a). When the PRF is too low, 
e.g., 10 Hz and 20 Hz, the waveform will be rugged and miss some detailed morphologies, 
e.g., the systolic peak and dicrotic notch. As the PRF goes higher, more detailed and 
smoother waveform will be acquired. When the PRF is higher than 100 Hz, the waveform 
captures almost every detail.  
 
Supplementary Fig. 50b shows the Pearson correlation coefficient between the signal with 
5000 Hz PRF and signals with other PRF values. When the PRF is larger than 100 Hz, the 
Pearson correlation coefficient is very close to 1 (>0.9999) which means the similarity of two 
signals is more than 99.99%, and this number also meet the requirement of uncertainty. 
Thus, when the PRF is larger than 100 Hz, the waveform derived remains almost the same 
shape. Therefore, the 2000 Hz PRF used in this work is sufficient to capture the detailed 
morphologies of the waveform. 
 
The spatial pulse length (SPL) characterization in Supplementary Fig. 10 is the standard 
parameter to reveal how close the adjacent interfaces can be differentiated. The transducer 
in this study has an SPL of around 400 μm, which is sufficient to distinguish the anterior and 
posterior walls of the blood vessels typically used in BP measurements. However, SPL 
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cannot represent the real spatial resolution of a wall-tracking functionality. The spatial 
resolution in our case is described in details as follows.  
 
The point we selected to represent the position of the arterial wall is the peak of the echo 
signals, as shown in Supplementary Fig. 49a and 49b. Then we used the peak-tracing 
method to record the infinitesimal wall movement. As long as the movement of this discrete 
point can be recognized, the record is effective. The sampling rate pertains to how close the 
oscilloscope in the experiment can differentiate two points in the temporal space. The tracing 
of vessel walls relies on the differentiation of two adjacent discrete data points. A higher 
sampling rate leads to a smaller distance that can be differentiated, resulting in higher spatial 
resolution.  
 
The sampling rate we adopted in the experiment is 2 GHz, so the sampling period is 0.5 ns. 
By timing the ultrasound speed 1540 m/s in the tissue, the effective resolution to trace the 
wall position is 0.77 μm. In other words, we can recognize 2 discrete points at a 
displacement of 0.77 μm (Supplementary Fig. 49c). This is sufficient for dividing the 
distension waveform in one cycle into at least 300 divisions for movement recognition. The 
sampling of the blood vessel diameter waveform is illustrated in Supplementary Fig. 49d-f. 
The vertical grids in Supplementary Fig. 49e represent the spatial resolution. Each grid has a 
scale of 0.77 μm. The distension under the heart pulsation can reach to around 10%~15% of 
the vessel diameter. Taking the smallest artery measured in our experiment, radial artery 
with a diameter of 3 mm, for example, the diameter distension can reach around 300 ~ 450 
μm. Therefore, we can sample 388~584 different points/grids during one cardiac cycle. The 
horizontal grids represent the temporal resolution, with each grid representing 500 μs. Thus, 
we can get 2000 data points in one second. 
 
In all, spatial resolution is determined by the sampling capability of the oscilloscope (2 GHz) 
used in the study. The temporal resolution is determined by the PRF (2000 Hz) used in the 
transmitting circuit. These two parameters selected in our experiments are both sufficient to 
capture the interesting details of the BP waveforms.  
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Supplementary note 9: BP waveform calibration and validation. 

9.1 Calibration of the arterial BP 
 
The arterial BP waveform 𝑝(𝑡) appears as follows: 

                                        

𝑝(𝑡) = 𝑝𝑑 · 𝑒
𝛼(

𝐴(𝑡)

𝐴𝑑
−1)

  (1) 
 
where 𝑝𝑑 is diastolic pressure, 𝐴𝑑 is the diastolic arterial cross-section and α is the rigidity 
coefficient. Assuming that artery is rotationally symmetrical, A(t) can be calculated as: 

                                                    

𝐴(𝑡) =
𝜋𝑑2(𝑡)

4
  (2) 

 
where 𝑑(𝑡) is the diameter waveform of the target artery.  
 
We assume the human blood vessel is elastic with negligible viscoelasticity. In other words, 
the pressure-diameter curve has a moderate hysteresis, below 0.2%40. This assumption is 
suitable for subjects with normal local vascular conditions or with slight local atherosclerosis. 
In this situation, the diameter of vessel won’t lag behind the pressure waveforms41. And the 
equation (1) can be used to reconstruct the accurate BP waveforms from the vessel 
diameter waveforms. The largest hysteresis caused by vessel atherosclerosis is within 
5.2%42. 

 
α can be calculated by equation: 
 

𝛼 =
𝐴𝑑 ln(𝑝𝑠/𝑝𝑑)

𝐴𝑠−𝐴𝑑
  (3) 

 
wherein As is the systolic arterial cross-section, ps is the systolic pressure which can be 
measured by commercial BP cuff. Using the aforementioned equation and a brief calibration 
for α and pd, the accurate pressure waveform p(t) can be achieved. It is worth noting that the 
vessel diameter measurement is critical from the equation above. The validation method on 
the diameter measurement accuracy adopted here is to compare the systolic diameter with 
that captured by the clinical ultrasonic machine at the same vascular location 
(Supplementary Fig. 14).  
 
9.2 Calibration of the CVP 
 
Central venous pressure (CVP), referring to the BP in the vena cava, is used as an essential 
clinical tool in ICU for cardiovascular status monitoring. Traditional CVP measurement in the 
ICU is based on implanting the central venous catheter. However, this method faces 
thrombo-embolic, infectious, and miscellaneous risks. Recently, techniques for ultrasound-
guided volume assessment using the jugular vein diameter measurements have been 
developed43-45. Several studies that use ultrasound-measured jugular vein parameters to 
estimate the CVP have been reported46-48. The relationship between the CVP and the cross-
sectional area (CSA) is49: 
 

𝐶𝑉𝑃 = 4.21 + 2.15 × 𝐶𝑆𝐴  (4) 
 
We assume the cross-section is rotationally symmetrical. Then the formula can be written 
as: 
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𝐶𝑉𝑃 = 4.21 + 0.54 × 𝜋𝑑2  (5) 
 
where d is the vessel diameter extracted from our ultrasound measurement. Therefore, we 
derived the normalized pressure waveform as: 
 

𝑁𝑜𝑟𝑚𝑎𝑙𝑖𝑧𝑒𝑑 𝑃𝑟𝑒𝑠𝑠𝑢𝑟𝑒(𝑡) =
4.21+0.54×𝜋𝑑(𝑡)2

4.21+0.54×𝜋𝑑𝑚𝑎𝑥
2   (6) 

 
There is a minor disadvantage with the CVP measurement method, which lies in the 
assumption of the circular vein cross-section. In most cases, the cross-sections of the vein 
are elliptical. Although this method has this minor disadvantage that can be improved by 
refining the relationship equation, the monitoring of central vein pulsatile is of high clinical 
significance. Its waveform can indicate the right heart functionality, as discussed in 
Supplementary note 13.  
 
9.3 Calibration coefficient 
 
Every waveform reported in the manuscript has been calibrated with a commercial pressure 
cuff. We need to calibrate our device only once as long as there is no significant 
physiological change or vascular reconstruction of the subject. This is because although the 
pulse pressure varies from beat to beat, the diastolic pressure maintains relatively stable 
under a constant physiological status.  
According to equations (1) and (2), the relationship between the measured signal, arterial 
diameter, and the actual value of a determined physical quantity, BP, can be expressed as 
follows: 
 

ln 𝑝(𝑡) = (ln 𝑝𝑑) ∙ 𝛼 ∙ [
𝑑2(𝑡)

𝑑2
𝐷

− 1]  (7) 

 
where 𝑑𝐷 is the minimum diameter in one cardiac cycle, corresponding to the diastolic BP. 

Here, the true value ln 𝑝(𝑡) is proportional to the signal 
𝑑2(𝑡)

𝑑2
𝐷

− 1. The calibration coefficient f 

can be defined as the ratio between these two: 
 

𝑓 =
ln 𝑝(𝑡)

𝑑2(𝑡)

𝑑2
𝐷

−1
= 𝛼 ∙ ln 𝑝𝑑  (8) 

 
The calibration coefficient 𝑓 depends on the diastolic pressure 𝑝𝑑 and the rigidity coefficient 
α. These two parameters vary on different subjects and are calibrated every time in different 
physiological states (e.g., before or after exercise). The rigidity coefficient can be calibrated 
as following: 
 

𝛼 =
𝐴𝑑ln (𝑝𝑠/𝑝𝑑)

𝐴𝑠−𝐴𝑑
  (3) 

 
where ps is the systolic pressure, and As is the systolic arterial cross-section. Through the 
arterial tree, α and pd do not change significantly50. Thus, calibration of the brachial artery 
can be used to obtain BP waveforms at different sites such as the wrist, neck, and the foot 
on the same subject. In other situations, as long as the 𝛼 and 𝑝𝑑 do not change significantly, 
the device does not need frequent re-calibration. 
 
9.4 CBP measurement validation 



 
 

21 
 

 
Commercial tonometer could provide a noninvasive assessment of both PBP and CBP 
waveforms. When combined with ECG electrodes, ECG correlation based PWV 
measurement is achievable. A SphygmoCor EM3® device shown in Supplementary Fig. 39, 
which is approved by FDA, can provide CBP waveforms and PWV measurements. With 
mature tonometer strain sensors and advanced algorithms, the commercial tonometer is the 
most widely accepted gold standard for noninvasive CBP waveform monitoring.  
 
To characterize the accuracy of CBP measurements using our ultrasound device, we 
measured carotid BP waveforms using both our conformal ultrasound sensor and the 
SphygmoCor EM3®. A healthy subject is in a static situation, and the measurements using 
both methods are conducted in close succession to avoid large physiological status changes 
of the subject. The morphology of the measured waveforms is with high fidelity 
(Supplementary Fig. 29a). The cross-correlation of the waveform in Supplementary Fig. 29b 
is 0.94. And the measured differences of systolic pressure and dicrotic notch are both within 
an acceptable range (Supplementary Fig. 29c). According to the widely accepted AAMI 
SP10 Protocol51, the standard BP monitoring device’s error tolerance is as high as 5 mmHg. 
Our measurement results of 0.05 mmHg for systolic pressure and 0.28 mmHg for dicrotic 
notch are well below this tolerance threshold. 
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Supplementary note 10: Strain on the skin. 

The skin can be approximated as a bilayer, which consists of the epidermis and dermis. This 
bilayer exhibits a linear elastic response to tensile strains <15%, which transitions to non-
linear behavior at higher strain levels. Failure occurs when skin reaches 30% strain level52. 
Our device is encapsulated by silicone and has mechanical properties well matched to the 
epidermis, giving conformal and intimate contact to the texture on the skin surface. Thus, as 
long as the skin itself has no rupture, our device with 30% elastic strain will be sufficient for 
accommodating any motion of the skin. 
  



 
 

23 
 

Supplementary note 11: Measurement uncertainty, accuracy, and precision. 

The measurement uncertainty, accuracy, and precision of our device are evaluated and 
compared with those of the non-invasive gold standard instrument (SphygmoCor EM3®), an 
FDA approved tonometer for BP waveform measurements53. The following evaluation 
demonstrates our devices’ excellent capability to measure with lower uncertainty, higher 
accuracy, and higher precision compared with the tonometer. 
 
11.1 Measurement uncertainty evaluation 
 
The relation between vessel cross-section area waveform 𝐴(𝑡) and BP waveform 𝑝(𝑡) 
appears as follows: 
 

𝑝(𝑡) = 𝑝d ∙ e
𝛼(

𝐴(𝑡)

𝐴d
−1)

  (1) 
 

𝛼 =
𝐴d∙(ln𝑝s−ln𝑝d)

𝐴s−𝐴d
  (3) 

 
where the BP waveform 𝑝(𝑡) is a function of systolic pressure 𝑝s, diastolic pressure 𝑝d, 

vessel cross-section area waveform 𝐴(𝑡), systolic cross-section area 𝐴s, and diastolic cross-
section area 𝐴d. 𝐴s and 𝐴d are defined as the maximum and minimum values of 𝐴(𝑡) in one 

cardiac cycle, respectively. 𝐴(𝑡) is calculated from the diameter waveform 𝑑(𝑡) based on the 
assumption that the blood vessel is rotationally symmetrical. Their relation is shown as 
follows: 
 

𝐴(𝑡) =
𝜋𝑑2(𝑡)

4
  (2) 

 
Overall, the relation is shown as follows:  
 

𝑝(𝑡) = 𝑝𝑑 ∙ e
𝐴𝑑∙(ln𝑝𝑠−ln 𝑝𝑑)

𝐴𝑠−𝐴𝑑
×(

𝜋𝑑2(𝑡)

4𝐴𝑑
−1)

  (9) 
 
Thus, to evaluate the measurement uncertainty of 𝑝(𝑡), individual uncertainty of each input 
variables should be evaluated. The combined measurement uncertainty of 𝑝(𝑡) is calculated 
based on the assumption that there are no correlations between each one of the input 
variables, since all of them are measured independently. 
 
11.1.1 Measurement uncertainties of 𝑝𝑠 and 𝑝𝑑 
 
The systolic pressure 𝑝𝑠 and diastolic pressure 𝑝𝑑 are measured with a commercial BP cuff 
which provides a relative uncertainty 𝑈𝑝𝑟𝑒𝑙=1%54. 

 
11.1.2 Measurement uncertainty of 𝑑(𝑡) 
 
𝑑(𝑡) is the measured vessel diameter waveform. Our ultra-thin and skin compatible 
ultrasonic device can provide a reliable measurement of the vessel diameter without 
squeezing the blood vessel as in the case of tonometer. We conducted repeated 
measurements to derive the standard deviation of the results that is defined as the A type 
uncertainty, which is more appropriate for repeated measurements than the B type 
uncertainty55. Vessel diameters corresponding to the diastolic BP (𝑑𝐷), systolic BP (𝑑𝑆), and 
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BP at the dicrotic notch (𝑑𝑁) on a radial artery of the same subject are all measured for 15 
times. The measurement results are summarized in the Table 1.  

 
Table 1. Diameter Measurement of the Radial Artery* 

NO. 𝒅𝑫/mm 𝒅𝑺/mm 𝒅𝑵/mm 
1 2.436 2.563 2.547 
2 2.436 2.562 2.547 
3 2.437 2.563 2.546 
4 2.435 2.563 2.546 
5 2.435 2.562 2.545 
6 2.436 2.563 2.547 
7 2.437 2.562 2.547 
8 2.437 2.563 2.546 
9 2.435 2.563 2.546 
10 2.435 2.562 2.546 
11 2.436 2.563 2.547 
12 2.437 2.563 2.547 
13 2.436 2.563 2.546 
14 2.435 2.563 2.546 
15 2.436 2.563 2.546 

AVERAGE 2.436 2.563 2.546 
 

*𝑑𝐷, 𝑑𝑆, and 𝑑𝑁 correspond to the radial artery diameter for diastolic BP, systolic BP, and BP 
at the dicrotic notch, respectively. All data are obtained from the same subject within the 
duration of 10 minutes so the fluctuation in physiological conditions of the subject is 
negligible. 
 
The standard deviation of the mean is defined as the following55 
 

 𝑈𝑑 = (
1

𝑛∙(𝑛−1)
∑ (𝑑𝑘 − 𝑑̅)

2𝑛
𝑘=1 )

1

2
  (10) 

 
Therefore, we can obtain: 
 

𝑈𝑑𝐷
=0.0002 mm; the relative uncertainty 𝑈𝑟𝑒𝑙𝑑𝐷

=
𝑈𝑑𝐷

𝑑𝐷̅̅ ̅̅ = 0.0082% 

 

𝑈𝑑𝑆
=0.0001 mm; the relative uncertainty 𝑈𝑟𝑒𝑙𝑑𝑆

=
𝑈𝑑𝑆

𝑑𝑆̅̅ ̅̅ = 0.0039% 

 

𝑈𝑑𝑁
=0.0002 mm; the relative uncertainty 𝑈𝑟𝑒𝑙𝑑𝑁

=
𝑈𝑑𝑁

𝑑𝑁̅̅ ̅̅ = 0.0079% 

 
The maximum relative uncertainty of these three measurements is considered to be the 
relative uncertainty of the overall vessel diameter measurement: 
 

𝑈𝑟𝑒𝑙𝑑 =
𝑈𝑑

𝑑(𝑡)
= 𝑚𝑎𝑥{𝑈𝑑𝐷

, 𝑈𝑑𝑆
, 𝑈𝑑𝑁

 } = 0.0082% 

 
11.1.3 Measurement uncertainties of 𝐴𝑠 and 𝐴𝑑 
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𝐴𝑠 and 𝐴𝑑 represent the maximum (systolic) and minimum (diastolic) vessel cross-section 
area, respectively. Based on the relation between the vessel cross-section area and vessel 
diameter, 𝐴𝑠 and 𝐴𝑑 can be calculated as: 
 

𝑈𝐴𝑠

𝐴𝑠
 = 

𝑈𝐴𝑑

𝐴𝑑
 = 

𝑑 𝐴(𝑡)

𝑑 𝑑(𝑡)
∙

𝑈𝑑

𝑑(𝑡)
 = 

2𝑈𝑑

𝑑(𝑡)
 = 0.016% 

 
The uncertainties of 𝐴𝑠 and 𝐴𝑑 are the same since they are derived using the same method. 
 
11.1.4 Combined measurement uncertainty of 𝑝(𝑡) 
 
With predefined input variables’ uncertainties and the calculating function, the measurement 
uncertainty of 𝑝(𝑡) can thus be calculated as56: 
 

𝑝𝑡(𝑝𝑠, 𝑝𝑑, 𝑑(𝑡), 𝐴𝑠, 𝐴𝑑) = 𝑝𝑑 ∙ e
𝐴𝑑∙(ln𝑃𝑠−ln 𝑝𝑑)

𝐴𝑠−𝐴𝑑
×(

𝜋×𝑑2(𝑡)

4𝐴𝑑
−1)

  (9) 
 

𝑈𝑝𝑡

2 = (
𝜕𝑝𝑡

𝜕𝑝𝑠
)

2
∙ 𝑈𝑝𝑠

2 + (
𝜕𝑝𝑡

𝜕𝑝𝑑
)

2
∙ 𝑈𝑝𝑑

2 + (
𝜕𝑝𝑡

𝜕𝑑
)

2
∙ 𝑈𝑑

2 + (
𝜕𝑝𝑡

𝜕𝐴𝑠
)

2
∙ 𝑈𝐴𝑠

2 + (
𝜕𝑝𝑡

𝜕𝐴𝑑
)

2
∙ 𝑈𝐴𝑑

2  (11) 

 
Finally, we use MATLAB® to calculate the combined uncertainty 𝑈𝑝𝑡

= 0.65 mmHg when the 

measured 𝑝(𝑡) = 90 mmHg. The relative uncertainty 𝑈𝑟𝑒𝑙𝑝𝑡
 appears as follows: 

 

𝑈𝑟𝑒𝑙𝑝𝑡
=

𝑈𝑝𝑡

𝑝𝑡
= 1.0% 

 
According to the combined relative uncertainty, we believe that the actual BP value is within 
the uncertainty line (blue dash line in Supplementary Fig. 22). In practical measurements, 
the difference between real BP value and corresponding measurement results should be 
less than 1.5 mmHg.  
 
The uncertainty curve in Supplementary Fig. 21 shows the uncertainty as a function of the 
measured BP results. The measurement uncertainty of our wearable ultrasonic bandage is 
smaller than the commercial tonometer BP device: SphygmoCor EM3®, which is an FDA 
approved BP monitoring device based on tonometry, providing a relative uncertainty of 2%57. 
 
11.2 Measurement accuracy and precision evaluation 
 
According to the widely accepted BP monitoring evaluation method AAMI SP1051, accuracy 
is determined by the mean difference between the tested device and the standard 
measurement instrument (mercury sphygmomanometer). Precision is determined by the 
standard deviation of the measured results of the tested device. We conducted tests with our 
ultrasound device on three healthy subjects. Diastolic arterial pressure (DAP), systolic 
arterial pressure (SAP), and mean arterial pressure (MAP) are measured for 20 times under 
the same physiological circumstances.  
 
The average (AVG) and standard deviation (SD) of BP values from the different subjects are 
summarized in the Table 2.  
 
The standard deviations (SDs), i.e., the measurement precisions, are within 2 mmHg. 
According to the widely accepted AAMI SP10 Protocol51, the device with a measurement 
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standard deviation lower than 8 mmHg is recommended for the clinical use. Apparently, our 
ultrasound device’s precision qualifies for the clinical use.  
 

Table 2. Average and standard deviation of the BP measurement 

 
DAP/mmHg SAP/mmHg MAP/mmHg 

AVG SD AVG SD AVG SD 

Subject 1 69.10 0.86 131.85 1.25 90.01 0.63 

Subject 2 75.98 0.89 125.04 1.59 92.33 0.85 

Subject 3 72.99 0.85 127.15 1.52 91.04 0.66 

 
The mercury sphygmomanometer is the most reliable BP measurement method, which is 
normally considered as the reference of accuracy evaluation. Standard BP values of the 
three subjects are measured by the mercury sphygmomanometer to compare with the 
results from our device (shown in the Table 3).  
 
According to the AAMI SP10 Protocol51, a clinically acceptable difference of the mean should 
be less than 5 mmHg. The measured BP values using our device are 100% within the 
tolerable accuracy range of 5 mmHg in all three subjects, which means our ultrasound 
device is adequately qualified from the accuracy aspect. In addition, according to the widely 
accepted 1993 modified BHS protocol58, the device satisfies the requirements for grade ‘A’ 
accuracy, which is designed for the highest level of clinical use. The results are also 
summarized in the Table 3.  
 

Table 3. BP measurement comparison between the conformal ultrasonic sensor and the 
mercury sphygmomanometer 

 This work Sphygmomanometer Accuracy 

Subject 1 

DAP 69.10 72 -2.9 

SAP 131.85 132 -0.15 

MAP 90.01 89 1.01 

Subject 2 

DAP 75.98 75 0.98 

SAP 125.04 124 1.04 

MAP 92.33 95 -2.67 

Subject 3 

DAP 72.99 77 -4.01 

SAP 127.15 129 -1.85 

MAP 91.04 93 -1.96 
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Supplementary note 12: Challenges of current approaches for BP waveform monitoring. 

Existing approaches for long-term BP waveform measurements have three significant 
limitations: the inaccuracy and operator dependency, the lack of a precise long-term 
monitoring modality, and the incapability of serving in a severe environment.  
 
1) Inaccuracy and operator dependency 
 
Carotid artery pressure waveform recorded by the applanation tonometry is often used as an 
alternate for the aortic pressure because of the close proximity of these arterial sites. 
However, carotid waveforms of high quality can be difficult to obtain in all individuals, 
especially in obese patients. This technique is highly operator-dependent, making it 
unreliable for self-monitoring and routine high-throughput screening of CBP in a non-
specialist setting36,37. Cannulation is the most accurate method for measuring CBP, but it is 
too invasive to allow frequent measurements, which are needed for all-cause cardiovascular 
mortality prediction. Non-invasive solutions, such as photoplethysmography, cannot 
penetrate deep enough into the tissue to consistently measure the CBP of the carotid artery. 
The operator-dependency of tonometry is demonstrated in Supplementary Fig. 24. Although 
this is the current non-invasive gold-standard technique, it is highly operator-dependent, 
creating significant challenges for accurate and reliable measurements on blood vessels that 
are deep underneath the skin. The operator-dependency is reflected by the fact that either 
tiny offset from the central arterial axis or moderate holding forces of the tonometry probe 
will introduce tremendous recording error of the BP waveforms (Supplementary Fig. 24). To 
solve those challenges, our wearable approach transforms the measuring probes into 
ultrathin, light-weight, and stretchable “skin-like” membranes that are capable of conformally 
laminating on the skin surface. Additionally, our wearable approach avoids operator-
dependency. This is because the 2-D array design of the device with small pitch between the 
transducers enables the vessel localization. As a consequence, the user can obtain signals 
with excellent quality without the need for accurate aligning to the target vasculature as in 
the case of tonometer. The related demonstration appears in Supplementary note 6 and 
Supplementary Fig. 11. 
 
2) Lack of a precise long-term monitoring modality  
 
BP waveform is one of the most dynamic vital signs corresponding directly to heart 
activities41. However, the traditional method of taking a small number of readings with the 
auscultatory technique gives only two discrete values. Therefore, all of the other information 
except the systolic pressure and diastolic pressure, is totally missing. Additionally, this 
traditional method often provides a poor estimate of risks in an individual patient for reasons 
such as the poor technique of the observer, also known as the “white-coat” effect42, resulting 
from the inherent variability of BP waveform43. Although, ambulatory monitoring based on 
the sphygmomanometer cuff has been developed to improve the estimate of the true BP. Its 
application is still restricted to a minor group of patients due to the limited sampling rate 
(once every 15 to 30 minutes), bulky size (often 10 by 8 by 3 cm3), and heavyweight (~ 2 
kg)44. Although the instrument can be taken with the subjects themselves, the method still 
causes inconvenience to their daily life. Thus, most ambulatory monitoring only records BP 
for a relatively limited time. To solve those challenges, we designed this technique that can 
provide CBP measurement and waveform monitoring precisely to every heartbeat in a 
lightweight and mechanically invisible manner. Ecologically, this offers the availability of a 
comfortable, non-invasive BP monitoring device that can shift the public perception of the 
concept of the BP (i.e., from “discrete” to “continuous”). And, it raises patient awareness. 
Additionally, it can be translated into more effective preventive care and a significant 
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reduction in associated mortality and healthcare costs. Finally, our conformal probe is low-
cost and could be disposable. The conformal probe is assembled using the low-cost 
materials that include the 1-3 composite, Cu electrode, and silicone. Considering those 
material and machining costs, the overall expense of one conformal probe is much lower 
than the commercially available ultrasound probe.  
 
3) Incapability of serving in severe environments 
 
Continuous BP monitoring of people serving in a harsh environment, e.g., the battlefield, is a 
remaining challenge. For example, cerebrovascular blood supply is vital for the fighter pilot, 
which is closely related to the CBP. In combats especially during climbing, because of the 
significantly increased gravity, blood is pulled to lower areas of the body resulting in 
abnormal CBP and deprived blood supply to the brain and thus pilots’ passing out. Modern 
aircraft could reach 9G acceleration or higher, which is extremely difficult for pilots to 
tolerate. Although technologies like the anti-G suit are well developed for high acceleration 
protection, well-trained pilots will still experience visual impairment or even G-LOC (G-
induced loss of consciousness) if the high G-force sustains for more than a few seconds45. 
Many fatalities are reported in which the aircraft and crew are lost due to G-LOC59. Thus, 
developing a method providing continuous monitoring of the pilots’ CBP and cerebrovascular 
blood supply is of great significance in preventing G-LOC from happening. 
 
Aforementioned existing approaches for CBP monitoring are not suitable for this particular 
need. Invasive catheters, which are typically used in intensive care units (ICUs), will 
introduce bleeding, making it impossible for practical application in actual combat 
circumstances. The noninvasive tonometer is not possible either. A tonometer probe needs 
to be held on the target artery for measurements and its reliability closely related to the 
precision of position. These features make these methods impossible to be applied in a 
drastic aerial combat circumstance. On the contrary, our wearable ultrasound approach 
demonstrates remarkable advantages in this case. Ultrasound can penetrate deep tissues 
and perform the CBP monitoring task. Most importantly, due to its lightweight and 
mechanical compliance, the bandage can be mounted on the skin bringing minimum 
mechanical constraints to pilots and avoiding relative displacement between the device and 
the target artery. This feature allows collecting reliable CBP waveforms, which can be used 
as a robust G-LOC indicator for pilots and will therefore significantly improve the aviation 
safety and combat capabilities of the pilots.  
 
In all, by providing easy access to the critical CBP waveform automatically, our device will 
appear as a powerful technique for care-providers to precisely assess the situation of 
patients, for researchers to do detailed statistic studies on CBP, and for the public to do 
better health self-management. 
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Supplementary note 13: Clinical significance of BP waveform. 

BP waveform is a highly dynamic, ever-changing meaningful data that can give a lot of 
implications for human cardiovascular status. This variability is closely related to the 
fluctuating cardiovascular states. The BP waveform contains three different components that 
can serve as the direct indicator of corresponding cardiovascular status. This critical 
information has a high significance that necessitates wearable, continuous, and long-term 
monitoring.  
 
13.1 Arterial BP waveform 
 
The arterial pressure waveform is related to the left heart activity. During each heartbeat, BP 
varies between systolic and diastolic pressure levels. The BP in the circulation is in principle 
due to the pumping action of the heart. Three components of the arterial BP waveform are 
discussed as follows. 
 
1) Systolic phase 
 
Continuous monitoring the systolic phase allows the observation of sudden stenosis at the 
aortic valve. Specifically, the systolic phase is the first phase of the cardiac cycle, 
characterized by a rapid increase in pressure to a peak value, followed by a rapid decline. 
The systolic peak indicates blood is ejected forward to the peripheral arteries. This phase 
begins with the opening of the aortic valve and corresponds to the left ventricular (LV) 
ejection. The slope of this segment has a close relationship with the rate of change in LV 
pressure and the competence of the aortic valve30. Consequently, when the ventricle pumps 
blood through the stenosed aortic valve, the systolic upstroke becomes less steep. 
Therefore, by analyzing the systolic phase, one can perform the diagnosis on whether the 
valve is blocked31. Besides the diagnosis of valvar blockage, the slope of the waveform 
upstroke can also evaluate the myocardial contractility60. An increased upstroke gradient 
suggests a more significant pressure generated per unit time by myocardial muscle. More 
interestingly, a bisferiens appearance (double peaks) on the systolic peak can indicate the 
aortic regurgitation of the subject. 
 
2) Dicrotic notch 
 
The dicrotic notch is a reflected wave propagating backward from the peripheral arteries to 
the central artery. In a normal healthy person, the reflection wave will return in the diastolic 
phase, after the closure of the aorta valves. This reflected wave benefits the perfusion from 
coronary arteries to the heart. Therefore, the reflected wave velocity becomes very 
important: the stiffer the arteries are, the faster it returns. This reflection velocity is derived 
from PWV. In addition, continuous monitoring of dicrotic notch can indicate the aortic 
regurgitation and stenosis32. The notch is labeled in Supplementary Fig. 31, which 
represents the closure of the aortic valve. By analyzing the activity of aortic valve, one can 
acquire critical information that is essential for diagnosing the valvular disease33. To be more 
specific, if the notch is blurred, it is highly indicative of aortic stenosis and aortic 
regurgitation61. Usually, the stenosis and regurgitation happen abruptly during daily activities, 
which justifies the necessity of wearable continuous monitoring.  
 
3) Diastolic phase 
 
The importance of wearable continuous monitoring of the diastolic decline is that it can 
provide insights for the compliance of large arteries. To be more specific, the diastolic phase 
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represents the blood run-off into the peripheral circulation. The diastolic run-off is the drop-in 
pressure that occurs after the aortic valve has closed. There is no flow from the LV, but 
pressure does not drop suddenly. Instead, it decreases gradually along an exponential 
curve34. The reason for this behavior is arterial "cushioning," or the reservoir effect of 
pumping blood into an elastic tube, resulting in the declined shape of the waveform. This 
elastic recoil of large arteries contributes as much as 40% to the stroke volume. Therefore, 
the shape of this reservoir pressure has a relationship with the characteristics of the 
reservoir. The nice supple aorta of a young person is going to perform differently from the 
calcified barnacle-encrusted aneurysm aorta of an elderly smoker35.  
 
More detailed information is shown in Supplementary Fig. 31. 
 
Besides the analysis of above three components, the analysis of the morphology of the 
distension waveform can also diagnose the accelerated aging and hypertension. To be more 
specific, pulse waveforms vary from different ages due to the PWV change. For a normal 
young person, where the arteries are generally compliant, the slow traveling reflected wave 
returns from the peripheral arteries during the diastole. With aging, PWV increases and the 
reflected wave travels faster and gives rise to a “shouldering” at the primary wave. This 
effect prolongs the systolic cycle and increases the workload and oxygen requirement of the 
heart muscles. The poor notch compromises the flow of the coronaries. In the elderly, further 
arterial stiffening causes the reflected waves to return much faster, and coincide very close 
to the systolic peak, resulting in an augmented wave. The heart now needs to contract even 
harder to overcome the reflected wave for a longer period. At the same time, the coronary 
artery perfusion is further compromised. Thus, assessment of PWV provides critical 
information to possible accelerated aging and vascular sclerosis62,63. 
 
13.2 Venous pressure waveform 
 
The venous waveform has equal significance to the arterial BP waveform for continuous 
monitoring by wearable devices. This is because the hemodynamics in the artery has a 
close relationship with the left ventricle, atrium, and valves. However, the vein is closely 
related to the right ventricle, atrium, and valves. By analyzing both left and right sides of the 
cardiovascular status, one can acquire and achieve a comprehensive diagnosis of the entire 
heart.  
 
Unlike the arterial BP waveform, the venous pressure waveform is difficult to obtain in a non-
invasive way since its much lower amplitude than the arterial BP. Trained cardiologists 
discern pulses in jugular vein pressure (JVP) as signs indicating the state of the right atrium. 
JVP pulsation has a biphasic waveform64. The A wave corresponds to the right atrial 
contraction. The peak of the A wave demarcates at the end of atrial systole. The C wave 
corresponds to right ventricular contraction causing the tricuspid valve to bulge towards the 
right atrium. The X descent follows the C wave and occurs as a result of the right ventricle 
pulling the tricuspid valve downward during ventricular systole. As stroke volume is ejected, 
the ventricle takes up less space in the pericardium, allowing relaxed atrium to enlarge. The 
X descent can be used as a measure of the right ventricle contractility. The V wave 
corresponds to venous filling when the tricuspid valve is closed, and venous pressure 
increases from venous return - this occurs during and following the carotid pulse. The Y 
descent corresponds to the rapid emptying of the atrium into the ventricle following the 
opening of the tricuspid valve.  
 
Abnormal JVP waveforms relate to certain cardiovascular diseases. For example, prominent 
A wave means there is resistance to RA emptying or increased resistance to ventricular 



 
 

31 
 

filling. These symptoms may be a result of tricuspid stenosis, right heart failure, or 
pulmonary hypertension. 
 
Also, the continuous monitoring of the jugular vein dilation can significantly facilitate the 
diagnosis of the central vascular pressure. When the jugular vein is visible, it is known as 
jugular vein distention (JVD). The JVD patient is common with a bulging neck vein formed by 
the distension of external jugular vein. Internal and external jugular veins run through the 
right and left sides of the neck. They bring blood from the head to the superior vena cava, 
which is the largest vein in the upper body. The vena cava runs to the heart, where blood 
arrives before passing through the lungs to pick up oxygen. Therefore, JVD is a sign of the 
increase of the CVP. And, the CVP can indicate how much blood is flowing back into the 
heart and how efficient the heart can move that blood into the lungs and the rest of the body. 
 
Due to this close relationship between the JVD and the heart, the JVD is a symptom of 
several different cardiovascular problems. The JVD occurs when the CVP increases above a 
normal or healthy level. This can be caused by several conditions. 
 
1) Right-sided heart failure 
 
Heart failure means the heart has grown too weak to efficiently pump enough blood to meet 
the demands of the body. Right-sided heart failure usually develops after the individual has 
left-sided heart failure. The left ventricle pumps blood out along the aorta to elsewhere of the 
body. The right ventricle pumps blood to the lungs. When the left ventricle’s pumping power 
weakens, fluid can back up into the lungs. This eventually weakens the right ventricle. When 
the heart’s right side can’t properly empty, blood can back up into the veins, causing them to 
bulge83. 
 
2) Pulmonary hypertension 
 
Pulmonary hypertension occurs as the pressure in the lungs increases. And, this 
hypertension sometimes is a result of changes to the lining of the artery walls. This symptom 
can also lead to right-sided cardiac failure and JVD84. 
 
3) Tricuspid valve stenosis 
 
Due to various physiological changes, the valve that separates the right atrium and the right 
ventricle can become stiff. As a result, it may be incapable of opening up enough to let all 
the blood in the atrium flow into the ventricle. Therefore, blood can back up in the atrium, 
leading to a backup of blood in the veins, including the jugular vein, causing them to 
distend85. 
 
4) Superior vena cava obstruction 
 
Superior vena cava obstruction is a kind of rare condition, which usually derives from a 
tumor in the chest that restricts blood flow in this large vein86. 
 
5) Constrictive pericarditis 
 
The pericardium is a thin, fluid-filled sac that embraces the heart. An infection of the 
pericardium, as known as constrictive pericarditis, can restrict the volume of the heart. As a 
result, the chambers can’t fill with blood in a proper way, so blood can back up into the veins, 
e.g., the jugular veins87. 
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In all, those components of morphology in the BP waveform can bring a lot of information 
that is clinically meaningful. And it would be best if those data can be long-term monitored 
and analyzed properly. In this way, individuals can sense their cardiovascular status and 
prevent diseases from happening at an early stage.  
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Supplementary note 14: Simultaneous measurement of pulse pressure. 

Since diastolic and pulse pressures vary on a beat-to-beat basis, data of pulse pressure 
should be measured simultaneously, which requires the multi-channel measurement. A 
circuit was designed for this purpose shown in Supplementary Fig. 51. 
 
With this circuit, the pulse pressure at different sites can be measured simultaneously. A 
minor disadvantage of the current measurement setup is that the PRF of the data acquisition 
decreases to 50 Hz because the channel selection delay of each channel is 5 ms, and 
therefore, the waveform quality slightly degrades. The waveform quality can be improved by 
using high-speed channel selection chips to give shorter selection delay in future work. 
 
The measurement results from the carotid to the brachial, radial, and foot arteries are listed 
and statistically analyzed as shown in Supplementary Fig. 35, which demonstrates the pulse 
pressure amplification from the central to the peripheral arteries. With the distance from the 
heart increasing, the corresponding pulse pressure amplification is obvious. The BP 
waveform data from our device highly correspond to the data from the commercial device.  
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Supplementary note 15: Medical value to measure the progressive change of BP 
waveforms. 

Due to the close relationship between the progressive change of the waveform and 
physiological and pathological status, the amplification effect observed in clinical settings will 
contain abundant information related to age, gender, height, heart rate, as well as systematic 
diseases affecting the vasculature65-68. Furthermore, various clinical anti-hypertension 
treatments are reported to exert different influences on the central and peripheral arteries. 
By simultaneously observing the distension behavior of those arteries at different physical 
locations, the clinician can obtain valuable information on the efficacy of the cardiovascular 
disease therapy69, e.g., BP lowering drugs. In all, that information, if being carefully collected 
and analyzed, can give various insights for individual cardiovascular systemic diagnosis and 
prognosis70.  
 
However, in the current clinical environment, those valuable data and signals can only be 
obtained by professionals in a considerably infrequent manner. And also, the current medical 
equipment for those data acquisition is highly operator dependent, limiting the accurate data 
acquisition. Comparing to those existing equipment, our conformal device can perform 
reliable and user-friendly measurements by directly observing the pulsatile behavior of 
human vasculature around the whole body. More importantly, in future work, we will 
incorporate all of the post-end circuits, including the transmitting/receiving units, data 
processing, and wireless communication modules, into the conformal probe by utilizing the 
island-bridge strategy71. This will allow continuous recording those vital signals in a 
continuous, long-term, and noninvasive manner. 
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Supplementary note 16: Pulse arrival time, pulse transit time and pulse wave velocity. 

Physiologically, the PWV of the blood vessel can be expressed as: 
 

𝑃𝑊𝑉 =
𝐸ℎ

2𝑟𝜌
  (12) 

 
where r is the internal radius of the blood vessel, h is the wall thickness, ρ is the blood 
density, and E is the artery modulus. In those parameters, the artery radius plays a 
dominating role, much more than the other three. The central artery has a larger diameter, 
and thus has the lower arterial stiffness, resulting in smaller pulse pressure. Likewise, 
arteries in the extremities have higher stiffness and thus possess more significant pulse 
pressure than the central arteries.  
 
Another significance of PWV is its capability for absolute BP calculation with a simple 
calibration by a conventional BP cuff. The variation of the PWV can be utilized to correlate 
the absolute BP change, which is highly dependent on the arterial stiffness72. 
 
PWV can be calculated using the known distance divided by the PTT, which is defined as 
the time it takes for the BP waveform to propagate through a length of the arterial tree. 
Literally, the PTT should be measured as the foot-to-foot time delay between the proximal 
and distal waveforms. In practice, the measurement of PAT, defined as the time delay 
between the R-wave of an ECG waveform and the distal arterial waveform foot, also serves 
as a surrogate for the PTT73. PAT could also be used instead of PTT on different people74. 
The method for calculating PAT and PTT is illustrated in Supplementary Fig. 52. 
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Supplementary Figures 

 

 
Supplementary Fig. 1. Comparison of BP measurements using different approaches 
in different situations. The comparison is focused on three major non-invasive BP 
waveform monitoring methods: PPG, tonometry, and ultrasound wall-tracking. The three 
situations are the normal condition, testing on obese people (with a thick fat layer, which is 
a large damper for all measurement strategies), and the central artery measurement 
(deeply buried, without proximal bony structures as support). 
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Supplementary Fig. 2. The anatomic structures of BP waveform testing spots. (a) 
Testing on the human wrist (radial pulsation), where the adjacent radial artery and vein are 
labeled. (b) Testing on the human arm (brachial position), where the adjacent brachial 
artery and vein are marked. (c) Testing on the human neck (carotid position), where the 
adjacent carotid artery and jugular vein are labeled. At the radial testing spot, the radial 
artery and radial vein are close to each other with high proximity. When we move to the 
brachial testing spot, the brachial artery and vein are overlapping with each other. This 
trend is the same when we perform the test on the carotid artery. The internal jugular vein 
overlays on the carotid artery. Those anatomic configurations will significantly limit the 
application of PPG and tonometer. The PPG will sense both the arterial and venous 
pulses at the same time due to the non-directional characteristics of light. 
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Supplementary Fig. 3. The effect of tiny operator movement on the image 

reconstruction quality using an ultrasound imaging probe. The top image shows a 

standard measurement. The bottom image demonstrates a blurred image reconstruction 

caused by inevitable motion artifacts from the operator. 
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Supplementary Fig. 4. Vessel compression from holding the rigid ultrasound probe. 
This inevitable compression issue is brought by the mechanical or mass loading from the 
rigid ultrasound probe during the routine scanning process. 
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Supplementary Fig. 5. Comparison of the probe structure between the rigid and 
conformal ultrasonic devices. (a) The structural design of a traditional ultrasonic 
transducer, which contains a matching layer, top and bottom electrodes, bulk PZT 
materials, backing layer, housing, and connection wires. (b) and (c) are the comparison 
between the isotropic bulk PZT material and the anisotropic 1-3 composite. (d) An ultrathin 
and stretchable ultrasonic device, and its exploded view. The comparison between (a) and 
(d) shows our simplification and re-engineering strategies, which can be concluded as 
reducing the device thickness and substituting rigid materials with soft materials where 
necessary. The 1-3 composite can provide better acoustic matching to the tissue than the 
isotropic PZT, thus eliminating the necessity of the matching layer. Silicone elastomer 
encapsulation acts as a good dielectric and protective layer for the housing. The bottom 
Ecoflex layer serves as an acoustic damping layer, thus removing need for the backing 
layer. 
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Supplementary Fig. 6. Device schematics and design layout. (a) The device under a 
flat state in a perspective view. The inset image is the cross-sectional structure. (b) The 
top view of the device. (c) The bottom view of the device. 
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Supplementary Fig. 7. Photographs of the uniaxial tensile test. (a) The 0% original 
state. (b) The 15% tensile state and its recovery. (c) The 30% tensile state and its 
recovery. (d) The 45% tensile state and its recovery. (e) The 60% tensile state and its 
recovery. 
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Supplementary Fig. 8. Photographs of the bi-axial tensile test. (a) The 0% original state. 
(b) The state of 30% stretching in x-direction and 25% in y-direction and its recovery. (c) The 
state of 60% stretching in x-direction and 50% in y-direction and its recovery. 
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Supplementary Fig. 9. Spatial pulse length of reflected signals. Comparison between 
1-3 composites with working frequencies of (a) 3.5 MHz and (b) 7.5 MHz, showing the 
high frequency has better-defined peaks than the low frequency due to the smaller 
wavelength of the ultrasound wave.  

 
  



 
 

45 
 

 
Supplementary Fig. 10. Axial resolution characterization of the stretchable 
ultrasonic device. (a) The testing setup and representative 1T7R acoustic wave emitting 
and receiving. (b) The signal of 1T7R. (c) Image reconstruction of the metal wire. The 
image is shown using the dB scale with 0dB set to be the maximum and -10 dB the 
minimum grey scale of the image. (d) Axial resolution curve calculated from the 
reconstructed image, showing the axial resolution can reach down to ~0.4 mm. 
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Supplementary Fig. 11. Transducer array and vessel line mapping. (a) The 
experimental set-up of vessel positioning and recognition. Connections cables for 
power and data transmission are omitted for clarity purposes. (b) The matrix shows 
the vessel distention waveforms from all transducer elements individually. The 
transducer at the optimal position (directly overlying on the vessel) can detect the 
largest vessel diameter distension. Therefore, the optimal position will be determined 
by the pixel with the largest pulsatility. 
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Supplementary Fig. 12. Double-layered electrodes with a vertical interconnect 
access (VIA) under tensile strain. (a) Circuit structure illustration. Images of the circuit 
(b) when the LED is off, (c) when the LED is turned on, and (d) when the LED is under 
15% tensile strain, showing the mechanical integrity of the system.  
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Supplementary Fig. 13. Photographs of the process of using the conformal device. 
(a) Laminating the device on the skin; (b) The device is on the skin. (c) The device is 
peeled off from the skin.  
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Supplementary Fig. 14. Diameter measurement validation using the commercial 
ultrasonographic probe. (a) Single transducer measurement on the systolic diameter of 
the brachial artery (A mode signal). (b) Brachial artery systolic diameter measurement by 
the commercial ultrasonography. The inset figure shows the diameter measurement data 
by the two methods. The correspondence reaches 99.7%. 
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Supplementary Fig. 15. The damping effect of the Ecoflex. (a) Device acoustic 
emission performance under different thicknesses of the Ecoflex encapsulation at the 
bottom. (b) Normalized peak amplitudes of the transmitted peaks in a. 
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Supplementary Fig. 16. Acoustic field simulation for 1-3 piezoelectric composites 
with different sizes: (a) 0.6 mm*0.6 mm2, (b) 0.9 mm*0.9 mm2, and (c) 1.2 mm*1.2 mm2, 
respectively. All images are shown using the dB scale with 0 dB set to be the maximum 
and -25 dB the minimum. 
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Supplementary Fig. 17. Acoustic emission performance comparison of devices with 
different diameters of the circular bottom electrode. The results show different 
portions of ultrasonic energy reflected by the bottom electrode with different sizes. (a) The 
layered structure of the device. (b) The cross-sectional view of the device, showing the 
interfacial reflection caused by impedance mismatch between the Cu electrode and the 1-
3 composite. (c) The experimental results of acoustic emission performance of the device 
with different bottom electrode diameters. The signal amplitudes are normalized. 
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Supplementary Fig. 18. Photographs of the device integrated on the skin, 
demonstrating its outstanding mechanical compliance. The device has similar 
mechanical properties to the skin and can thus adapt to the natural motion of the skin. 
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Supplementary Fig. 19. Electrical performance of the device under various levels of 
tensile strain and moisture conditions at room temperature. The strain levels are 0%, 
20%, 40%, and 60%. The device is dipped in water for 0, 20, and 40 min under those four 
tensile strain levels. After that, the phase angles of 20 transducers are measured under 
each condition. The results show the stable electric performance of the device under these 
conditions. 
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Supplementary Fig. 20. Cell viability assay. Fluorescent images of HFF-1 cells cultured 
under exposure of the stretchable ultrasound device. Images of (a) healthy HFF-1 cells, 
and (b)-(d) HFF-1 cells under a continuous ultrasound exposure for 2 hours, 6 hours, and 
16 hours, respectively, showing good cell viability and survival under the acoustic pressure 
of the device. (e) Positive control experiment demostrated the robustness of the testing 
and observing method. (f) The statistics of the survival fraction of HFF-1 cells. The results 
are averaged from five different observations. Scale bars are all 20 μm. 
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Supplementary Fig. 21. Comparison of the measurement uncertainty between the 
commercial tonometer (SphygmoCor EM3®) and our ultrasonic device. The results 
show that our device has a lower measurement uncertainty than the commercial gold 
standard in common ranges of BP.  
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Supplementary Fig. 22. The measured BP waveform using our device and its 
uncertainty range. The blue dashed line shows the uncertainty range. The small 
uncertainty range ensures the reliability of our measurement results. 
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Supplementary Fig. 23. Operator dependency of the commercial applanation 
tonometry system (SphygmoCor EM3®) measuring the radial artery (peripheral). (a) 
Correct measurement condition and the corresponding waveform. (b) Incorrect vessel 
positioning and the erroneous recording. (c) Moderately excessive holding pressure 
induces squeezing the vessel that leads to waveform morphology distortion.  
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Supplementary Fig. 24. Operator dependency of the gold standard applanation 
tonometry system (SphygmoCor EM3®) measuring the carotid artery (central). (a) 
Correct measurement condition and the corresponding waveform. (b) Vessel misalignment 
and the erroneous recording. (c) Moderately excessive holding pressure induces squeezing 
the vessel that leads to significant waveform distortion. 
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Supplementary Fig. 25. Comparison of the device acoustic emission performance with 
and without the ultrasonic gel. Echoes received (a) with and (b) without the ultrasonic gel. 
Measured waveforms from the radial artery after decoding (c) with and (d) without the 
ultrasonic gel. The results show comparable signal quality. 
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Supplementary Fig. 26. Signal qualities of the conformal ultrasound device with 
different coupling agents. (a) The testing condition image. (b) Signal quality comparison 
when ultrasonic gel, water, and no gel or water are applied as the acoustic coupling agent. 
The results show that neither skin moisture nor absence of gel or water will degrade the 
signal quality of the device. 
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Supplementary Fig. 27. Reusability test of the device. The measurements are 
carried out on the same subject under the same condition during 1st (the first 
week), 2nd (the second week), 3rd (the third week), and 4th (the fourth week). The 
four measurements are normalized to the same diastolic and systolic pressure 
values for clarity purposes. 
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Supplementary Fig. 28. Conformability and self-adhesion of the device on the neck 
under different postures: (a) Normal state; (b) with 30° neck twist; (c) with 60° neck 
twist.  
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Supplementary Fig. 29. CBP measurement results and their validation. (a) 
Continuous CBP waveforms measured by our device and the commercial tonometer. (b) 
Averaged wave pulse pressure (PP) values extracted from 10 continuous pulse 
waveforms. The systolic pressure (SP) and dicrotic notch (DN) is compared. The 
difference of the SPs is 0.05 mmHg, and the difference of the DNs is 0.28 mmHg. (c) The 
comparison of systolic peaks and dicrotic notches between the ultrasound (US) method 
and tonometry (TN) method. The CBP waveform provided by the commercial tonometer is 
calibrated by brachial pressure and arterial stiffness measured by ECG correlation. 
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Supplementary Fig. 30. The anatomical structure of the human heart and associated 
blood flow sequence. (JV = jugular vein, CA = carotid artery, RA = right atrium, LA = left 
atrium, RV = right ventricle, and LV = left ventricle).  
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Supplementary Fig. 31. BP waveform illustration. Three major components are 
labeled as the systolic phase, dicrotic notch, and diastolic phase. Other waveform 
morphologies with corresponding physiological meaning are also labeled. 

 
  



 
 

67 
 

 
Supplementary Fig. 32. A Doppler ultrasound image of an internal jugular vein and 
its associated Doppler waveform. Corresponding A, C, X peaks and V, Y descents are 
labeled in one cycle of the jugular venous waveform. 
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Supplementary Fig. 33. JVD monitoring by the conformal ultrasound device. (a) The 
schematics for external JVD caused by dramatic increases in the thoracic pressure. (b) A 
photograph of the human neck with a JVD created by deep exhalation. (c) Vessel wall 
measurements before and after JVD, showing evident diameter distension after deep 
exhalation. 
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Supplementary Fig. 34. Grayscale images of blood vessels from central to 
peripheral measured by Doppler ultrasound. The results show the gradual shrinkage of 
the vessel diameter. (a) The carotid artery with the diameter of 6.2 mm, (b) the brachial 
artery with the diameter of 3.2 mm, and (c) the radial artery with the diameter of 2.4 mm. 
Those shrinkage of the vessel will introduce progressive increase of the vascular 
resistance (related equation appears in Supplementary note 9). 
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Supplementary Fig. 35. Measurement validation using a commercial equipment of 
pulse pressure amplification from the central artery (CA) to the peripheral arteries 
(BA, RA, and PA). The validation results show a high correspondence of our conformal 
device to the commercial equipment.  



 
 

71 
 

 
Supplementary Fig. 36. Comparison of the upstroke gradient from the central to 
peripheral arteries. The data show the systolic upstroke gets steeper as the artery goes 
away from the heart, due to the progressive arterial stiffness and reflection. 
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Supplementary Fig. 37. Testing conditions for ECG correlation. Correlations to (a) 

brachial artery, (b) radial artery, and (c) pedal artery. In each case, PAT will be measured to 

calculate the associated PWV. 
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Supplementary Fig. 38. Testing robustness of the ECG correlation. Three 
measurements on the same subject with the same and stable physiological status on (a) 
brachial, (b) radial, and (c) pedal arteries, respectively, showing consistent results of the 
PWV. The pressure waveforms are normalized. (d) Statistics of the PWV in these 
measurements. 
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Supplementary Fig. 39. The commercial CBP monitoring tonometer: SphygmoCor 

EM3® (AtCor Medical, Sydney, Australia) with ECG patchs for PWV measurements. 

Each key component is labeled.  
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Supplementary Fig. 40. Stretchable ultrasound device fabrication flow chart. (a) 
Surface activation to enhance the interfacial bonding between the Cu/PI and the PDMS 
layers. (b) The PI side has strong bonding with the PDMS after UV ozone activation. (c) 
Circuit fabrication based on laser ablation. (d) Cu/PI layer lift-off. (e) Transfer printing 
using the water-soluble tape. (f) Welding the transducers to the ACF cable. (g) 
Elastomeric encapsulation using Ecoflex. (h) Glass slides removal. 
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Supplementary Fig. 41. Photographs of Cu patterns processed under different 
levels of laser power. When the laser power is low (e.g., below 0.228 mJ), Cu won’t be 
etched through. When the laser power is high (e.g., above 0.339 mJ), the thin Cu 
interconnects are ablated away. Therefore, an ideal range of laser power is 0.228 
mJ~0.339 mJ. The other parameters including pulse repetitive frequency: 900 KHz, 
speed: 300 mm/s, and pulse width: 241 ns. 
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Supplementary Fig. 42. Photographs of the Cu serpentine patterns with different 
widths. The resolution of the laser ablation machine for 20 μm thick Cu foil is determined 
to be 45 μm.  
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Supplementary Fig. 43. Relationship between Ecoflex thickness and spin speed on 
a glass slide. The experiment is carried out at room temperature, and all Ecoflex spin 
coating processes are performed with roughly the same viscosity.  
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Supplementary Fig. 44. Photographs of the Cu pattern (a) before and (b) after surface 
oxide removal using flux. The oxide will create a barrier for forming interfacial alloy of Cu 
and solder paste, leading to weak bonding.   
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Supplementary Fig. 45. The polarization hysteresis loop, illustrating the switchable 
dipole alignment of the piezoelectric materials under an electrical field. The dipoles 
are better aligned with a stronger electrical field. However, the piezoelectric material would 
break down if the electrical field goes over a threshold.  
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Supplementary Fig. 46. Acoustic emission performance comparison between 
normal polarization and breakdown. (a) Illustration of the polarization setup. (b) 
Schematics to show the existence of an electrical conduction path caused by breakdown. 
(c) The cross section view of an intact 1-3 composite under 800 V polarization. (d) The 
cross-sectional view of a broken-down 1-3 composite under 1200 V. Reflected signals 
from devices made of (e) an adequately polarized 1-3 composite and (f) a broken-down 1-
3 composite, showing a smaller amplitude caused by the broken-down region. 
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Supplementary Fig. 47. The experimental setup for BP measurement. All of the backend 
data processing electronics can potentially be miniaturized and integrated with the front-end 
sensor on the human skin.  
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Supplementary Fig. 48. Schematic illustration of the activating and receiving signals 
during the wall-tracking process. (a) High-frequency activating signals. The PRF 
adopted is 2000 Hz, which means there are 2000 identical activating signals generated in 
one second. (b) Echo signals received at the receiver. Each signal has two peaks 
indicating the locations of the anterior-wall and posterior-wall of the blood vessel. The 
receiver will receive 2000 echo signals. (c) Four snapshots of signals (at 200 ms, 400 ms, 
600 ms, and 800 ms) corresponding to four locations in the BP waveform on the right. The 
peaks of the signal will shift due to the distension of the blood vessel. 
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Supplementary Fig. 49. Schematic illustration of the vessel wall-tracking system 
designed in this work. (a) Schematics of the shifting echo signals in the time domain. (b) 
The zoomed-in view of the echo signal, showing the analysis is based on the shifting of 
the data points. (c) Sampling rate calculation to determine the actual spatial resolution. d, 
e, and f illustrate the sampling process in both spatial and temporal perspectives. (d) The 
BP waveform sampling process. (e) The zoomed-in view of d for sampling the systolic 
peak. The horizontal grid represents the temporal resolution. The vertical grid represents 
the axial resolution. (f) The zoomed-in view of e, showing the actual spatial and temporal 
resolutions are 0.77 μm and 500 μs, respectively. 
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Supplementary Fig. 50. Influence of the PRF on BP waveform morphology. (a) BP 
waveforms with 10, 20, 50, 100, 200, 1000, and 2000 Hz PRFs, respectively. (b) 
Correlation of the BP waveform with different PRFs with the best measurement at 5000 
Hz. 
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Supplementary Fig. 51. The circuit diagram for multi-channel sensing. The circuit 

allows multichannel, simultaneous, and continous measurements of the pulse pressures 

from different body parts. 
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Supplementary Fig. 52. Illustration of the PAT and PTT calculated from ECG and BP 

waveforms.  The PTT and PAT can be calculated from simultaneously measured ECG and 

BP waveforms. Both PTT and PAT can be used to calculate the PWV. 
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Supplementary Fig. 53. Schematic illustration of piezoelectric ultrasound 
transducers (PUTs) and micromachined ultrasound transducers (MUTs). The MUTs 
family includes capacitive micromachined ultrasound transducers (cMUTs) and 
piezoelectric micromachined ultrasound transducers (pMUTs). The structural layout of (a) 
PUTs, (b) cMUTs, and (c) pMUTs. 
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