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3D printed patient-specific aortic root  
models with internal sensors for minimally  
invasive applications
Ghazaleh Haghiashtiani1*, Kaiyan Qiu1*, Jorge D. Zhingre Sanchez2,3, Zachary J. Fuenning1, 
Priya Nair4, Sarah E. Ahlberg4, Paul A. Iaizzo2,3,5, Michael C. McAlpine1,5†

Minimally invasive surgeries have numerous advantages, yet complications may arise from limited knowledge 
about the anatomical site targeted for the delivery of therapy. Transcatheter aortic valve replacement (TAVR) is a 
minimally invasive procedure for treating aortic stenosis. Here, we demonstrate multimaterial three-dimensional 
printing of patient-specific soft aortic root models with internally integrated electronic sensor arrays that can 
augment testing for TAVR preprocedural planning. We evaluated the efficacies of the models by comparing their 
geometric fidelities with postoperative data from patients, as well as their in vitro hemodynamic performances in 
cases with and without leaflet calcifications. Furthermore, we demonstrated that internal sensor arrays can facili-
tate the optimization of bioprosthetic valve selections and in vitro placements via mapping of the pressures applied 
on the critical regions of the aortic anatomies. These models may pave exciting avenues for mitigating the risks of 
postoperative complications and facilitating the development of next-generation medical devices.

INTRODUCTION
In the coming decades, the world will face a shift in demographics 
and an aging population. It has been estimated that by the year 2030, 
the number of adults over the age of 65 years in the United States 
alone will reach 73.1 million, comprising 21% of its total population 
(1). An aging population increases the prevalence of cardiovascular 
diseases, which are leading causes of death in this age group (2). 
Noncongenital aortic stenosis (AS) is one of the common cardio-
vascular conditions in the elderly that affects about 2.7 million adults 
over the age of 75 in North America (3). AS is associated with the 
narrowing of the aortic valve orifice area due to calcification that 
impedes the leaflets’ full range of motion, causing obstruction to 
blood flow from the left ventricle to the aorta and, ultimately, ven-
tricular dysfunction (4). Given the age of individuals suffering from 
AS and the prevalence of comorbidities in this population, some 
patients are deemed high risk for surgical valve replacement via 
open heart surgery (4, 5). Transcatheter aortic valve replacement 
(TAVR) is a minimally invasive procedure aimed at treating this 
disease by implanting a bioprosthetic valve within the diseased native 
valve via a catheter delivery system (4).

Like any medical procedure, TAVR can be subject to postopera-
tive complications, including paravalvular leak (PVL) and conduc-
tion disturbances. PVL is caused by an insufficient seal and presence 
of gaps between the bioprosthetic valve frame and the native aortic 
annulus, leading to regurgitation of blood flow from the aorta to the 
left ventricle (6). Post-TAVR conduction disturbances can be triggered 
by physical interactions between the bioprosthetic valve frame and 
the anatomy in the critical region proximal to the atrioventricular 
conduction pathway of the heart and the pressure imposed on this 

region by the bioprosthetic valve frame (Fig. 1A) (7, 8). This critical 
region is identified as the lower limit of the membranous septum 
where the left bundle branch emerges from the His bundle (Fig. 1A) 
(7–11). Applied pressure on this region can result in left bundle 
branch block or atrioventricular block and, ultimately, the need for 
permanent pacemaker implantation (7–11).

Several factors related to a given patient’s anatomy, the proce-
dure, and the bioprosthetic valve can contribute to post-TAVR 
complications, including the membranous septum length, septal 
wall thickness, calcification distribution patterns, patient-prosthesis 
size mismatch, implantation depth, mispositioning, and type of the 
bioprosthetic valve (7, 11–18). Therefore, the proper selection and 
optimization of the interplay among these factors based on each 
patient’s unique anatomical features are vital in TAVR planning to 
mitigate the risk of postoperative complications and mortality.

Compared to surgical aortic valve replacement, where surgeons 
have direct access to the aortic root anatomy and resect the native 
calcified valve, the minimally invasive nature of the TAVR proce-
dure can potentially raise the level of difficulty, in terms of full visual-
ization of the anatomical features and their interactions with the 
bioprosthetic valve (17). Currently, most of the decision-making 
process in TAVR, which includes choosing the correct bioprosthetic 
valve size, implantation depth, and positioning of the bioprosthetic 
valve, occurs on the basis of measurements derived from pre- and 
intraprocedural imaging. This increases the dependency on the 
clinician’s skills and experience and the likelihood of postoperative 
complications (17).

Alternatively, using three-dimensional (3D) printed, patient-
specific organ models could enhance the 3D visualization and aug-
ment the understanding of the physical interactions between the 
bioprosthetic valve and the patient’s native anatomy, thereby im-
proving preprocedural planning (19–21). Previous efforts on using 
3D printed aortic root models for TAVR were mainly focused on ex-
ploring the applications of these models for preprocedural pros-
thetic fit testing, evaluation of patients’ anatomical features, and/
or hemodynamic studies for prediction of PVL (20–25). Most of 
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these previously reported models were 3D printed using a single 
rubber-like commercial photopolymer for mimicking the tissue 
components of the aortic root structure, including the left ventricle 
outflow tract, the leaflets, and the aorta, and a rigid material for repli-
cating the calcified lesions on the leaflets (20–25).

Here, we demonstrated the 3D printing of multimaterial, patient-
specific models of the aortic root with the integration of an internal 
sensor array and evaluated the efficacy of the models by compar-
ison with corresponding patient’s data. Specifically, the models com-
prised three different materials with properties commensurate to 
(i) the aorta, (ii) the myocardium and leaflets, and (iii) the calcified 
regions. It should be noted that given the thinness of human aortic 
leaflets [ca. 600 m; (26)], the impact of the leaflets’ mechanical prop-
erties is assumed to be negligible, relative to the calcification and 
other surrounding tissue; hence, the leaflets were approximated with 
similar properties to the myocardium. Moreover, the internal inte-
gration of the sensor array (Fig. 1B), which was simultaneously 
printed within the anatomical structure, can facilitate the visualization 
of the contact pressures and critical locations in the region of interest 
for different cases of bioprosthetic valve sizing and implantation height.

These models can be applied for TAVR preprocedural planning 
and potentially inform prosthetic device sizing and procedure 
parameters, patient- and disease-specific hemodynamic assessment, 
and possible PVL pathways. In addition, these models may provide 
clinicians with a comprehensive benchtop tool for understanding 
the deployment of the valve and mitigating some of the risks of 
post-TAVR conduction disturbances.

RESULTS
Material selection and model fabrication
To initiate the 3D printing process, we obtained computed tomog-
raphy (CT) scans of the patients’ cardiac anatomies, segmented the 

regions of interest from the images, and then generated the stereo-
lithography (STL) files for the 3D printing process (fig. S1). The 
models consisted of the aortic wall, a portion of the myocardium, 
leaflets, and calcifications (Fig. 1C), which were 3D printed simulta-
neously on the same platform using customized materials that 
mimic the mechanical properties of their biological counterparts 
(movie S1).

Formulating customized polymeric 3D printing materials is a 
fundamental step in the fabrication of these aortic root models. We 
have previously demonstrated the 3D printing of customized silicone-
based polymeric inks for accurately mimicking the physical proper-
ties of prostate tissue (19, 27). Our material system mainly consisted 
of silicone sealant and silicone grease. The silicone sealant was used 
as the active agent for vulcanization to stabilize the structure, while 
silicone grease was added as the bulking agent for providing soft-
ness and flexibility. The silicone sealant used in this work is an acetoxy 
silicone, which cures on the basis of a condensation reaction. After 
printing the material and full exposure to ambient moisture, the 
acetoxy groups in the material are hydrolyzed to facilitate the con-
densation process. Coloring agent was also optionally added into 
the material system to indicate different model sections and/or for 
the target valve implantation depth mark. This material system has 
several advantages, including adjustable properties, facile prepara-
tion, good printability, and room temperature vulcanization (19, 27).

By adjusting the weight ratio of bulking agent (B) to active agent 
(A) for different ink formulations, the properties of the customized 
polymeric inks can be altered to replicate the various soft tissue 
mechanical properties. As shown in Fig.  2A, by increasing the 
weight ratio of the bulking to active agent from 0 to 2.05, the corre-
sponding values of Young’s moduli decreased from 677.6 ± 28.8 kPa 
to 37.5 ± 1.9 kPa, i.e., by more than one order of magnitude. The 
Young’s moduli of the inks fall in the broad range of values com-
mon for myocardium and aortic tissues (table S1). Hence, this trend 
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Fig. 1. Overview of the patient-specific, 3D printed aortic root model concept and components. (A) Schematic of the heart with implanted TAVR prosthesis in the 
aortic root region. AV, atrioventricular. (B) 3D printed aortic root model with internally integrated sensor array. Photo credit: Ghazaleh Haghiashtiani and Kaiyan Qiu, 
University of Minnesota. (C) Different components of the aortic root model. The calcified regions are shown in yellow. The approximate region of the membranous septum 
is indicated with the blue marking.
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can be used to tailor the mechanical properties of the inks to simu-
late patient-specific aortic and myocardium tissues. The tunability 
of the mechanical properties of this material system via adjustment 
of the component ratios was correlated to the cross-linking density. 
To verify this, we performed a sol-gel fraction analysis test by 
immersing samples of the polymeric materials with different com-
ponent ratios in the organic solvent hexane. It was observed that as 
the weight ratio of bulking agent to active agent increased from 0 to 
1.75, the corresponding normalized weight loss of the materials 
(∆m/m0, where m0 represents the initial dry weight of the materials 
and ∆m corresponds to the change in weight) following 96 hours of 
immersion in the solvent increased from 10.9 to 78.1% (Fig. 2B and 
fig. S2A). This trend correlated with the weight ratio of bulking 
agent (silicone grease) in the formulation (which is not actively in-
volved in the ink cross-linking), as well as the noncross-linked com-
ponents in the active agent (silicone sealant), thereby confirming 
that increasing the weight ratio of bulking agent in the composition 
results in softer materials.

Given that the 3D printed models in this study will primarily be 
used in air and a blood-mimicking solution comprising water and 
glycerol, we investigated the stability of the materials with different 
formulations in these two environments. The results showed that 
different formulations of the polymeric material (B/A ranging from 
0 to 1.75) were stable without any notable weight loss following 
96 hours of exposure to the ambient air environment, as well as 
immersion in the water/glycerol solution (Fig. 2B). This confirmed 
that the 3D printed models using these custom-formulated inks can 
maintain stable properties for applications conducted in these test 
environments.

After investigating the mechanical properties of the 3D printing 
materials with different compositions, we compared their mechan-

ical behaviors with tissue specimens of human hearts to select prop-
er formulations for mimicking the properties of the myocardium 
and aortic wall. In general, the mechanical properties of the soft 
tissues can vary depending on factors including the subjects (humans 
or animals) and their ages, disease states, location/orientation of tis-
sue excisions, and the test parameters (28). For the purposes of this 
study, we compared the stress-strain curves of representative tissue 
samples from human aortic wall and myocardium to the printed 
samples of the inks with different formulations. It was observed 
that at small strains (0 to 0.05), the customized polymeric inks 1 
and 2, corresponding to formulations with weight ratios of bulking 
agent to active agent of 1.15 and 0.85, matched the general trends of 
stress-strain curves of human myocardium tissue samples 1 and 2, 
respectively (Fig. 2C). The Young’s moduli (<3% strain) for repre-
sentative samples of ink 1 (109.3 kPa) and ink 2 (156.2 kPa) were 
analogous to myocardium tissue sample 1 (105.3 kPa) and sample 2 
(146.4 kPa). At the same strain range (0 to 0.05), the customized 
polymeric inks 3 and 4 with bulking-to-active weight ratios of 0.70 
and 0.25 matched the trends of stress-strain curves of human aortic 
tissue sample 1 (from a subject without calcification) and sample 2 
(from a subject with calcification), respectively (Fig. 2D). The Young’s 
moduli (<3% strain) for representative samples of ink 3 (240.3 kPa) 
and ink 4 (493.5 kPa) were analogous to the aortic tissue sample 1 
(216.1 kPa) and sample 2 (586.5 kPa). At higher strain ranges, a 
divergence was observed in the stress-strain curves of polymeric 
materials compared with tissue specimens, which was more nota-
ble for the aortic tissue (Fig. 2, C and D). This divergence is largely 
due to the strain-stiffening behavior of soft tissue structures as a 
result of collagen fiber alignments and straightening along the load 
direction at higher strains (29). Nevertheless, the modulus values of 
our developed materials and tested myocardium and aortic tissue 
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Fig. 2. Characterization of material properties. (A) Young’s modulus (<3% strain) of the custom-formulated polymeric material versus different weight ratios of the 
components (n = 3). (B) Ratio of material weight loss after 96 hours for different compositions of the customized polymeric material upon immersion in hexane, air, and a 
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sample were in accord with the range of moduli reported for myo-
cardium (12 to 273 kPa) (30, 31) and aorta (334 to 1817 kPa; table S1) 
(32, 33).

In addition, we used a spackling material (ink 5) for printing the 
calcified lesions on the leaflets because of its good printability and 
comparable mechanical properties to aortic valve calcification. This 
material contained calcium carbonate as verified by the prominent 
absorption peaks of ​​CO​3​ 2−​​ at ~712, ~875, and ~1425 cm−1 observed 
in Fourier transform infrared spectroscopy (FTIR) spectra (fig. 
S2B) (34). The Young’s modulus of the calcification material was 
estimated to be 11.8 ± 3.1 MPa (Fig. 2D), which was within a factor 
of 2 of the reported values of 22.6 ± 9.2 MPa for calcified aortic valve 
regions (35).

Last, the rheological properties of the inks with different formu-
lations were characterized. The customized ink formulations exhib-
ited a shear thinning behavior that facilitates the flow of the inks 
through the extrusion nozzles during the 3D printing process (36). 
Specifically, as the shear rate increased from 10−1 to 103 s−1, the ap-
parent viscosity of the inks decreased from about 103 to 1 Pa·s (fig. 
S2C). In addition, the inks exhibited yield stress behavior (Fig. 2, 
E and F), which was advantageous for the 3D printing process (36). 
Applying pressures beyond the yield point to the ink during print-
ing allowed for extrusion of the ink through the nozzle via a 
decrease in the storage modulus (G′) to a value lower than loss 
modulus (G″) (viscous liquid-like behavior). Once the ink was 
deposited and the shear stress on the material was relieved, the stor-
age modulus increased to its plateau value in the linear viscoelastic 
region (in the range of 103 to 104 Pa for the formulations used in this 
study), which facilitated the shape retention of the deposited ink 
(G′ > G″, solid-like behavior).

Model fidelity analyses compared to patient data
After 3D printing the patient-specific aortic root model, a quantita-
tive surface comparison was conducted to evaluate the anatomic 
fidelity between the model and the corresponding patient’s aortic 
root anatomy via a 3D registration technique (27, 37). The anatomical 
information of the patient’s aortic root was extracted from the pre-
operative CT scans (fig. S1). The corresponding 3D printed aortic 
root model was also scanned by CT, and then the CT image stack 
(Fig. 3A) was used to reconstruct an STL model. A calibrated 
distance map (Fig. 3B) and a histogram of the calibrated distances 
(Fig. 3C) were generated from an overlay of the 3D printed model 
using the corresponding patient’s aortic root geometry as the tem-
plate. The results indicated that most of the calibrated distance 
points scatter from −3 to 3 mm, with peaks close to 0 mm (Fig. 3, 
B and C). The fractions of voxels of the 3D printed models within 
5, 3, and 1 mm of the patient aortic root geometry were found to be 
91.3, 78.9, and 43.6%, respectively (Fig. 3, B and C).

In addition, the TAVR bioprosthetic valve was implanted into 
the 3D printed aortic root model, which was mounted in a con-
straining fixture to simulate the surrounding anatomy (fig. S3A). 
The outcome was compared to the patient’s postoperative data via 
CT imaging (Fig. 3D). It was observed that the locations of displaced 
leaflet calcifications on the aortic wall in the model after valve 
implantation were analogous to those of the patient’s postoperative 
scans (Fig. 3D). In addition, the diameter of the bioprosthetic valve 
was subject to change after implantation in the aortic root, which 
can be used as another metric for evaluating the fidelity of the 3D 
printed aortic root models in comparison with the patient’s anatomy. 
To this end, we evaluated the changes in diameter of the implanted 
bioprosthetic valve at nine different frame node levels (fig. S3B). 
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The results showed that the diameter values of the implanted valve 
in the 3D printed model were close to the patient’s corresponding 
postoperative data at different systolic phases of the cardiac cycle 
(Fig. 3E). A maximum difference of 6.5% (node level 3) and a mini-
mum difference of 2.2% (node level 1) between the diameter of the 
implanted valve in the 3D printed model and the average of diame-
ters over the four systolic phases (phases 0, 10, 20, and 30) of the 
patient’s postoperative data were obtained, hence verifying the fi-
delity of this 3D printed model compared to the patient’s anatomy 
and corresponding physical behavior.

In vitro hemodynamic studies
To capture the hemodynamic performances of the 3D printed aortic 
root models, we evaluated their in vitro responses in pulsatile flow 
cycles. For this purpose, we fabricated two sets of models corre-

sponding to normal and stenotic cases: Set 1 are models that were 
printed using ink 1 for the myocardium and leaflets (lower modulus) 
and ink 3 for the aortic wall (corresponding to aortic tissue sample 1 
from a subject without calcification) and had no calcified regions on 
the leaflets to represent cases without AS (Fig. 4A); and Set 2 are 
models that were printed using ink 2 for the myocardium and leaf-
lets [higher modulus; (38)] and ink 4 for the aortic wall (corre-
sponding to aortic tissue sample 2 from a subject with calcification) 
and had calcified regions on the leaflets printed using ink 5 to rep-
resent cases with AS (Fig. 4B). The 3D printed models were placed 
in a custom setup (fig. S4) connected to a pulsatile blood pump. To 
mimic the dynamic viscosity (3.45 mPa/s) and density (1060 kg/m3) 
of blood (39), we used a solution composed of water and glycerol 
with a weight ratio of 6:4 as the working fluid in these tests (dynamic 
viscosity of ca. 3.3 mPa/s and density of ca. 1098 kg/m3). The pulsatile 
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pump parameters were adjusted to replicate the physiological con-
ditions in each case. During each flow cycle, upon the increase of 
the ventricular pressure to a value greater than the aortic pressure, 
the aortic valves opened and allowed for ejection of the fluid flow 
from the ventricle into the aorta (systole phase). Once the ventricular 
pressure reached a value below the aortic pressure, the aortic valve 
closed (diastole phase; movie S2).

During physiological cardiac cycles, the ejection of blood from 
the left ventricle to the aorta results in an increase in the aortic pres-
sure. The maximum change in aortic pressure is referred to as the 
pulse pressure (PP) and is defined as the difference between the 
maximum aortic pressure in systole and its minimum value in dias-
tole (40). At a constant stroke volume (SV), the amount of pulse 
pressure depends on the aortic compliance (C), which is a property 
of the aorta that allows for its expansion to accommodate the in-
crease in pressure during blood ejection (41). The total aortic com-
pliance can be estimated as the ratio of the stroke volume to the 
pulse pressure (C ~ SV/PP) (42). In other words, higher arterial 
compliance results in smaller values of pulse pressure, at a specific 
stroke volume. Various factors, such as aging, can result in decreased 
arterial compliances, mainly due to changes in arterial wall matrix 
compositions. Specifically, aging has been associated with an 
increase in collagen content and cross-linking, as well as fragmen-
tation of elastin fibers in the aortic wall, which ultimately leads to 
arteries with higher stiffnesses and lower compliances in the elderly 
(2). Given the predominant age group of individuals suffering from 
AS, reduced aortic compliance is a prevalent condition in these 
patients (43).

The capability to capture these changes in aortic compliance 
would be valuable for in vitro characterizations of transvalvular 
flows in AS cases with different severity conditions for potential 
implications in validation of computer flow dynamic models with 
blood and the development of vascular implants (20, 44). For this 
purpose, we compared the compliance of the two sets of models by 
varying the stroke volumes from 15 to 90 ml per stroke and measur-
ing the changes in pulse pressures (Fig. 4C). It was observed that the 
models in Set 2 with calcified leaflets exhibited lower compliance 
and, as a result, had higher pulse pressure at a given stroke volume 
compared to the models in Set 1. The estimated overall compliance 
for models in Set 1 and Set 2 were 2.11 and 0.90 ml/mmHg, respec-
tively, which were close to the values reported for normal cases 
(1.91 ± 0.76 ml/mmHg) (42) and cases with moderate aortic AS and 
low aortic compliances (0.90 ± 0.17 ml/mmHg) (40). The observed 
lower compliance of the models in Set 2 compared with Set 1 was 
also consistent with the higher elastic modulus of ink 4 compared 
with ink 3 as shown in Fig. 2D.

Another hemodynamic marker in patients with AS is elevated 
transvalvular pressure gradients between the left ventricle and the 
aorta during systole (45). This is typically caused by valvular ob-
structions and reduced arterial compliance, which ultimately re-
sults in increased left ventricular pressure overloads and dysfunction 
(43, 46). To this end, we examined the pressure changes in flows 
across the aortic valve, from the left ventricle outflow tract to the 
aorta of the 3D printed models with and without calcification. 
These models were able to replicate the expected trends of pressure 
changes observed in real cases of normal and stenotic valves. Specifi-
cally, it was observed that the model without calcifications yielded 
almost similar values for the ventricular and aortic pressures during 
the systole phase of the cardiac cycle, due to the free flow of the 

fluid from the left ventricle to the aorta, yielding an average of 
1.23 mmHg peak-to-peak pressure gradient (Fig. 4D). On the other 
hand, for the model with calcifications, a higher gradient with an 
average value of 76.32 mmHg peak-to-peak pressure gradient was 
observed from the left ventricle to the aorta (Fig. 4E), which falls in 
the range of reported values for peak-to-peak pressure gradients in 
patients diagnosed with AS (47, 48).

Last, we implanted a bioprosthetic transcatheter valve in the aortic 
root model with calcified leaflets (movie S3) and assessed the appo-
sitions of the valve frame with the aortic annulus to identify the 
potential PVL sites. For this purpose, we selected three regions 
along the annulus as follows: Region 1 surrounds the commissure 
between the right coronary cusp and noncoronary cusp; Region 2 
surrounds the noncoronary cusp; and Region 3 surrounds the left 
coronary cusp. We used a videoscope to visualize the appositions of 
the frame with respect to the aortic wall of the model at these three 
locations, as well as the color Doppler echocardiography to verify 
PVL occurrences by evaluating the directions and speeds of the fluid 
flow in the regions of interest (Fig. 4F). It was observed that an 
improper seal and existing gaps between the stent frame and the 
aortic wall of the model at Regions 1 and 3 resulted in some degree 
of PVL at these locations, which was verified by the presence of 
eccentric jets and their velocities in the corresponding echocardio-
grams (49). On the other hand, the echocardiogram for Region 2 
did not indicate the occurrence of PVL, which was in accordance 
with the fact that no gaps were visually detected at this location.

Visualization of applied pressures via internally integrated 
sensor arrays
To quantify the applied pressures on the critical region of the aortic 
root after bioprosthetic valve implantation, we designed a capaci-
tive pressure sensor array that was internally embedded within the 
critical landmark of the aortic root models and was in direct contact 
with the implanted valve. We chose a 3 × 3 array to cover the area 
surrounding this critical region of interest as a starting point for a 
proof-of-concept demonstration of tailored, internal integration of 
these electronics into patient-specific organ models and their 
simultaneous fabrication. For this purpose, the design of the array 
was motivated by optimizing the contributions from the patient’s 
anatomical geometry in that region, as well as optimizing printing 
parameters. Each sensing element in the designed array consisted of 
two layers of polyacrylamide-based ionic hydrogel as the conduc-
tive electrodes that were separated by a dielectric layer composed of 
the silicone-based material with the same composition as the myo-
cardium sections of the models (Fig. 5A). Applying an external 
pressure to the sensor results in a deformation of the dielectric elas-
tomer layer and, consequently, changes in device capacitance. To 
incorporate the sensor array within the model, we integrated two 
sets of horizontal (green in Fig. 5B) and vertical (orange in Fig. 5B) 
electrode channels that conformally follow the contour of the anat-
omy in the model design (fig. S5 and movie S4). After printing and 
curing of the aortic root models, the channels were then filled by 
injection of the aqueous solution of the ionically conductive hydro-
gel, followed by ultraviolet (UV) photopolymerization (Fig. 5B). A 
sensing element was formed at each crossing junction of these 
channels.

The internally integrated sensor array was calibrated to map the 
pressures imposed by the implanted valve on the critical region of 
the anatomy for different cases of bioprosthetic valve sizes and 
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implantation depths (Fig. 5, C to H). The resulting pressure maps 
provided quantitative visualizations of the pressure distributions in 
each of these cases, which, in turn, could be used to optimize the 
prosthesis implantation heights and alignments within the given 
anatomy. Specifically, we implanted a 29-mm valve frame at three 
different implantation heights that yielded estimated maximum 
pressure values of 234, 486, and 404 kPa, corresponding to implan-
tations at a shallow height (Fig. 5C), intermediate height (Fig. 5D), 
and deep height (Fig. 5E), respectively. Similarly, we implanted 
three different TAVR valves with sizes of 26 (Fig. 5F), 29 (Fig. 5G), 

and 31 mm (Fig. 5H) by keeping the implantation height constant 
at the intermediate level. The resulting pressure maps showed 
much lower pressure values for the 26-mm valve case, compared to 
29- and 31-mm valve sizes, which correlates with the existence of 
gaps between the valve frame and the model wall in this case. The 
estimated maximum pressure values for these cases were 60, 375, 
and 528 kPa, respectively.

Previous case studies involving computational modeling of the 
applied pressures on the critical region of the aortic root anatomy 
after bioprosthetic valve implantation have suggested that conduction 

Fig. 5. 3D printed aortic root model with internal sensor arrays and visualization of applied pressures after valve implantation. (A) Schematic of the sensor array 
concept design in planar configuration. (B) 3D printed aortic root model with internal sensor array (left) and the corresponding isolated sensor region (right). The vertical 
(orange) and horizontal (green) electrodes of the integrated sensor arrays on the model correspond to the top and bottom electrodes in the planar design, respectively. 
(C) Implantation of the 29-mm Evolut R TAVR valve frame at a shallow height. (D) Implantation of the 29-mm Evolut R TAVR valve frame at an intermediate height. 
(E) Implantation of the 29-mm Evolut R TAVR valve frame at a deep height. The red marked lines in (C) to (E) correspond to the intermediate implantation height. (F) Implan-
tation of the 26-mm Evolut R TAVR valve at an intermediate height. (G) Implantation of the 29-mm Evolut R TAVR valve at an intermediate height. (H) Implantation of the 
31-mm CoreValve TAVR valve at an intermediate height. Photo credit for (B) to (H): Ghazaleh Haghiashtiani and Kaiyan Qiu, University of Minnesota.
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disturbances may occur for maximum contact pressures within 0.43 to 
0.7 MPa for the self-expanding CoreValve Evolut R valve (Medtronic) 
(8) and 0.29 to 0.8 MPa for the mechanically expandable LOTUS 
valve (Boston Scientific), with cutoff values of 0.39 and 0.36 MPa, 
respectively (50). Correlating these values with the pressure read-
ings from the different cases of valve implantations suggests that the 
patient may experience conduction disturbances with a valve size of 
29 mm positioned at the intermediate implantation height. This 
prediction matched the actual patient outcome, whose anatomy 
was investigated in this proof-of-concept study.

DISCUSSION
Here, we have demonstrated that the fabrication of multimaterial 
3D printed aortic root models with internal sensor arrays are of 
meaningful research value for different purposes in TAVR testing 
applications. Specifically, these models can be used to complement 
the current clinical practices in TAVR preprocedural planning and 
facilitate the decision-making processes in various AS cases, e.g., 
those with different levels of disease severities and anatomical intri-
cacies requiring one to carefully select the appropriate type, size, 
implantation depth, and positioning of the bioprosthetic valve. Thus, 
these models could aid in alleviating the risks of postoperative com-
plications, as well as in gaining a better understanding of the interplay 
between the different factors on the outcome based on each patient’s 
unique anatomical features.

These proof-of-concept demonstrations need to be further veri-
fied with large-scale, retrospective and prospective clinical studies. 
Specifically, a large cohort of patients with postoperative heart 
block should be analyzed, both clinically and via computer simula-
tions, to validate the efficacies of using these 3D printed models for 
the prediction of potential conduction disturbances and to define 
contact pressure threshold values for these conduction disturbances 
with different types of bioprosthetic valves.

Moreover, the mechanical characterization of the tissue and 
polymeric materials showed a discrepancy between the elastic mod-
uli of the two at higher strain values. Despite this discrepancy, it was 
observed that the values obtained for aortic compliance of the 3D 
printed models in the hemodynamic tests fall in the range of reported 
values for normal and stenotic cases, confirming the validity of 
these models for in vitro flow studies undergoing higher mechanical 
strains. Nevertheless, future efforts should be focused on develop-
ing 3D printing materials and strategies to better mimic both bulk 
and surface properties of biological tissues, including heterogeneity, 
anisotropy, strain-stiffening properties at higher strains (51), 
porosity, wettability, and bioadhesion. Improving the resolutions 
and sensitivities of the integrated sensor arrays could also pinpoint 
the localization of regions with critical contact pressures and pro-
vide a more accurate representation of pressure distribution, thus 
improving the efficacies of these models in alleviating potential 
risks of post-TAVR conduction disturbances.

The concepts outlined in this work aimed to demonstrate the 
application of 3D printed aortic root models with internal sensors 
as preplanning platforms for minimally invasive procedures such as 
TAVR. More broadly, these patient-specific models can be designed 
with targeted functionalities for a variety of minimally invasive pro-
cedures, including, but not limited to, endovascular coiling, sialo-
endoscopy, coronary angioplasty, and/or stenting. These models 
could be implemented as surgical adjuncts to address the limited 

accesses inherent to these types of procedures, i.e., by providing 
realistic, 3D visualizations of the organs of interest and targeted 
quantitative feedback for the specified surgical interventions. Hence, 
the models could ultimately enhance preoperational planning and 
alleviate some of the risk of intra- and postoperative complications 
of associated therapies. In addition, these sensing models could 
serve as a benchtop platform for the development of next-generation 
prostheses and medical devices. The outcomes of this work could 
contribute to the incorporation of advanced dynamic functionalities 
into the organ models, setting the stage for bionic organs, or for 
“smarter” surgeries by using the models to train robot-assisted, 
minimally invasive procedures, hence defining a compelling para-
digm for the future of personalized medicine.

MATERIALS AND METHODS
3D printing material formulation and preparation
The material system mainly consisted of silicone sealant (acetoxy-
based room temperature vulcanizing sealant, LOCTITE SI 595 CL) 
and silicone grease (LP20, Trident). For ink preparation, the active 
agent and bulking agent were mixed at specified weight ratios via a 
planetary centrifugal mixer (ARE-310, THINKY) at 2000 rpm for 
6 min to form the customized polymeric inks with different proper-
ties. The prepared weight ratios of bulking agent to active agent 
were 0, 0.25, 0.4, 0.55, 0.70, 0.85, 1.00, 1.15, 1.3, 1.45, 1.75, and 2.05 to 
achieve different values of Young’s modulus and other mechanical 
properties. Coloring agent (Procinyl Red GS, ICI America Inc.) was 
optionally added into the material system for the purpose of indi-
cating different model sections or the bioprosthetic valve implanta-
tion depth mark. For adding the coloring agent to the material, the 
customized polymeric ink (10 g) was mixed with 1% (w/v) coloring 
agent in dichloromethane solution (0.5 ml) at a 20:1 (w/v) ratio via 
the mixer at 2000 rpm for 6 min. For printing the calcified regions, 
ALEX PLUS Spackling material (DAP Products Inc.) was used. 
In addition, during the printing process, a sacrificial ink was used to 
construct the supporting structures, which comprised the surfac-
tant Pluronic 127 (Sigma-Aldrich) dissolved at a ratio of 40:100 (w/v) 
in glycerol/deionized water solution (1:9 v/v). After printing and 
curing of the model, the supporting structure was removed by 
flushing with cold water.

Sol-gel and stability tests of the customized polymeric 
materials in glycerol-water, hexane, and air
For analyzing the sol-gel fractions of the customized polymeric 
materials, rectangular samples were 3D printed with dimensions of 
15 mm × 15 mm × 1.2 mm (length × width × height) using different 
ink formulations (weight ratios of bulking agent to active agent of 0, 
0.25, 0.55, 0.85, 1.15, 1.45, and 1.75). First, the samples were weighed 
to obtain their initial dry weight (m0) and then were immersed in 
glycerol-water solution with a volume ratio of 0.65:1.23 (corre-
sponding to the test fluid used in the hemodynamic studies) or hex-
ane solvent in glass vials. The glass vials containing the samples 
immersed in the test solvent were placed on an orbital shaker 
(VWR, Model 3500) and maintained at room temperature and ~250 rpm. 
At time intervals of 24, 48, 72, and 96 hours after immersion, the 
solid contents of the samples were extracted from the test solution 
using filter paper (P5 Grade, 09-801B, Thermo Fisher Scientific) to 
obtain potential residues. For samples immersed in water/glycerol, 
an additional rinsing step with deionized water was performed after 

 on A
ugust 28, 2020

http://advances.sciencem
ag.org/

D
ow

nloaded from
 

http://advances.sciencemag.org/


Haghiashtiani et al., Sci. Adv. 2020; 6 : eabb4641     28 August 2020

S C I E N C E  A D V A N C E S  |  R E S E A R C H  A R T I C L E

9 of 12

removal from the solution. Next, these obtained samples were 
dried, and their dry weights were measured. The measured weights 
were regarded as the weight of the cross-linked portion of the mate-
rials at each time interval (mi). The weight losses (∆m = m0 − mi) 
and the ratios of weight loss to initial weight of the samples (∆m/m0) 
were then determined at each time interval as an indicator of the 
stabilities of the materials in each test solution. Similar measure-
ments were performed by obtaining the weight changes of the sam-
ples in ambient air over the course of 96 hours to determine the 
stabilities of the polymeric materials in air.

Preparation and characterizations of the tissue samples
Human tissue specimens were obtained from myocardium and 
aortic wall regions. The tissue samples for compression tests were 
cut using a laser cutter (Helix 24; Epilog Laser) into cylindrical 
samples. Specifically, the aortic and myocardium tissue specimens 
were prepared with dimensions of ca. 7.1 to 7.2 mm  ×  1.5 to 
2.4 mm (diameter × height) and ca. 6.6 to 6.7 mm × 2.2 to 3.5 mm 
(diameter × height), respectively. The cylindrical samples were 
mounted on a mechanical analyzer (RSA-G2, TA Instruments) for 
compression tests using an 8-mm parallel plate geometry and were 
compressed at a strain rate of 0.0355 s−1. It should be noted that a 
set of human tissue specimens from a calcified aorta were received 
as rectangular samples and tested in tension to obtain the modu-
lus range for this specific case (aorta tissue 2 and its correspond-
ing ink 4).

Mechanical characterization of the customized  
polymeric materials
For compression tests, the polymeric materials with different for-
mulations were printed into cylindrical samples with dimensions of 
ca. 8 mm × 5 mm (diameter × height). For tensile tests, the poly-
meric ink with specified formulation was printed into rectangular 
samples with dimensions of ca. 35 mm × 5 mm × 1 mm (length × 
width × thickness, as printed). Both compression and tensile tests 
were carried out using a mechanical analyzer (RSA-G2, TA Instru-
ments). An 8-mm parallel plate geometry was used in compression 
tests. The test procedure and settings were the same as the tissue 
characterization for comparison purposes.

Rheological characterization of the customized  
polymeric inks
Rheological characterization of the customized polymeric inks and 
their main constituents were performed on a magnetic-bearing 
rheometer (AR-G2, TA Instruments) with a steel plate (25-mm 
diameter) Smart Swap geometry at 25°C. Viscometry experiments 
were conducted via a logarithmic sweep of shear rate at 0.1 to 1000 s−1 
range with a 500-m gap between the Smart Swap geometry and the 
lower geometry. Oscillatory rheometric experiments were conducted 
via a logarithmic sweep of oscillation shear stress at 0.1 to 1000 Pa 
range and a frequency of 1 Hz with a 500-m gap between the Smart 
Swap geometry and the lower geometry.

Fourier transform infrared spectroscopy
Chemical analyses of the spackling material were carried out using 
an FTIR spectrophotometer (Thermo Fisher Scientific Nicolet iS50) 
in attenuated total reflection mode. Spectra, averaged over 32 scans, 
were taken in the range of 4000 to 400 cm−1 wave number, at a res-
olution of 4 cm−1.

Processing of STL models
Two patient-specific aortic root STL models, derived from CT im-
ages, were received from Medtronic plc. Each STL model consisted 
of the aortic wall, myocardium, leaflets, and calcifications. For the 
purpose of this study, the first patient anatomy was used for fidelity 
analysis experiments (Fig. 3), and the second patient anatomy was 
used for hemodynamic studies (Fig. 4; for case studies with and 
without calcification, the calcified regions were included/excluded, 
correspondingly) and sensor integration (Fig. 5). To 3D print a part, 
the STL models were sliced into horizontal layers (fig. S1) and 
converted into G-code, the computer language that dictated the 
printing pathways as the inputs for the 3D printing process. MeshLab, 
an open source mesh processing system, was used to divide each 
STL model into separate components (myocardium, aortic wall, 
leaflets, and calcifications) to facilitate the assignment of different 
inks and their corresponding settings for the printing process. 
Slic3r, an open source slicing software, was used for slicing these 
models into layers and G-code generation. We imported the full 
aortic root models into Slic3r, as well as the separate component 
STL files as modifiers. These modifiers allowed for assignment of 
different inks, print speeds, perimeters, and other printing parame-
ters for specific regions of a given model. When each model was 
fully configured for printing, Slic3r was used to generate the G-code. 
Last, a custom MATLAB script was used to convert the G-code gen-
erated from Slic3r into a form compatible with our custom-built 3D 
printing system for multinozzle printing.

3D printing of aortic root models
A custom-built 3D printing system (AGS1000, Aerotech) with two 
independent z-axis heads was used for 3D printing of aortic root 
models. Four inks with different properties, including the ink for 
aortic wall, the ink for myocardium and leaflets, the ink for calcified 
region, and the ink for supporting material, were used in the pro-
cess and were deposited from four dispensing apparatuses con-
trolled by four high-precision dispensers (Ultimus V, Nordson 
EFD). For fabricating the models used for fidelity analyses and 
hemodynamic studies, the myocardium section and its correspond-
ing support structure were printed using nozzles with an inner 
diameter of 1.36 mm (15GA GP .054X.25, Nordson EFD) and layer 
height of 1.2 mm, and the leaflets, aortic wall, calcification, and their 
corresponding supporting structure were printed using nozzles 
with an inner diameter of 0.84 mm (18 GA GP .033X.25, Nordson 
EFD) and layer height of 0.7  mm. For these cases, the printing 
speeds for perimeter and infill of the models were set to 20 and 
10 mm/s, respectively. For fabricating the models with integrated 
sensors, finer nozzles (inner diameter of 0.51 mm, 21 GA GP 
.020X.25, Nordson EFD) and layer height (0.4 mm) were used for 
the lower section of the model (myocardium and aortic root includ-
ing the sinuses, leaflets, and calcification) to 3D print the sensor 
array with a higher resolution. The top parts of these models (as-
cending aorta) were printed using nozzles with an inner diameter of 
1.36 mm and a layer height of 1.2 mm. The printing speeds for 
perimeter and infill of these models were set to 10 and 8 mm/s, 
respectively. After printing, the models were left in ambient air for 
5 to 7 days to ensure complete curing. Once the models were fully 
cured, the supporting structure was removed via flushing with cold 
water. Two cases of patient-specific aortic root models were printed, 
one for fidelity analysis and one for hemodynamic studies and 
sensor integration.
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Model fidelity analyses
To assess the fidelities of the 3D printed structures to the patient 
anatomies, a CT scan was performed on the 3D printed aortic root 
model. The obtained CT image stack was then segmented and con-
verted to a 3D aortic root model with an STL format using Mimics 
Medical 21.0 (Materialise NV) software package. 3D registration of 
the STL files between the 3D printed aortic root model and the 
patient aortic root geometry was achieved using CloudCompare 
2.10.2 (www.cloudcompare.org) open source software. CloudCompare 
was also used to overlay the two 3D models and obtain a distance 
map along with a histogram of the offset between the patient anatomy 
as the template and the 3D printed construct for 3 × 105 voxels in 
40 iterations. It should be noted that the 3D printed model ge-
ometry can experience deformation under its own weight due to 
gravity, while for the patient case, the aortic root is constrained by 
the surrounding anatomy. Hence, to minimize the impact of defor-
mations due to gravity, the two 3D models were overlaid by matching 
the ascending aorta as the reference region.

After registration, the two models were compared using the 
cloud to mesh tool in CloudCompare. The process generated a 
distance heatmap and a histogram of the distance differences be-
tween the points of the 3D printed model and the patient’s native 
aortic root anatomy. The distance scale in CloudCompare was then 
calibrated to millimeters. From the histogram of the distances, the 
print fidelity was determined by the percentile of points that fell 
between a given error margin.

Frame analysis study on the 3D printed aortic root model 
with implanted valve
A 26-mm Evolut PRO (Medtronic) valve frame was implanted into the 
3D printed aortic root model using the EnVeo PRO delivery system. 
The model was also mounted in a fixture for mimicking the confine-
ment and the surrounding structure of the aortic root in the patient 
anatomy (fig. S3). After performing the CT scans, the aortic root and 
the valve frame were computationally modeled and reconstructed 
using the Mimics Medical 21.0 (Materialise NV) software package. A 
total of nine splines were added at different levels of the reconstructed 
frame for the purpose of frame deformation analysis and compari-
son to the corresponding patient’s postoperative frame dimensions.

In vitro hemodynamic testing and parameter calculation
The hemodynamic studies were performed using a test setup (fig. 
S4) consisting of a pulsatile piston blood pump for simulating cyclic 
flow (Model 1423, Harvard Apparatus), an endoscopic videoscope 
(IPLEX FX Model IV8000 IV6C6-13, Olympus) for direct visualiza-
tion of leaflet movements, a flow probe sensor for measuring the 
volumetric flow rates (ME 13 PXN Inline Flowsensor, Transonic), 
two pressure catheters for monitoring the ventricular and aortic 
pressures [a balloon pressure catheter (Attain Venogram Balloon 
Catheter 6215-80 cm, Medtronic) and a syringe-based pressure 
catheter], a silicone-based fixture (Mold Star 15, Smooth-On) for 
constraining the models, a fluid reservoir, and an arterial compli-
ance chamber. The height of the arterial compliance chamber in the 
setup was adjusted to provide the approximate baseline diastolic 
aortic pressures under different testing conditions. Silicone tubing 
was used to connect the components to each other and to the 3D 
printed aortic root models. The working fluid was a solution com-
prising water and glycerol with a weight ratio of 6:4. The pump 
settings were adjusted to provide a rate of 70 beats/min and an 

output phase ratio (% systole/% diastole) of 50/50 for all tests. The 
values of stroke volume were adjusted for different tests. Specifically, 
for investigating the compliance of the models (Fig. 4C), the tests 
were performed at stroke volumes of 15, 30, 50, 70, and 90 ml per 
stroke. For evaluating the pressure changes in the model without 
calcification (Fig. 4D), the stroke volume was set to 70 ml per stroke 
and the baseline diastolic aortic pressure was adjusted to ~80 mmHg. 
For the model with calcification (Fig. 4E), the stroke volume and the 
baseline diastolic aortic pressure were adjusted to 50 ml per stroke 
and ~50 mmHg, respectively (52).

The values of pulse pressure in Fig. 4C were calculated by subtract-
ing the average systolic aortic pressure and the average diastolic aor-
tic pressure over 10 consecutive cycles. The data points and the error 
bars in the plot corresponded to the average and SD of three tested 
models for each case, respectively. The estimated values of overall 
compliance corresponded to the slope of the linear fit for each case.

The peak-to-peak pressure gradient values corresponding to 
Fig. 4 (D and E) were calculated by averaging the difference be-
tween the maximum ventricular pressure and the maximum aortic 
pressure in systole over 10 consecutive cycles. If applicable, the 
readings for left ventricular pressure were adjusted on the basis of 
the calibration baseline of the corresponding balloon pressure cath-
eter. The negative values of left ventricular pressure at the beginning 
of diastole correspond to the instant when the pulsatile pump stops 
and most of the fluid is pushed out through the leaflets and into the 
aorta. At this moment, there is less fluid pressure in the left ventricular; 
thus, the pressure reading in LV is negative.

For PVL study, a 26-mm Medtronic Evolut R (Medtronic) valve 
was implanted in the model with calcified leaflets. Transthoracic 
echocardiograms of the 3D printed aortic root model with implanted 
valve for detection of PVL sites were obtained from a long-axis view 
via an ultrasound system (Model iE33, Philips) using an X7-2 
pediatric probe (Philips).

Preparation of models with internally integrated sensor arrays
The ionic hydrogel precursor used to create the electrodes of the 
sensor consisted of acrylamide monomer (A8887, Sigma-Aldrich) 
dissolved in an 8 M lithium chloride solution (L7026, Sigma-Aldrich) 
with a ratio of 15.64:100 (w/v), as well as N,N′-methylenebisacrylamide 
cross-linking agent (M7279, Sigma-Aldrich) and 2-hydroxy-2-methyl-
propiophenone photoinitiator (405655, Sigma-Aldrich) with ratios 
of 0.00064:1 and 0.00543:1 with respect to the weight of acrylamide 
monomer, respectively. For better visualization of the ionic hydrogel 
in the channels, orange and green dyes were added to the precursor 
solution [0.5% (v/v)]. Once the 3D printed models were fully cured, 
the ionic hydrogel precursor was injected into the channels via a 
30-gauge needle (305128, BD) and was photopolymerized via exposure 
to a UV system (OmniCure S1500, Excelitas Technologies). For test-
ing purposes and connection of the sensor array to the measure-
ment system, flexible 28 AWG stranded tinned copper wires 
(BNTECHGO) were inserted into the filled channels of the models.

Calibration of the sensor array
To translate the capacitance changes of the sensing elements to 
pressure values, the sensor arrays were quantitatively calibrated. 
For this purpose, the region of the model limited to the 3 × 3 sensor 
array was fabricated separately (Fig. 5B, right). The calibration was 
performed by individually applying different pressures to each of 
the nine sensing elements in the array and measuring the changes in 
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their capacitances. The sensor array was fixed on a silicone-based 
platform (Mold Star 15, Smooth-On) and was mounted on a digital 
scale (Elec3) to record the values of applied forces during calibra-
tion (fig. S6A). A custom 3D printed bar (tough resin, Formlabs 2) 
with a rectangular tip with dimensions of 2 mm × 2 mm (approxi-
mately corresponding to the area of the sensing elements) was 
mounted on a vertical axis of a nanopositioning stage (ANT130LZS, 
Aerotech) to apply a press-release cycle to each sensing element of 
the device. By varying the vertical positions of the bar during the 
calibration process, different values of the applied forces were 
obtained. The applied pressure values were calculated by dividing 
the recorded forces by the area of the sensing elements before defor-
mation. In addition, the sensor was connected to a characterization 
system (B1500A, Agilent Technologies) to record the changes in 
device capacitances at each of the press-release cycles. The recorded 
measurements were analyzed to obtain plots of ​​∆ C _ ​C​ 0​​ ​​ versus applied 
pressure, yielding two regions with different sensitivities corre-
sponding to low-pressure and high-pressure regimes. Hence, to 
more accurately capture and translate the response of the device, 
two linear fits corresponding to each regime were used for each of 
the sensing elements. To translate the capacitance changes to 
pressures values, the calibration equation corresponding to the 
appropriate ​​∆ C _ ​C​ 0​​ ​​ range of each sensing element in the array was used 
(table S2). The calibration equations are devised with the format 
of ​​P  = ​ (​​ ​∆ C _ ​C​ 0​​ ​ + b​)​​ / a​​, where a represents sensitivity of the sensing 
elements in each region with units of kPa−1, and b is the intercept 
of the linear fit.

Testing models with internally integrated sensor arrays
The 3D printed aortic root models were placed in a custom silicone-
based fixture (Mold Star 15, Smooth-On) and connected to a char-
acterization system (B1500A, Agilent Technologies) to measure the 
capacitance values. For each case of valve sizing and implantation 
height, first, the baseline capacitances of the nine sensing elements 
in the sensor array were recorded (C0). Then, the bioprosthetic valve 
was implanted in the model, followed by measuring the changes 
in capacitance values. The bioprosthetic valves used in the tests were 
the Medtronic Evolut R 26 mm, Evolut R 29-mm valve and stent frame, 
and the CoreValve 31 mm (fig. S7). The normalized capacitance 
changes ​​​(​​ ​∆ C _ ​C​ 0​​ ​​)​​​​ of the nine sensing elements for each case of valve 
sizing and implantation height were then processed using MATLAB 
to obtain the heatmaps (fig. S8). Given the arrangement of the sensing 
elements in the array and the relative ratio of the active versus inac-
tive area as depicted in Fig. 5 (i.e., the lateral spacing between adjacent 
elements being comparable to the dimensions of the active sens-
ing elements), the nine data points were linearly interpolated to 
obtain the continuous heatmaps for the purpose of providing vi-
sual guides and estimation of the pressure distribution. Specifically, 
using the “interpn” function in MATLAB with linear interpolation 
method, the intervals were consecutively halved five times in each 
dimension, resulting in 25 − 1 = 31 interpolated points between the 
sample data points. To translate the capacitance changes to pres-
sures values, the calibration equations corresponding to each sens-
ing element in the array and the ​​∆ C _ ​C​ 0​​ ​​ range were used (table S2).

SUPPLEMENTARY MATERIALS
Supplementary material for this article is available at http://advances.sciencemag.org/cgi/
content/full/6/35/eabb4641/DC1

View/request a protocol for this paper from Bio-protocol.
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