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Abstract

Patients with aortic heart valve disease are limited to valve replacements that lack the ability to 

grow and remodel. This presents a major challenge for pediatric patients who require a valve 

capable of somatic growth and at a smaller size. A patient-specific heart valve capable of growth 

and remodeling while maintaining proper valve function would address this major issue. Here, we 

recreate the native valve leaflet structure composed of poly-s-caprolactone (PCL) and cell-laden 

gelatin-methacrylate/poly(ethylene glycol) diacrylate (GelMA/PEGDA) hydrogels using 3D 

printing and molding, and then evaluate the ability of the multilayered scaffold to produce 

collagen matrix under physiological shear stress conditions. We also characterized the valve 

hemodynamics under aortic physiological flow conditions. The valve’s fibrosa layer was 

replicated by 3D printing PCL in a circumferential direction similar to collagen alignment in the 

native leaflet, and GelMA/PEGDA sustained and promoted cell viability in the spongiosa/

ventricularis layers. We found that collagen type I production can be increased in the multilayered 

scaffold when it is exposed to pulsatile shear stress conditions over static conditions. When the 

PCL component was mounted onto a valve ring and tested under physiological aortic valve 

conditions, the hemodynamics were comparable to commercially available valves. Our results 

*Address for correspondence: Michael E. Davis, Ph.D., Professor, Department of Biomedical Engineering, Emory University and 
Georgia Institute of Technology, Health Science Research Building, 1760 Haygood Drive, Suite W200, Atlanta, GA 30322, Phone: 
404-727-9858, michael.davis@bme.emory.edu.
+These authors contributed equally to this work.

Publisher's Disclaimer: This is a PDF file of an unedited manuscript that has been accepted for publication. As a service to our 
customers we are providing this early version of the manuscript. The manuscript will undergo copyediting, typesetting, and review of 
the resulting proof before it is published in its final form. Please note that during the production process errors may be discovered 
which could affect the content, and all legal disclaimers that apply to the journal pertain.

Declaration of interests
The authors declare that they have no known competing financial interests or personal relationships that could have appeared to 
influence the work reported in this paper.

HHS Public Access
Author manuscript
Biomaterials. Author manuscript; available in PMC 2021 May 01.

Published in final edited form as:
Biomaterials. 2020 May ; 240: 119838. doi:10.1016/j.biomaterials.2020.119838.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



demonstrate that a structurally representative valve leaflet can be generated using 3D printing and 

that the PCL layer of the leaflet can sustain proper valve function under physiological aortic valve 

conditions.

2. Introduction

An estimated two to three million children live with heart disease, about 5% of whom have 

heart valve disease 1–3. This is mainly due to congenital heart defects in industrialized 

countries and the persistence of rheumatic fever in underdeveloped regions 4–6. Valve 

disease can be treated by valve replacement or repair. In most cases, valve repair is not 

possible, and valve implants have a number of risks, such as thrombogenicity and 

calcification. A significant issue for pediatric patients is the lack of small implants capable 

of growing, often requiring several surgical interventions for valve refitting 1,7. Tissue 

engineered heart valves (TEHVs) have the potential to address limitations with current 

implants through their self-repairing and remodeling capacity.

Although there have been recent advancements in the field of TEHVs, developing a 

mechanically functional aortic TEHV for long-term implantation remains a challenge. 

Ideally, a TEHV should be biocompatible, durable, and anti-thrombogenic, and have a 

physiological hemodynamic profile. To date, a TEHV that meets all these criteria and can 

function under physiological aortic conditions has yet to be created.

The aortic heart valve opens and closes approximately four million times a year, with 

minimal transvalvular pressure gradients 7. The mechanical strength of valves is attributed to 

the unique microstructure of each leaflet layer. The orientation of the extracellular matrix 

(ECM) of these layers is believed to enable the constant loading and unloading of the valve 

leaflets 8. A challenge with tissue engineering an aortic valve is the difficulty in replicating 

the trilayer leaflet structure, which is comprised of the fibrosa, spongiosa, and ventricularis 
7,9,10. The fibrosa provides mechanical strength through circumferentially aligned collagen 

fibers. The spongiosa is the middle layer, rich in glycosaminoglycans, while the ventricularis 

is composed of radially aligned elastin. The leaflet layers are surrounded by valvular 

interstitial cells (VICs) which are responsible for maintaining the tissue homeostasis of the 

valve8. With the native valve leaflet structure and function as a guide, the goal is to design a 

scaffold that closely mimics this structure to develop a functional aortic TEHV.

To generate a functional TEHV, human induced mesenchymal stem cells (iMSCs) will be 

incorporated into the scaffold to promote matrix production. iMSCs were previously derived 

from induced pluripotent stem cells (iPSCs) and are patient-specific 11. These cells, 

developed by our group11, demonstrate VIC-like phenotype, characterized by low to 

minimal expression of alpha smooth muscle actin (aSMA) and positive expression of 

vimentin. They also have the capacity to produce collagen type I after encapsulation into 

PEGDA hydrogels. iMSCs have similar characteristics to VICs, which are known for their 

several sub-phenotypes ranging from mesenchymal stem cells to fibroblast-like cells and in 

some cases of disease osteoblast-like phenotypes12. The objective of this study is to provide 

an ideal microenvironment for the iMSCs to remain in a quiescent VIC-like stage described 

by low levels of aSMA and higher levels of vimentin expression and matrix production.
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To create a mechanically functional TEHV, the biomaterials and the approach used are 

important. The biomaterial requirements for our TEHV are the ability to support cells, 

promote a physiological phenotype and cellular function, be compatible with 3D bioprinting, 

have tunable mechanical properties, and most importantly, undergo slow degradation over 

time. Considering these requirements, we have opted for two types of biomaterials: 

biodegradable poly-ε-caprolactone (PCL) and a formulation of gelatin methacrylate 

(GelMA) and polyethylene diacrylate (PEGDA). These two groups could enable us to 

incorporate cells into the leaflet scaffold, and these materials are compatible with 3D 

printing, allowing us to mimic the valve leaflet layers. Since the geometry and design are 

key components for a functional TEHV, 3D bioprinting and molding will be the primary 

approach used.

While other methods have been used to generate heart valve conduits, these approaches have 

been limited in their flexibility to utilize different materials in customized patterns, while 

enabling spatial placement of cells within each layer. Another major advantage of 3D 

printing is the ability to easily generate patient-specific valves of different geometries and 

sizes. The concept of using 3D bioprinting to generate a TEHV has been tested by various 

other groups 13,14; however, the combination of biomaterials, geometry, and valve design has 

not yet been investigated and is hypothesized to enable the next generation of 3D bioprinted 

heart valves.

The objective of this study is to develop a multilayered valve leaflet using PCL and a 

GelMA/PEGDA bioink to generate a mechanically functional aortic TEHV that has the 

ability to promote a VIC-like phenotype and collagen type I production by the encapsulated 

cells while undergoing slow degradation. We hypothesize that a leaflet composed of 3D 

printed PCL and a hydrogel layer can be combined in a specific spatial orientation to 

recapitulate the ECM orientation observed in native leaflets, and that under physiological 

shear conditions, leaflets will have positive expression of VIC markers and demonstrate 

initial collagen type I production. When tested under aortic hemodynamic conditions, we 

hypothesize the PCL layer of the leaflet will sustain proper valve function similar to 

commercially available valve implants.

3. Methods and Materials

The method section is categorized into four sections: PCL, hydrogel, multilayered valve 

leaflet, and PCL heart valve. The order follows the process in which experiments were 

conducted. Note that all media components were purchased from Thermo Fisher Scientific 

unless otherwise stated. The time points day 0, 1 , and 7 are abbreviated as D0, D1, and D7, 

respectively, and from here onwards.

3.1. Cells

Human induced mesenchymal stem cells (iMSCs) derived from a feeder-free induced 

pluripotent stem cell protocol were used for experiments 11. Cells were maintained in iMSC 

media containing KO-DMEM, 2mM L-glutamine, 10% fetal bovine serum (Atlanta 

Biologics), 1% nonessential amino acids, and 1% penicillin and streptomycin. The media 

was changed every 2 days.
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3.2. PCL: 3D printing

For this study, poly-ε-caprolactone (PCL; Sigma-Aldrich) of molecular weight of 80,000 Da 

was used. Scaffolds were 3D printed to a thickness of 40-50 μm using the EnvisionTEC 3D 

Bioplotter (Gladbeck, Germany). PCL pellets were first melted in the high temperature 

cartridge to 180°C for 20-30 minutes before starting a print. Once melted, the PCL was 

extruded out of the metal cartridge through a 22G stainless steel Luer lock needle tip 

(EnvisionTEC). Scaffolds of different sizes were 3D printed at 4.0 bar and at a speed of 1.0 

mm/s. The inner pattern design of the PCL scaffolds was controlled by the strand 

orientation. For instance, the circumferentially (parallel to force) aligned scaffold had the 

bottom layer strands aligned at 90° and the top layer strands at 180°. Meanwhile, the radially 

(perpendicular to force) aligned scaffold consisted of the bottom layer at 180° and the top 

layer at 90°. The diagonal orientation was achieved by printing a bottom layer at 30° follow 

by the top layer at 150° (Supplementary figure 1). All orientations were 3D printed into 

dogbones for mechanical testing.

3.3. PCL: Uniaxial tensile testing

To perform uniaxial tensile testing, PCL scaffolds were 3D printed into dogbone specimens 

following the ASTM D1708 – 13 guidelines. The dogbone specimen was designed using 

SOLIDWORKS to have a total length of 37.5 mm, gauge length of 15 mm, and a width of 

5.5 mm. The thickness of the PCL scaffolds ranged from 60 to 160 μm. For uniaxial testing, 

a sample size of 4–7 samples were tested. To characterize the degradation properties of PCL 

scaffolds, the dogbone scaffolds were scaled down by a factor of 1.5 and were maintained in 

PBS solution at 37°C for up to 8 months. The thickness of these samples ranged from 30 to 

50 μm. The uniaxial tensile properties of degraded samples were tested at 0 and 8 months. A 

sample size of 3–6 samples was used. Degraded samples were compared to control samples 

from Day 0. Before uniaxial testing, graphite markers were placed along the gauge length of 

the samples and sandpaper was attached to the end of the dogbone specimen to enhance 

grip. Uniaxial testing was performed on the TestResources SM-500–294 with a 25 lb-f load 

cell at a rate of 12 mm/min and 8 mm/min for the dogbone with a 37.5 mm and 25 mm 

length, respectively. The testing speed was changed to maintain the same strain rate in order 

to ensure the comparability of results. The upper and lower tangent moduli (UTM and LTM) 

and the ultimate tensile strength and ultimate tensile strain (UTS and UTE) were determined 

using MATLAB code (MathWorks), as previously described15. For statistical analysis, 

samples that were normally distributed, an unpaired ordinary one-way ANOVA with Holm-

Sidak’s multiple comparisons test was used, while for samples not normally distributed, a 

Kruskal-Wallis ANOVA test with Dunn’s multiple comparisons test was performed. The 

same approach was used for comparing the degraded PCL scaffolds at 0 and 8 months; 

however, an unpaired t-test or a Mann-Whitney test was used.

3.4. PCL: Surface treatment of PCL and cell metabolism assessment

The hydrophobicity of the PCL surface and its ability to crosslink with other biomaterials 

can be modulated by grafting hydrophilic poly(methacrylic acid) (PMAA) onto PCL via a 

modified two-step protocol 16. After rinsing PCL scaffolds in ethanol and deionized water, 

samples are submerged in 30% hydrogen peroxide solution (Sigma-Aldrich) and exposed to 
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UV light at 37°C for 6 hours. Next, samples were rinsed with deionized water and placed 

into a 4% weight-to-volume (w/v) solution of methacrylic acid (MAA) in deionized water 

for 2 hours under UV exposure at 37°C. PCL-MAA scaffolds were then rinsed with 

deionized water for 24 hours before use. Cell compatibility and adhesion onto the PCL-

MAA scaffolds was assessed using the alamarBlue assay and immunostaining (detailed 

below). The only difference is that for PCL only scaffolds, only VIC phenotype via 

immunostaining was assessed and the Olympus IX71 microscope was used. Using non-

treated 12-well plates, iMSCs were seeded onto PCL-MAA scaffolds at a density of 25 × 

103 cells/mL. After D1 and D7, samples were thoroughly rinsed in PBS and alamarBlue was 

added as 10% of the sample media volume and incubated at 37°C. A fluorescence excitation 

wavelength of 560 nm was used and the fluorescence emission was read at 590 nm using the 

BioTek Synergy 2 plate reader (BioTek Instruments). The fluorescence values recorded on 

D7 were normalized to D1. The following experimental groups were utilized: PCL-MAA, 

PCL only, and controls of media only with alamarBlue were used. After the alamarBlue 

assay, samples were rinsed with PBS and then fixed in paraformaldehyde for 

immunostaining. An unpaired t-test was used to compare between D1 and D7 for cell 

metabolism data. To quantify the percent of cells with positive aSMA and vimentin 

expression using immunostaining an ordinary one-way ANOVA and a Tukey’s multiple 

comparison test was used.

3.5. Hydrogel: Formulation and fabrication

Poly(ethylene glycol) diacrylate (PEGDA; ESI BIO) of molecular weight 3400 Da and 

gelatin methacrylate (GelMA; Cellink) were used to make hydrogels. A prepolymer solution 

of 5% w/v PEGDA, 10 μM Eosin Y (Santa Cruz Biotechnology), 0.375% v/v 1-vinyl-2-

pyrrolidinone (NVP; Sigma-Aldrich), and 1.5% v/v triethanolamine (TEOA; Sigma-Aldrich) 

was dissolved in PBS of 80% the total volume. The prepolymer solution was sterile-filtered 

using the Spin-X Tube Filter (Corning). Subsequently, 7.5% w/v sterile GelMA was added 

to the prepolymer solution and incubated at 37C for 30 minutes with periodic vortexing prior 

to use. Cells were added to the solution at a concentration of 5 x 106 cells/mL to complete 

the remaining 20% of the total volume. Hydrogels were made by sandwiching 15 μL of 

prepolymer solution between a hydrophobic glass slide and a cover slip suspended by thin 

silicone rubber spacers (McMaster Carr) of 0.381 mm thickness on each side. After 

assembly, the hydrogels were incubated at 4°C for 5 minutes and then crosslinked usin g a 

white-light source (LED Light; Braintree Scientific, Inc.) for 5 additional minutes. 

Hydrogels were removed from the glass with a spatula and placed in media.

3.6. Hydrogel: Rheology

Rheological assessment for mechanical properties and hydrogel degradation was conducted 

on blank hydrogels and cell-laden hydrogels (5 x 106 cells/mL) at the following time points: 

D1, D7, D14, D21, and D28. This assessment was performed on the Anton Paar MCR 302 

stress-controlled rheometer with a 9 mm diameter, 2° measuring cone. The storage and loss 

m oduli of the hydrogels were measured using dynamic oscillatory strain and frequency 

sweeps. The hydrogels were loaded on the plate, and the cone was lowered to the thickness 

of the hydrogel. An initial strain amplitude sweep was performed at 1.59 Hz to determine 

the linear viscoelastic range of the samples. Oscillatory frequency sweeps between 0.08 to 
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4.8 Hz were performed to determine the storage and loss moduli at 1.6 Hz 17. All samples 

consisted of 5-6 technical replicates.

3.7. Hydrogel: Cell Viability

Hydrogels were collected at D1 and D7 time points for assessment of cell viability. A dead 

control was created by collecting and incubating one hydrogel in 70% methanol for 30 

minutes at 37°C. All hydrogels were first rinsed with PBS and stained with the Live/Dead™ 

assay, consisting of a solution of 10 μM calcein AM and 5 μM ethidium homodimer, for 25 

minutes at 37°C. They were then collected, rinsed with PBS, and placed back in media. A 

total of four images were captured per hydrogel using confocal microscopy (Olympus 

FV100) and for each image a random x,y,z location within the hydrogel was assigned. Then, 

cell viability was quantified using an automated counter in CellProfiler. A total of 5 

biological replicates were used with a minimum of 3 technical replicates in each set. A 

paired t-test was used to compare between D1 and D7 for cell viability.

3.8. Multilayered valve leaflet: Preparation and Assembly

3D printed PCL-MAA and GelMA/PEGDA bioink were combined in a multilayered 

scaffold for testing under pulsatile shear stress (PSS) conditions. For samples tested under 

PSS, PCL-MAA was cut into rectangular scaffolds of 12 x 14 mm dimension. Then, 8 pL of 

prepolymer GelMA/PEGDA bioink was added to the scaffold with silicone spacers 

(McMaster Carr) of 0.381 mm thickness. The spacers were used to control the thickness of 

the bioink. Then, a circular glass coverslip (18 mm diameter) treated with Rain-X® Original 

glass repellent (RainX) was placed on top of the bioink with the spacers on each side. 

Prepolymer solution contained crosslinking components as previously mentioned with a cell 

concentration of 5 x 106 cells/mL. Before crosslinking, samples were placed at 4°C for 5 

minutes followed by white-light crosslinking for 5 minutes at 4°C. A hydrogel layer of 

GelMA/PEGDA bioink was added to the PCL-MAA scaffold using a silicone spacer of 58 x 

14 x 0.350 mm, which was centered on the scaffold.

3.9. Multilayered valve leaflet: Pulsatile shear stress (PSS) testing

To study the multilayered scaffold and assess VIC phenotype and ECM production under 

shear stress, a cone-in-plate bioreactor was used as previously described 18. Using this 

system, 9 multilayered samples were loaded into the cone-in-plate bioreactor and tested for 

up to D7 under PSS with constant flow of iMSC media throughout the bioreactor. Control 

samples were multilayered scaffolds at D0 and D7 static conditions. The media was changed 

halfway through experiment. The PSS profile reached a peak shear stress of 80 dynes/cm2 

with a cycle duration of 800 ms consisting of an acceleration and deceleration phase to 

represent the systole and diastole phases of the cardiac cycle 19. A minimum of 3 biological 

samples were used.

3.10. Multilayered valve leaflet: Immunostaining

The VIC phenotype and collagen I production was characterized in the multilayered 

scaffolds by using immunofluorescence staining and confocal microscopy (Olympus 

FV1000). To stain the nucleus, 4′,6-Diamidine-2′-phenylindole dihydrochloride (DAPI, 

Nachlas et al. Page 6

Biomaterials. Author manuscript; available in PMC 2021 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Sigma-Aldrich) was used. Hydrogels were fixed with 4% v/v paraformaldehyde for 20 

minutes, permeabilized with 0.2% Triton X-100, and incubated for 1-hour in 1% bovine 

serum albumin (BSA; Sigma-Aldrich). All incubations were performed at room temperature 

thus far. Hydrogels were stained for collagen type I, αSMA, and vimentin using primary 

antibodies at 4°C overnight: mouse anti-human collagen type I (1:100; Abcam), mouse anti-

human aSMA (1:100; Abcam), rabbit antihuman vimentin (1:100; Santa Cruz 

biotechnology). The following secondary antibodies were used: goat antimouse Alexa Fluor 

647 (1:200), and goat anti-mouse Alexa Fluor 488 (1:200). Blank and cell-laden hydrogels 

were stained with secondary-only antibody as a control.

The amount of fluorescence was quantified using CellProfiler 3.1.8, where images for each 

stain were used to quantify presence of either nuclei or the VIC marker using the 

IdentifyPrimaryObjects function. Afterwards, RelateObjects and FilterObjects were used to 

determine the number of cells positive with the VIC marker of interest. The percent of cells 

positive for the VIC marker was calculated using the calculateMath function. Collagen type 

I staining was quantified using a similar approach to that of VIC markers expression, the 

only difference being that the percent area of a 1024x1024 image was calculated rather than 

the percent of positive cells. A total of 3 biological samples were used, and a minimum of 6 

images were taken from different x, y, and z locations on the PCL or the multilayered 

scaffolds.

For the shear stress studies, a Kruskal-Wallis ANOVA test with Dunn’s multiple comparison 

test was used for comparing the percent of cells positive for vimentin expression. While, an 

unpaired one-way ANOVA with Holm-Sidak’s multiple comparison test was used for 

comparing the percent area covered by collagen type I staining at different time points, and 

the percent of cells expressing positive staining for αSMA.

3.11. PCL heart valve: Aortic heart valve prototype

To build a heart valve prototype, the two components necessary are the valve stent and the 

valve leaflet. Using SOLIDWORKS, a valve stent of 17 mm inner diameter and 19 mm 

outer diameter was designed referencing Thubrikar’s work 20. The valve stent was 3D 

printed using the Stratasys Objet30 Pro and the following two materials: the Objet RGD875 

(VeroBlackPlus; Stratasys) and the FullCure 705 (Support Resin; Stratasys). A single valve 

leaflet composed of PCL-MAA scaffold was attached to the valve stent via cyanoacrylate 

(Loctite® 404).

3.12. PCL heart valve: Hemodynamic profile of prototype

To determine the hemodynamics of the heart valve prototype, TEHVs were placed in a left-

heart flow loop, previously detailed 21. The simulator consists of four main components: 

flow, pressure, data acquisition, and flow visualization. Pressure and flow data were acquired 

at 1000 Hz over 100 simulated cardiac cycles with 3 technical repeats. Two cardiac outputs, 

2.5 and 5 L/min, were evaluated using a water-glycerin mixture (36% glycerin), which 

recapitulates the kinematic viscosity of blood. Using previous methods 21,22, the following 

parameters were measured and/or computed: the mean transvalvular pressure gradient 

(TVPG), regurgitation volume, leakage volume, and the effective orifice area (EOA). The 

Nachlas et al. Page 7

Biomaterials. Author manuscript; available in PMC 2021 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



duration of the valve opening during one cardiac cycle was assessed by determining the 

intersection of the ventricular and aortic pressures measured by the pressure probes fitted on 

the simulator. To image the valve dynamics, a slow-motion video at 240 frames per second 

was captured using an iPhone Xs. A total of 4 valves were tested under aortic valve flow and 

pressure conditions.

3.13. Statistical Analysis

All quantitative data were expressed as the mean ± standard deviation (SD). Statistical 

analysis was performed using Prism 8 (Graphpad) and all experiments were tested for 

normality using the Shapiro-Wilk test. For all experiments, unless otherwise stated, sample 

size n = 3-5 and technical replicates were used. Statistical significance was considered at a 

value of p < 0.05. Specific statistical analysis was detailed within each section of the 

methods.

4. Results

The results of this study describe the progression of developing the layers of the valve leaflet 

and testing the TEHV in physiological conditions. The first two steps were to individually 

develop and test the PCL and hydrogel layers of the valve leaflet. Then, the two layers were 

combined to develop the multilayered valve leaflet, which was studied under physiological 

shear stress conditions observed in the aortic valve. Lastly, a TEHV with the PCL layer of 

the leaflet was observed under physiological flow and pressure conditions as this is the load-

bearing layer. The results are summarized under four categories as stated in the methods 

section and these are PCL, hydrogel, multilayered valve leaflet, and PCL heart valve.

4.1. PCL: Mechanical and degradation properties of PCL scaffold

To develop the fibrosa layer of the valve leaflet, PCL scaffolds were 3D printed in three fiber 

orientations (perpendicular, parallel, and diagonal) and evaluated using uniaxial tensile 

testing, as shown in Figure 1a. The representative Cauchy-Green stress-strain curve 

demonstrates a similar shape among the different fiber orientations, where there was a 

linearly elastic phase up to 7-12% Green strain, followed by a plastic deformation phase 

thereafter. In Figure 1a, the upper tangent modulus (UTM) and lower tangent modulus 

(LTM) were calculated for all three fiber orientations. The average UTM was 5.2 MPa for 

perpendicular fiber alignment, 3.7 MPa for the parallel fiber alignment, and 4.1 MPa for the 

diagonal fiber PCL scaffolds. The perpendicular scaffolds’ UTM was statistically significant 

when compared to the parallel aligned scaffolds’ UTM, and no significance was determined 

when compared to diagonal scaffolds’ UTM. As for the LTM, no statistical significance was 

determined among all three alignments, and the average LTM was 139.8, 204.2, and 137.6 

MPa for the perpendicular, parallel, and diagonal fiber directions, respectively. Furthermore, 

the ultimate tensile strength (UTS), which describes the maximum stress a material can 

withstand before failure, was the highest for the parallel aligned scaffolds at 168.1 MPa, 

while the perpendicular UTS was 155.2 MPa followed by 92.8 MPa for the diagonal 

scaffolds. There was no statistical difference between the perpendicular and parallel 

scaffolds; however, the diagonal scaffolds’ UTS was statistically lower when compared to 

the parallel scaffolds’ UTS. Lastly, the ultimate tensile elongation (UTE) for the parallel 
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scaffolds was significantly higher than that of the other two fiber orientations with a strain of 

26.6, while perpendicular and diagonal scaffolds’ UTE’s were 19.7 and 14.8, respectively.

The mechanical properties of PCL scaffolds of the perpendicular and parallel fiber 

orientations were assessed to determine changes in bulk properties due to degradation 

(Supplementary Figure 2). Perpendicular PCL scaffolds did not show evidence of 

degradation based on their UTM and LTM properties; however, there was a significant 

decrease in UTS and UTE when comparing 0 to 8 months. The UTS significantly decreased 

from 155.2 MPa to 62 MPa after 8 months, while the UTE also significantly decreased from 

19.7 MPa to 8.9 MPa. Meanwhile, parallel scaffolds experienced a significant increase in the 

UTM between 0 and 8 months, where the UTM increased from 3.7 MPa to 5.1 MPa. As for 

the LTM, UTS, and UTE, no changes in the material’s properties were observed at 0 and 8 

months.

4.2. PCL: Characterization of iMSC phenotype and metabolism when seeded on PCL-
MAA scaffolds

To generate a multilayered scaffold composed of both the PCL scaffold (circumferentially 

aligned) and the GelMA/PEGDA hydrogel, the hydrophobicity of the PCL was modulated 

by grafting hydrophilic methacrylic acid (MAA). After surface modification the cell 

phenotype and metabolism of iMSCs were assessed on the PCL-MAA scaffold. The effects 

of the PCL-MAA or PCL scaffold on iMSC phenotype were characterized via αSMA and 

vimentin immunostaining and quantification of percent positive cells for each marker. Tissue 

culture (TC) was used as a control. For αSMA staining, there were 27.6, 34.4, and 54.3% 

positive cells when seeded on PCL-MAA, PCL, and TC, respectively, with no statistical 

significance between scaffolds. Meanwhile, 63.1% and 62.6% of iMSCs stained positive for 

vimentin when seeded on PCL-MAA and PCL, respectively, whereas, 24.1% of the cells 

seeded on tissue culture (TC) plates expressed vimentin. iMSCs seeded on PCL-MAA 

scaffolds had positive diffuse staining of vimentin in most of the cells, with a few cells 

staining for αSMA stress fibers. Cells seeded on the PCL-only scaffold also had diffuse 

staining of vimentin, except cells did not demonstrate distinct stress fibers of αSMA and 

rather had αSMA staining at the focal adhesion sites. On the TC plate, iMSCs showed 

minimal staining of vimentin and staining of very distinct stress fibers of αSMA. Next, the 

cellular health and metabolic function of iMSCs seeded on both PCL-MAA and PCL 

scaffolds were assessed using alamarBlue, at D1 and D7 as shown in Figure 2f. The level of 

fluorescence was normalized to D1 and then compared between the two samples. 

Fluorescence of PCL scaffolds treated with methacrylic acid (PCL-MAA) was statistically 

higher than that of PCL scaffolds, with four times more fluorescence.

4.3. Hydrogel: Mechanical properties and cell viability of iMSCs encapsulated in GelMA/
PEGDA hydrogels

For the spongiosa and ventricularis layer of the valve leaflet, we used a combination of 

GelMA and PEGDA hydrogels. It was important to characterize the mechanical properties 

of cell-laden hydrogels to ensure the properties are representative of what native cells 

experience within the leaflets. The mechanical properties were also used as a measure of 

degradation over the course of 28 days. The storage and loss moduli of blank hydrogels and 
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cell-laden hydrogels were measured over a range of frequencies, as shown in Supplemental 

Figure 3, and measurements taken at 1.6 Hz were compared across groups, as shown in 

Figure 3. The storage moduli of blank and cell-laden hydrogels indicated a significant 

difference, with cell-laden hydrogels exhibiting a lower storage modulus on average 

compared to that of blank hydrogels. However, comparisons of storage moduli across 28 

days showed no significant changes in either experimental group. Similarly, a significant 

decrease in loss modulus was also observed between blank and cell-laden hydrogels. In the 

loss moduli, the majority of time points did not significantly differ over time, with the only 

exception being between D7 and D28 for blank hydrogels. Evaluating cell viability within 

these hydrogels is important to ensure that they are able to produce ECM components to 

remodel and regenerate the leaflet. As shown in Figure 3c–e, iMSCs encapsulated in 7.5% 

w/v GelMA and 5% w/v PEGDA hydrogels remained viable at 92% at D1. By D7, iMSC 

viability decreased to 80%. While the decrease from D1 to D7 was significant, encapsulated 

iMSCs remained viable within the hydrogels.

4.4. Multilayered valve leaflet: VIC phenotype and collagen type I production.

The expression of αSMA and vimentin was quantified and compared between D0, D7 static, 

and D7 PSS (Figure 4). In the multilayered scaffolds, 12% of encapsulated cells were 

positive for αSMA at D0. Under static conditions at D7, an average of 25% of cells were 

positive for αSMA. While scaffolds under PSS conditions, had an average of 23% of the 

cells positively expressing αSMA. When staining for vimentin, 7.7%, 7.3%, and 27.9% of 

the cells expressed vimentin in the multilayered scaffolds at D0, D7 static, and D7 PSS, 

respectively. There was no statistical difference between time points or different culture 

conditions for both αSMA and vimentin expression. Representative images of the 

immunostaining of αSMA and vimentin are demonstrated in Figure 4 c–e. At D0 and D7 

static conditions, there is diffuse staining of αSMA, while cells have a combination of 

diffuse and punctate staining of vimentin and punctate staining of αSMA after 7 days of 

PSS conditions. No evidence of background staining was present in the 2° antibody only 

images for αSMA and vimentin (data not Collagen type I deposits were also quantified 

through immunostaining and compared between D0, D7 static, and D7 PSS in Figure 5. At 

D0, there was minimal evidence of collagen type I. Under static conditions, there was an 

increase in collagen deposition by D7 at an average of 0.15% of the total imaged area. 

Multilayered scaffolds exposed to PSS for 7 days exhibited 0.34% of the imaged area as 

positive for collagen type I, which was statistically higher compared to D7 static conditions. 

The increase in collagen type I area in both the 7-day time points was determined to be 

statistically higher when compared to that of D0. In Figure 5b, immunostaining 

demonstrated minimal to no staining of collagen type I. At D7 under static and PSS 

conditions, there was diffuse collagen type I staining surrounding the cells. In control 

samples stained only with 2nd antibody, no collagen type I staining was observed (image not 

shown).

4.5. PCL heart valve: TEHV prototype design

To demonstrate the feasibility of using PCL as the load-bearing layer of the multilayered 

leaflet scaffold, a valve stent composed of three posts was developed using 3D printing. The 

valve stent had an inner diameter of 17 mm and a 19 mm outer diameter as shown in Figure 
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6a. In order to test in the flow loop, an additional outer ring (Figure 6b) was added to the 

valve stent for proper placement. The PCL leaflet was 3D printed with the parallel fiber 

orientation as shown in Figure 6c and when mounted it was circumferentially placed. Next, 

the leaflet was successfully wrapped around the valve stent using cyanoacrylate. The 

placement of the leaflet was measured to have an excess length of 2 mm above the valve 

post. In Figure 6 d,e the mounted PCL leaflet can be observed in an open and semi-closed 

state. This approach enabled consistency between valve prototypes and an average of 30-40 

minutes assembling time.

4.6. PCL heart valve: TEHV hemodynamics

The hemodynamic profile of the TEHV was characterized using a pulsatile flow loop 

capable of mimicking physiological flow rates. The ventricular and aortic pressures were 

measured during the cardiac cycle (Figure 7a). Using these measurements, the duration of 

0.18 ± 0.019 seconds for the TEHV-PCL to rapidly open and close during a cardiac cycle 

was observed. A side and cross-sectional view of the valve opening, and closing was 

captured in Figure 7b. Valves were inspected after hemodynamic testing and no visible 

deformation or damage was detected. Next, the hemodynamic profile of the TEHVs was 

characterized through three parameters: mean transvalvular pressure gradient (TVPG), 

changes in volume, and effective orifice area (EOA). In Figure 8a, the hemodynamics profile 

of the TEHV was assessed via the mean TVPG, which was 2.9 mm Hg for the 2.5L/min 

cardiac output and higher at an average of 10.4 mm Hg for the 5L/min cardiac output. As for 

the changes in volume, minimal regurgitation was detected for both cardiac outputs. The 

closing volume of the valve was 3.2- and 3.4 mL for the 2.5 L/min and 5L/min, respectively. 

Leakage volume was minimal for both cardiac outputs, with the maximum volume reaching 

2.8 mL. The EOA was calculated to be 1.23 cm2 at 2.5 L/min cardiac output, and at 5L/min 

the EOA was 1.41 cm2.

5. Discussion

Heart valve tissue engineering has the potential to address the limitations of current 

mechanical and bioprosthetic heart valve implants. Most importantly, TEHVs could 

favorably impact the pediatric population, who currently rely on heart valve implants that 

were designed and made for adults. Here, our goal was to develop a multilayered valve 

leaflet using PCL and GelMA/PEGDA bioinks to generate a mechanically functional aortic 

TEHV that has the ability to promote healthy VIC-like phenotype and collagen type I 

production and is capable of degrading over time. Two steps were taken to engineer 

functional aortic TEHVs, where first, a rationally designed heart valve leaflet composed of 

both synthetic and natural polymers was developed, and second, the feasibility of using the 

manufactured heart valve leaflet in physiological aortic flow and pressure conditions was 

evaluated.

The heart valve leaflet was designed considering the structural and mechanical properties of 

the fibrosa layer in native leaflets, where the collagen fibers are circumferentially aligned, 

and the mechanical properties are anisotropic 23. In this study, PCL was 3D printed in three 

different fiber orientations to determine which scaffold would yield mechanical properties 

Nachlas et al. Page 11

Biomaterials. Author manuscript; available in PMC 2021 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



similar to that of native leaflets. The stress-strain curve of the PCL scaffolds was observed to 

have two phases with distinct tangent moduli and the shape of the curve suggests the 

scaffold is not relatively elastic. The UTMs of the PCL scaffolds in all three fiber 

orientations were within the physiological range of 4 – 13 MPa 24 with the perpendicular 

fiber’s UTM statistically higher compared to that of the parallel orientation. This suggests 

that fiber orientation can produce anisotropy because at different orientations, a significant 

difference in the UTM was observed. At the UTM, it is important to notice the PCL 

scaffolds undergo plastic deformation. The LTM, regardless of the fiber orientation, was 

much higher than native tissue, where there was no statistical difference among the different 

fiber orientation LTMs. Given that native leaflets have a modulus of 4 – 13 MPa 24, it 

suggests that under physiological conditions it is unlikely that the PCL scaffolds will 

undergo any major deformation or fracture.

A possible reason for the two different tangent moduli observed with the 3D printed PCL 

scaffolds could be due to the manufacturing process used. PCL scaffolds were 3D printed 

using fibers of melted polymer which created crosslinking between fibers, yielding a very 

high initial tangent modulus. This can describe why we observe a stiffer material reinforced 

by the crosslinking of the fibers. Once the crosslinks have unlinked, we observe the true 

modulus, where the PCL scaffold is more compliant. The statistical difference between all 

three strand orientations for the UTE indicates that the introduction of different orientations 

can affect the overall UTE of the scaffold, which further suggests that strand orientation can 

introduce anisotropic properties to the scaffolds. Overall, PCL scaffolds have some 

resemblance to the native leaflet. For further studies, the parallel fiber aligned PCL scaffolds 

were investigated, as these fibers most closely resemble collagen fiber alignment when 

mounted on the valve stent. Given that we are engineering a TEHV that has the capacity to 

degrade and remodel over time, it was important to assess short-term degradation to ensure 

that this material would not degrade too quickly. Degradation of the PCL scaffolds is 

characterized to be slow and not evident in the UTM and LTM properties of the 

perpendicular fiber alignment. However, there was evidence of some degradation through 

the significant decrease in UTS and UTE for the perpendicular fiber orientation, suggesting 

that fiber orientation plays a role in the material properties. Evidence of degradation is to be 

expected for PCL as it has a slow degradation rate of 24-36-months 25. As for the parallel 

fiber orientation, no statistical changes in the LTM, UTS, and UTE were observed, and 

unexpectedly, there was a very small increase in the UTM over 8 months in degradation 

conditions. This increase could be explained by instrumentation errors or variability in the 

samples. Future studies will involve studying how the variation in strand distribution and 

density between layers can further affect the anisotropic properties of our scaffold. In 

addition, the introduction of other biomaterials such as poly(glycerol sebacate) (PGS) can 

help modify the material properties of the scaffold to better match the native moduli of the 

valve leaflet 26.

Next, the PCL scaffold was surface treated with poyl(methacrylate acid) in order to reduce 

hydrophobicity and to ensure that this material can be crosslinked with the hydrogel 

biomaterial. The health of iMSC metabolism post-surface treatment was important to ensure 

cells interacting with the PCL remained viable and healthy. AlamarBlue data demonstrated 

that iMSCs have higher metabolic activity compared to PCL-only scaffolds, suggesting that 
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decreasing hydrophobicity led to more cellular metabolic activity. It could also suggest that 

more cells were able to adhere onto the PCL-MAA scaffold compared to PCL scaffolds. 

Previous studies have demonstrated that when hydrophobicity is decreased, more cell 

adhesion is observed 27. Furthermore, it was important to characterize the VIC-like 

phenotype of iMSCs seeded on PCL-MAA scaffolds given the stiffness of PCL and its 

potential to elicit an activated myofibroblast-like phenotype. On average 35-40% of the 

iMSCs adhered on PCL scaffolds were positive for αSMA expression, regardless of MAA 

treatment. Interestingly, iMSCs were 50-60% positive for vimentin expression, suggesting 

that iMSCs, when seeded on PCL and PCL-MAA, are more VIC-like compared to TC 

control. If iMSCs remain activated through long-term expression of αSMA, an alternative is 

to utilize ascorbic acid to modulate the cell phenotype while promoting ECM remodeling 28.

The next component of the multilayered leaflet is the hydrogel-based bioink composed of 

GelMA/PEGDA. The degradation of this material is important to characterize as this 

material should ideally degrade slowly to enable cells to remodel and produce ECM. 

Overall, there was a significant difference in the storage and loss modulus between blank 

and cell-laden hydrogels. When cells are added to a matrix scaffold, previous studies have 

observed a decrease in compressive moduli compared to acellular scaffolds 29–31. This could 

be explained by the cells’ ability to partially absorb some of the loading forces and the 

impact they can have on the photopolymerization of the GelMA/PEGDA hydrogel 30. 

Overall, no difference in moduli was observed over different time points suggesting low to 

minimal degradation of the GelMA/PEGDA hydrogels short-term. If necessary, slow matrix 

metalloproteinases (MMP) cleavable degradation peptides may need to be introduced into 

the GelMA/PEGDA bioink to control degradation 32. The cell viability of iMSCs was 

assessed in cell-laden hydrogels of GelMA/PEGDA, and while there was a decrease in cell 

viability, 80% viability is considered acceptable for future experiments, thus suggesting that 

overall, the GelMA/PEGDA hydrogel is suitable for use in the valve leaflet.

The VIC-like phenotype and collagen type I production was studied in the multilayered 

scaffolds under pulsatile shear stress conditions for 7 days. To characterize iMSC phenotype 

and collagen type I deposition, scaffolds were immunostained for αSMA, vimentin, and 

collagen type I. We have previously shown that iMSCs in PEGDA hydrogels transition from 

an activated VIC-like phenotype to a more quiescent state, and that these cells have the 

capacity to produce collagen type I shortly after 7 days under static conditions 11. Under 

PSS, we did not observe any changes in αSMA and vimentin expression, with 20% of cells 

positive for αSMA and vimentin. Results from immunostaining suggest that under PSS and 

in the multilayered scaffold, we did not observe an activated VIC-like phenotype nor 

expression of vimentin. It is worthwhile noticing that this was only D7 and that a longer 

time point may be necessary. While no changes in cell phenotype were observed, the amount 

of collagen type I produced was significantly higher at D7 under PSS compared to that of 

D7 static and D0. Furthermore, the diffuse staining appeared to be surrounding the cells 

suggesting that collagen type I production is possible under PSS and in the cell-laden 

multilayered leaflet scaffold. In addition to collagen type I, we also investigated the 

production of GAGs (supplementary figure 6) and did not observe an increase in either the 

static or PSS conditions. It is important to note that this study was limited by the duration of 
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the time points, which may not be sufficient to capture GAG production. Thus, future studies 

will investigate GAG production at longer time points.

While developing a multilayered leaflet capable of repairing and remodeling is important, it 

is just as essential to test whether this leaflet is capable of withstanding aortic valve flow and 

pressure conditions. Previous groups have developed TEHVs that function under pulmonic 

valve conditions 33–35; however, to date only one TEHV has been capable of withstanding 

aortic conditions, which is an off-the-shelf decellularized TEHV 36. Thus, the objective was 

to evaluate whether our rational design for the multilayered leaflet had the capacity to 

mechanically function under aortic physiological flow conditions. Here, only the PCL layer 

was tested under flow conditions and future studies will investigate the multilayered leaflet 

with the hydrogel layer. Ongoing studies are focused on the manufacturing assembly of the 

multilayered leaflet onto the valve stent with minimal to no damage to the hydrogel layer of 

the leaflet. Before testing, the PCL scaffold was assembled onto a valve stent with 

reproducibility. Under in vitro aortic valve conditions at 5L/min cardiac output, the TEHV-

PCL had a lower mean TVPG at 10.4 mm Hg compared to previously reported values of 

14.6- and 15 mm Hg for the St. Jude Medical Valve 37–39. Furthermore, there were minimal 

changes to the regurgitation, closing, and leakage volumes suggesting the TEHVs were 

opening and closing properly. When compared to the St. Jude mechanical valve of 19 mm 

size, there was a decrease in regurgitant volume of 6.2 mL/beat in the TEHV-PCL valves 

from the 10.8 mL/beats of regurgitant volume in the St. Jude valve 37–39. However, the 

TEHV-PCL valves did not decrease to the regurgitant volumes of less than 2 mL/beat as 

reported for the CarboMedics Mitroflow pericardial valve of 19 mm size 40. In addition, the 

TEHV-PCL demonstrated an higher EOA of 1.41 cm2 when compared to the EOA of St. 

Jude mechanical valve and the CarboMedics Mitroflow pericardial valve, which were 1.21 

cm2 and 1.34 cm2, respectively 40. While these are initial tests, the TEHV-PCL valve 

demonstrates promising hemodynamics results, and future studies will investigate the 

hemodynamic performance of the TEHV with the multilayered leaflet.

6. Conclusions

Most TEHVs have been developed for the pulmonary position as TEHVs capable of 

withstanding aortic valve conditions are required to be more durable. Here, we demonstrate 

a multilayered heart valve leaflet can be composed of 3D printed PCL and a hydrogel layer 

to recapitulate structural features of native leaflets. Each material used for the multilayered 

leaflet was assessed for its mechanical properties and its interactions with iMSCs to ensure 

that cells remained viable and maintained a healthy VIC-like phenotype. Furthermore, the 

multilayered leaflet under pulsatile shear stress conditions resulted in collagen type I 

production suggesting the leaflet is capable of ECM production over time. The PCL 

component of the multilayered leaflet was assembled into a valve stent to evaluate whether 

this layer of the TEHV, which was designed to be the load-bearing layer, can withstand 

aortic valve flow and pressure conditions. The hemodynamic studies demonstrate the TEHV 

has similar EOA and mean transvalvular pressure gradient to that of commercially available 

valves. While the TEHV is promising, future studies are necessary to evaluate the 

multilayered leaflet under aortic valve conditions as well as assess its growth and 

remodeling potential.
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Figure 1. Mechanical properties of PCL scaffolds of three different fiber orientation.
A) Representative images of the fiber orientation of 3D printed PCL scaffolds used for 

tensile testing. The direction in which samples were subjected to tensile testing is 

demonstrated on the right. B) Representative Cauchy-Green stress-strain curve for the 

perpendicular, parallel, and diagonal scaffolds, where the moduli for PCL scaffolds was 

calculated from two different regions, the upper and the lower tangent modulus (UTM and 

LTM). C) The mechanical properties of the PCL scaffolds were characterized by four 

Nachlas et al. Page 18

Biomaterials. Author manuscript; available in PMC 2021 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



properties the UTM, LTM, ultimate tensile strength (UTS), and ultimate tensile strain 

(UTE). N = 4. Scale bar = 5 mm. One-way ANOVA; *p<0.05; ** p<0.01; ***p<0.001.
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Figure 2. Characterization of cell metabolism and αSMA and vimentin expression of iMSCs 
when seeded on PCL-MAA and PCL.
a-c) Immunostaining of αSMA and vimentin expression of iMSCs seeded on PCL-MAA, 

PCL, and tissue culture (TC) after 7 days. d,e) The percentage of cells that stained positive 

for αSMA and vimentin was quantified from immunostaining images using CellProfiler 

software and a one-way ANOVA used. N = 3. DAPI – blue, vimentin – green, and αSMA – 

red. Scale bar 50 mm. f) Cell metabolism of iMSCs seeded on PCL-MAA and PCL 

scaffolds was determined via alamarBlue assay. The level of fluorescence for cell 

metabolism was normalized to D1 and an unpaired t-test was used for statistical analysis. 

N=3. *p<0.05; **p<0.01.
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Figure 3. Characterization of the rheological and cell viability property of GelMA/PEGDA 
hydrogels.
a,b) Storage and loss moduli of blank GelMA/PEGDA hydrogels and GelMA/PEGDA 

hydrogels with encapsulated cells over 28 days measured by rheology. N = 5-6. Two-way 

ANOVA comparing Blank vs. Cells. ** p < 0.001, **** p < 0.0001. c) Assessment of cell 

viability of iMSCs encapsulated in GelMA/PEGDA hydrogels at day 1 and day 7 using the 

Live/Dead assay. Cell viability decreased from 92% to 80% over 7 days. However, cells 

remained viable within the hydrogels up to 7 days. Paired t-test, *** p < 0.001. d,e) 

Confocal imaging of cell-laden hydrogels at D1 and D7 post-encapsulation. Live – Calcein 

AM (green) and dead - ethidium homodimer (red). Scale bar 50 μm.
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Figure 4. Characterization of αSMA and vimentin expression in cell-laden multilayered 
scaffolds.
a,b) αSMA and vimentin expression was quantified by determining the number of positive 

cells with αSMA and vimentin expression at D0 and post-D7 in static and PSS conditions. 

c,d,e) Confocal images of immunostaining of αSMA and vimentin at D0 and D7 PSS. N ≥ 

3. Scare bar 25 μm. DAPI – blue, αSMA – Red, and vimentin – Green.
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Figure 5. Quantification of collagen type I deposits in cell-laden multilayered scaffolds at day 0 
and 7 under static or pulsatile shear stress (PSS) conditions.
a) Collagen type I was quantified by determining the percent area of collagen type I staining 

over the area of total image. One-way ANOVA was performed. b,c,d) Confocal images of 

immunostaining of collagen type I at D0 and D7 in either static or PSS conditions, 

respectively. N ≥ 3. Ordinary one-way ANOVA with post hoc Holm-Sidak’s multiple 

comparison test. D7 samples were compared to D0 where **p<0.01; ****p<0.0001. ## 

p<0.01 used to compared between D7 static vs. PSS conditions. Scale bar 25 μm. DAPI – 

blue, Collagen type I – Red.
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Figure 6. TEHV-PCL prototype components.
a) Valve stent of 17 mm ID and 19 OD was designed using SolidWorks. b) An additional 

outer diameter at the bottom of the valve stent was added to enable placement and fixation to 

the pulsatile flow loop. c) Image of the PCL valve leaflet with circumferential strand 

orientation. d, e) Completely assembled TEHV, where the leaflet was fixated to the valve 

stent via cyanoacrylate. Scale bar 8.5 mm.
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Figure 7. TEHV-PCL opening and closure during a cardiac cycle.
a) A TEHV of 19 mm OD and 17 mm ID with a 40-um thick leaflet scaffold was tested 

under aortic valve condition of 70 beats per minute with 5L/min output for 200 cycles. 

Ventricular and aortic pressures were recorded during a cardiac cycle. b) Through the 

transparent polycarbonate test chamber, a slow-motion video of 240 frames per second was 

captured and still images are displayed. The duration of the TEHV-PCL opening 0.18 ± 

0.019 seconds during a cardiac cycle at 5L/min cardiac output. N = 4. Scale bar 8.5 mm.
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Figure 8. Evaluation of TEHV-PCL performance under pulsatile flow conditions.
PCL valves assembled using rectangular leaflet and cyanoacrylate fixation were placed into 

a pulsatile flow loop mimicking the left ventricular circulation by controlling the ventricular 

and aortic pressures. a) The mean transvalvular pressure gradient (TVPG) of the PCL valve 

was 2.8 mm Hg and 10.4 mm Hg for 2.5 and 5 L/min cardiac outputs, respectively. b) At 

both the cardiac outputs, there was minimal regurgitation, closing, and leakage volume. c) 

The average effective orifice area (EOA) of the TEHV-PCL was 1.23 cm2 and 1.41 cm2 at 

2.5- and 5 L/min cardiac output. N =3-4.
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